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PREFACE

The "NATO Advanced Research Workshop on radiation detectors for medical imaging", held in Alushta (Crimea, Ukraine) in September 2005 

was a unique event and I am very pleased that the proceedings are published in the prestigious NATO Security Through Science series. 

Since their discovery by Becquerel and Röntgen, radiation and radiation detectors have played an ever more important role in medical diagnostics and therapy. The spirit of such NATO workshops is to give an overview of the present state of the field, rather than to bring the latest research results. 

We have been very lucky to have with us several of the worlds leading experts in the use of radiation detectors for medial imaging, resulting in a number of extremely interesting overview talks. The talks of these 14 

keynote speakers to the NATO workshop are published in the present volume. The presentations by A. Gektin and W. Moses were combined in one common paper, so that the present book only has 13 chapters. We are sure most of these contributions will prove of lasting value. 

We are particularly grateful to the "NATO science committee" that has financially supported the meeting. Thanks to the NATO funding we have been able to cover a significant fraction of the expenses for a total of 48 

participants to this workshop. Without this support a number of participants from central and east Europe would most probably not have had the possibility to attend. 
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A LOOK AT MEDICAL IMAGING TRENDS THROUGH THE 

EYES OF A MEDICAL DOCTOR 

SERGIY S MAKEYEV*

 Institute of Neurosurgery n. acad. A. Romodanov AMS of Ukraine, Manuilskogo 5, 04050 Kyiv, Ukraine 

Abstract.  This article is dedicated to the different aspects concerning the development of nuclear medicine, with radionuclide diagnostics as its main part. The short history, levels, and branches of development are shown in the paper. The author makes the claim that nuclear medicine is a particular science, which is not connected with technical progress, development of the latest technology in chemistry, physics, and engineering. The peculiarities of nuclear medicine in comparison with other diagnostic methods, such as X-ray technology, ultrasonic research, computer and magnetic-resonance tomography are depicted. Perspectives concerning the medical science are also portrayed: Further improving of image quality, synthesis of the new radiopharmaceuticals, creation of the new techniques and modern multimodal diagnostic systems, etc. 

Keywords: nuclear medicine imaging, scintigraphy, SPECT, PET, multimodal systems. 

1. Introduction 

Medical radiology and nuclear medicine, which are its main components, are experiencing a period of rapid rebirth due to the achievements in modern technology, which is responsible for new equipment and new diagnostic substances. The driving force behind these developments is the constant need of the applied medicine for new and better diagnostic tools, therapeutic agents and more modern methodical approaches in diagnostics and treatment. 

______

* To whom correspondence should be addressed. Prof. Sergey Makeyev, Institute of Neurosurgery, AMS of Ukraine, 32, Manuil`skogo str., Kiev 04052, Ukraine 1

 S. Tavernier et al. (eds.), Radiation Detectors for Medical Applications, 1–13. 
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This report explains the importance of the issues connected with the formation and the development of medical visualization from a nuclear medicine specialist’s point of view. A few words must be said about nuclear medicine itself, its peculiarities, brief history, and new possible ways of equipment development. 

Nuclear medicine - is a medical science that uses open radioisotopes for diagnostics and treatment of different diseases. This branch of medicine has three main components: first, radionuclide diagnostics "in vivo", second, radionuclide diagnostics "in vitro"(or radioimmunology), and finally radionuclide therapy which uses radionuclides for treatment. 

In this report we will focus exclusively on radionuclide diagnostics "in vivo", as it is most concerned with received medical imaging. 

Modern nuclear medicine is enjoying rapid development. As can be seen on The Society of Nuclear Medicine’s website1 in the U.S. about 16 

million of radionuclide procedures are conducted annually. In Canada, Great Britain, and Japan about 39-48 of such procedures per 1000 people are carried out yearly. An average annual increase of 7-14% in number of such procedures in the world has been observed and demonstrates the considerable interest of different clinical specialists in nuclear medicine methods. That is why the questions revolving around the improvements in medical visualisation methods, the production of new specific radiopharmaceuticals, and the introduction of new more effective diagnostic equipment demand an all-round examination and analysis because of its importance. 

2.  Historical aspect of nuclear medicine 

The progress in nuclear medicine is first of all connected with the achievements in nuclear physics, production developments of radionuclides, radiopharmaceuticals and developments in contemporary diagnostic techniques. 

It is known that one of the first radiotracer experiments was actually an experiment in gastronomy2. George de Hevesy, one of the most prominent figures in European nuclear medicine, left Berlin in 1911 to study in England. He had long suspected that his landlady recycled the remains of the Sunday meat pie and then proceeded to serve the leftovers in meals later on in the week. To test his hypothesis he added a radioactive deposit of lead-212 to the freshly prepared pie and the following Wednesday showed the presence of the activity in the soufflé, proving beyond doubt the recycling of food. As you can see, the beginning of the usage of radiotracers was extraordinary. 
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There are lots of incidences that played a vague role in nuclear medicine development, starting with the discovery of "mysterious rays" of uranium by H. Becquerel, in 1896. The use of a radioactive labeled monoclonal antibody for selective, exquisite diagnostics of the tumours. From a personal point of view, there were three main events that influenced today’s nuclear medicine the most concerning the production of 

radiopharmaceuticals. Firstly, the discovery of 99mTc in 1938 by Nobel Prize laureates Emilio Segre and Glenn Seaborg. Secondly, the creation of a generator system for local production of 99mTc-pertechnetate in the 1950’s. 

Thirdly, an undoubtedly the synthesis of 18F-fluorodeoxyglucose(FDG). 

Nowadays the radiopharmaceuticals, labeled by 99mTc-pertechnetate and 18-FDG make up about 90% of all existing radioindicators for diagnostics. 

Along with the development of radiopharmaceutics, the progress in nuclear medicine equipment has been equally important for nuclear medicine visualization The first device that allowed rendering pathological focus was an automatic rectilinear scanner, constructed by Cassen3, in 1950. 

Using the received images, scans were written on paper with ink. Although the quality of the imaging was far from ideal, this event was probably the most important in a chain of events connected to the introduction of displaying equipment for nuclear medicine. As time passed and these devices improved, colour printing was introduced, but Cassen's scanner principle still remained to be invariable for a long time, until it was replaced by more modern devices. 

The investigations concerning the creation of other devices for nuclear medicine visualization were put into practice almost simultaneously. In 1952, H. Anger from the University of California, presented the first gamma-camera with NaI crystal, which was about 5 cm in diameter. 

Gradually the technical characteristics of the gamma-camera improved and by 1970 such devices had already become available on the market. 

The use of NaI as a scintillator is widely applied nowadays, while other inorganic crystals and semiconductor materials for detectors of the gamma-camera are used very rarely. 

The introduction of emission tomography, initiated by Kuhl and Edwards4 (1963), was one of the most significant steps in nuclear medicine development. However, the first commercial SPECT appeared only 20 

years afterwards. Nowadays the tomoscintigraphy is known to be a routine method of investigation, while at the same time the majority of single-photon emission tomographs are structurally arranged as planar gamma-cameras to allow a conduct of tomography investigations. 

Only dedicated gamma-tomographs, such as SPECT for brain investigations, are the exception. 
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The use of positron technology in medicine appeared to be vague for the further development of nuclear medicine. The first medical positron camera was constructed by Brownell5 in the 1960’s. The camera consisted of two NaI planar detectors, but only later did the ring disposition of detectors come about which is nowadays the main constructive element of modern PET. 

3.  Nowadays in nuclear medicine 

Nuclear medicine demonstrations are conducted by using equipment for the conducting of planar scintigraphy, single photon emission computer tomography (SPECT) and positron emission tomography (PET). 

The newest techniques are to be admitted as they provide the basis for receiving of anatomical and functional imaging, such as PET/CT or SPECT/CT. This will allow for an increase in effectiveness concerning diagnostic procedures, such as sensitivity, specificity and accuracy of these methods will improve as examining combined images is always better, than separate analysis. 

3.1. PLANAR 

SCINTIGRAPHY 

Despite the significant development of tomographic methods some words must be said about the planar scintigraphy. This method plays a vague role in diagnostics of different diseases, particularly of endocrine pathology, breast and lung tumours and of a whole body investigation. 

For instance, in the diagnostics the informativity of scintigraphy coupled with ultrasound investigation almost reaches 100% of adenoma of the parathyroid gland, while the informativity of CT or MRI in the detection of the pathology is lower. At the same time, the conduction of SPECT in this case is inappropriate as the informativity of planar investigation is satisfactory. 

Scintigraphy serves as an additional method for the diagnostic of breast cancer. Its sensitivity reaches 76% and the specificity up to 85%. This method very often allows one to define the nature of a disease and to choose the correct treatment. Nevertheless, there are still some drawbacks, such as low spatial resolution of the gamma-camera which does not exceed 1.0 cm even for modern devices. In full measure, this does also concern other scintigraphy investigations. 

The informativity of this method depends directly on the quality of the medical technique. Besides, the depth of the localization of pathological focus from the skin surface also has a big importance, if the depth is 10.0 cm or less then the size of the tumor is 1.0 – 1.5 cm, but if it is more than 10.0 cm – it doubles in size. 
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The whole body or bone scintigraphy is an extremely popular investigation in a majority of countries. In the USA, in 1990, half of all nuclear medicine procedures were bone scintigraphies. Nowadays this investigation still holds one of the first places on the list of radionuclide procedures by the sheer quantity of conducting. 

The informativity of this method is very high in the diagnostics of multiple metastatic affections of the skeleton, which is why this investigation is standard for revealing breast, lung or prostate cancer. 

Application of this method is highly effective for estimating the quality of the conducted treatment. 

The importance of dynamic nuclear medicine investigations of kidneys, liver, bile-excreting tract, heart and vessels are also worth mentioning. 

Information received with the help of these examinations is unique and no other methods can provide such results. For example, dynamic renal scintigraphy has been used everyday in routine medical practice for about 50 years. 

Scintigraphy investigations make it possible to diagnose acute abscesses of: The abdominal cavity and brain, inflammation diseases of the large intestine and Grohn’s disease, acute orthopedic infection, inflammation of vascular prosthesis and can be of help when detecting the source of fever of an unknown origin. However, this method is less reliable when it is applied to urological and any persistent infections. High informativity, simplicity of use and relatively low cost of planar scintigraphy allow it to be the leader of all other radionuclide methods in the routine medical practice. 

3.2.  SINGLE PHOTON EMISSION COMPUTER TOMOGRAPHY (SPECT) Single photon emission computer tomography is widely used and has a range of essential advantages in comparison with planar scintigraphy. The main advantage of this method compared with ordinary scintigraphic investigations is that reconstructed imaging is free from overlapping onto the investigated organ of contiguous objects, which is extremely important for diagnostics. For instance, the visualization of posterior myocardium wall infarction is difficult for planar scintigraphy because of the radiation of the anterior heart wall and the intracardial blood pool. For SPECT it is easier to avoid this effect. 

SPECT imaging is received by means of recording the whole series (usually 64 and more) of plane scintigrams. Separately they contain useless information, but when put together they reconstruct tomographic slices in three main views (axial, frontal and sagittal) and oblique planes with the help of a computer. The axial slices are received directly from existing data from SPECT and the tomograms in other projections- with the help of special mathematical transformations of a large number of axial slices. 
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The use of modern SPECT allows us to choose the configuration of a detector’s movement, parameters of image registration and different protocols for tomographic slice reconstructions. The application of attenuation and scattering correction technology allows for the increase in diagnostic importance of received images and decreases the number of false positive results during the investigations. 

Besides, the quality of scintigraphic imaging depends on the sensitivity and resolution of the gamma-camera detector. The improvement of spatial resolution of a detector is linked to the reduction of its sensitivity, an increase in dose of injected radiopharmaceuticals and/ or time of exposition. Whereas the radiopharmaceuticals dose is regulated by the maintenance of radiation safety rules, the sensitivity of the system is directly proportional to the quantity of detectors and the duration of the investigation. 

The quality of SPECT images depends on a number of factors: the orbit of detector rotation, choosing of collimator, the size of imaging matrix, the number of projections, installation of the discriminator’s window and total event count. 

Besides, choosing parameters such as that of the noise suppressing filter, which uses algorithm of attenuation correction of radiation, the size of reconstruction matrix, etc. can also influence the results of tomographic imaging reconstruction. 

In practice, the choice of indicated parameters depends on the actual clinical tasks confronting a nuclear medicine specialist and the capabilities of the emission computer tomograph. For instance, SPECT is better to be used with high a resolution collimator, compensating for its low sensitivity by increasing the time of investigation. 

SPECT has become increasingly popular due to the introduction of special radiopharmaceuticals, especially for the investigation of brain and heart perfusion, for the improvement of technical characteristics of tomographic gamma-cameras, optimization of reconstruction and analysis algorithms of received images. The use of SPECT is highly informative when it comes to diagnostics of different pathologies, for example, lung tumors, myocardium ischemia, brain diseases, etc. 

This method allows us to estimate the functional activity of an investigated organ or pathological mass, the activity of its growth and malignancy in three dimensional measurements. That is why SPECT is of a particular importance during the dynamic observation of the patient with the purpose of estimating the effectiveness of the treatment and peculiarities of the current disease. 

More than 60% of modern SPECT systems use is dedicated to heart examinations. The popularity of this method might even have exceeded the 
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interest towards the whole body scintigraphy. Results, received in this way, are known to be unique. They can only be presented by means of radionuclide methods of diagnostics. They allow for the estimating of the viability of myocardium, determining the necessity of surgical operation and changing the tactics of treatment. In many cases this method can successfully compete with positron emission tomography in informativity. 

The use of dedicated SPECT for diagnostics of myocardium affection allows for an increase in method resolution, making the received images more detailed, thereby improving the quality of investigation results. 

The use of SPECT in diagnostics of brain diseases tends to be of great importance. It is evident that the main methods of brain tumor detection are CT and MRI. However, despite the meaningful progress in the development of these methods in the last few years it does not always identify the nature of the brain tumors. It is not always possible to conduct an effective biopsy of the tumor. In this case the use of SPECT allows us to define the nature of the formation. 

SPECT in the diagnostics of the violation of brain perfusion also has high informativity. The radiopharmaceuticals that are used have the capability to spread in the appropriate blood flow in the brain and any pathological process that is connected with the reducing of the blood flow can be revealed while using SPECT. 

The use of SPECT is significant for the identification of the different degenerative brain diseases, in particular Alzheimer's sclerosis, when there are specific changes typical for the illness. 

It is worth mentioning that for the study of the brain’s functional state the use of dedicated SPECT is of great importance. Tomographic gamma-cameras for a general purpose have some disadvantages in comparison with dedicated SPECT. Their detectors have a big mass and a significant moment of inertia, which complicates the positioning during the conducting of investigation. 

Inaccuracy in the detectors installation leads to a significant degradation in the quality of the reconstructed imaging of the investigated organ. The important factor in receiving qualitative tomograms is the closeness of the detector to the object being investigated. In emission tomographs without a defined purpose it is hard to provide a minimal radius of detector rotation orbit because of their big sizes. It is particularly hard to do during the tomographic investigation of the brain. Besides, a negative role is also played by the psychological discomfort, felt by the patient during the rotation of massive detectors around him. All these drawbacks are removed when using ring type detectors. The detecting system of such a gamma-camera remains to be immovable relatively to the investigated object. All the motions of the detectors needed for the receiving of tomographic 
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imaging are completely hidden from the patient, which cancels out their negative impact on the mental condition of the investigated. What is more-the construction of such gamma-cameras also provides for minimal distance between the patient and the detector. 

As important is the fact that such a SPECT is lower in price in comparison with general purpose single photon emission tomographs. 

Compared to PET equipment, all types of SPECT scanners are smaller, simpler in technical details, and cheaper to produce. SPECT radiopharmaceuticals are often cheaper, accessible without an on-site cyclotron, emit less penetrating radiation, and involve simpler and more effective radiation protection. Relative radiopharmaceutical distributions are possible in SPECT but not quantitation. 

It must be said that in most cases, the same radiopharmaceuticals are used for planar scintigraphy and SPECT. Presently, over 50 different radiopharmaceuticals with single photon emitters are known. Their half life periods are in a range of 6 hours to 8 days and gamma photon energy between 70 - 511 keV. Among all single photon radiotracers 99mTc, with all its unique physico-chemical properties (half life period – 6 hours, gamma rays energy -140keV) undoubtedly occupies a dominant position. In almost 85% of cases, this radiopharmaceutical is used as a radiotracer and takes into consideration modern trends in manufacturing of radiopharmaceuticals for single photon investigations (with accent on 99mTc application) and this percentage will increase. 

3.3.  POSITRON EMISSION TOMOGRAPHY (PET)  

PET-positron emission tomography, the newest method of radionuclide diagnostics, has been developing quickly for several years. During this period, the quantity of PET-centers in the USA increased six-fold: from 70 

centers in 1996 up to 400 currently6. It is good to remind ourselves that we are talking about PET-centers, not about PET devices. 

PET scanning has several advantages over SPECT: improved resolution and the ability to use coincidence detection (10 to 20 times improved sensitivity over SPECT) and the ability perform attenuation correction (allow quantitation). Because the common PET radionuclides include the body's main constituents (e.g., carbon, nitrogen, and oxygen), they can be readily transformed into biologically important molecular radiopharmaceuticals (e.g., glucose, methionine, and fatty acids), and quantitation of perfusion and important metabolic pathways can be performed in vivo. This offers enormous potential for research and clinical applications. In some cases, the high resolution of PET studies does not provide different information qualitatively than that from SPECT to justify their higher cost. 
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PET is widely used in oncology (about 74% of all investigations) and a little less used in cardiology and neurology. So, in oncology PET gives us useful information on tumor grading, therapy management and control, and early detection of a recurrent tumor. As for cardiology, we deal with the determination of the viability of myocardium and also in neurology - for differentiation of mental diseases, localization of epileptic foci and diagnostics of movement disorders. 

There are dozens of radiopharmaceuticals for PET. In relation to medicine, there tends to be a main drawback of positron emitter- its short half-life period. Nevertheless, one of the PET radiopharmaceuticals holds a dominant position, which is 18-FDG. 

This substance is an analogue of glucose. And glucose is the main energy source of the developing tumor. In comparison with unaffected tissue, a tumor consumes 20 times more glucose. That explains why even a small tumor and of any localization is clearly recognized. 

Perhaps, 18FDG plays the most important role in oncological practice. 

As a result of hyper-metabolism, which is typical for malignant tumors, 18FDG is actively included into a tumor and its metastases. The tomograms show the hot foci of such intensity, making it really hard to make a mistake in diagnostics. PET helps not only to discover the tumors foci, but also to estimate the results of chemo- and radiotherapy. Besides, it presents an opportunity for accurate and noninvasive differential diagnostics of malignant and benign tumors (for the latter, hyper-metabolism is not typical and they do not incorporate 18FDG). The accuracy of PET in diagnostics of oncological diseases is higher then that of computer tomography. For lung cancer the accuracy reaches 81% and 52% approximately, for the large intestine 95% and 67%, PET and mammography in diagnostics of breast cancer 85% and 67% approximately. 

The frequency of using PET in cardiology is increasing annually and is presently used 17% of the time of all positron emission procedures. The region of myocardium akinesia in the overwhelming majority of the cases is estimated as a scar. If in virtue of clinical, laboratorial and electrocardiographic findings acute infarct of myocardium can be reliably excluded. Meanwhile, in many cases akinesia is defined as the phenomenon called hibernating myocardium. 

At the heart of this phenomenon lays a well-known fact: Sometimes during a serious myocardial hypoxia the metabolism in the affected part of myocardium can switch from ordinary aerobic, to anaerobic glycolysis as a result of stenosing coronarosclerosis. At the same time the affected part of the myocardium stops working, remaining to be viable, and in the case of effective revascularization it again enters into the retracting process. The perfusion scintigraphy of myocardium with the use of radiopharmaceuticals 
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labeled by 99mTc is not capable in distinguishing hibernating myocardium from postinfarction scar as it reveals hypoperfusion in both cases. Only PET is capable in resolving the diagnostic difficulties: 18-FDG is actively included in akinetic myocardium while it is hibernating (due to anaerobic glycolysis) and is not accumulated by the healing tissue. Faultless diagnostics of such cases is undoubtedly of no academical interest, as in the first case the urgent myocardial revascularization is needed, and in the second – it is a question of conservative therapy of heart failure or even of heart transplantation. To sum up, using PET in cardiology is a reliable way of estimating the viability of myocardium and is regarded as a gold standard. 

PET is used less in neurology (9% of the total). However, the use of this investigation allows us to study complicated processes of brain functioning and the appearance of pathological states. For instance, the usage of DOPA as a metabolic marker connected with a positron emitter, provides an essential support in diagnostics for Parkinson’s disease. It reveals the deficiency of dopamine synthesis, typical for this illness. The zones of disturbed glycolysis metabolism in the brain are also revealed by the tomographic investigation, carried out with a help of 18-FDG. Currently, surgical treatment of such epileptogenic foci gives us an approximate 80% 

recovery statistic of all the children with epilepsy. 

Both PET and SPECT provide tomographic images that map 

radiopharmaceutical distribution. Due to electronic collimation, PET images can be easily corrected for photon attenuation and quantitated. In SPECT, both attenuation correction and quantitation are very difficult and inaccurate. Both techniques use different radionuclides and radiopharmaceuticals, therefore, SPECT image interpretation differs from that of PET. 

At the same time, PET and SPECT have several physical and technical similarities. The detector modules in both revolve around the main principle of converting high-energy radiation interaction in scintillation crystals into visible light, which is then detected by photomultipliers. Raw data is collected into sinograms by both modalities, although the structure of the PET sinogram is different in 3D PET acquisition mode. Some data corrections, such as detector dead time or scatter, are similar in both modalities. 

The resolution of modern positron emission tomographs is 3 times higher than that of SPECT and rarely reaches 4-5 mm. However, such figures are not enough for modern medicine. Moreover, the absence of topographic positioning and anatomical directivity of received imaging are the drawbacks of PET. This prompts us to find ways of viewing fusion images along with their simultaneous adaptation and creation of the new 
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diagnostical systems, consisting of devices for anatomic-functional imaging. 

3.4. MULTIMODAL 

SYSTEMS 

Current nuclear medicine presents the possibility of combined images, which are received with the help of different diagnostic methods of investigation, the possibility of their simultaneous adaptation and creation of a single image. This combination is more informative than taken separately by sensitivity, specificity and accuracy. That is why the modern technical tendency in NM is the creation of such multimodal systems as PET/CT and SPECT/CT. These systems are already available for a wide use in medicine and their effectiveness raises no doubts and demands further development and improvement. 

The importance of combined imaging lies within the fusion of functional images. Received images, with the help of positron emission tomography and anatomical slices during computer tomography, have considerable advantages in comparison with each taken separately. 

However, even separately they are accurate enough methods of diagnostics. 

The application of PET/CT images allow us to unite the positive elements of both methods, as CT improves the specificity of the investigation and PET increases its sensitivity. As a result of such unification, sensitivity and specificity of the method is 100%. An important clinical aspect of the application of combined images is the reduction in number of false-positive results, which occur while using emission tomography. Besides, the procedure of scanning on PET/CT scanners takes about 10-20 minutes instead of 50-60 minutes with PET, which is very helpful when investigating patients with serious diseases. Combining PET/CT increases the chance of finding a small foci, rather than using only PET-investigation, which is significantly more important for the diagnostics of a foci in difficult radionuclide diagnostics regions, such as neck and abdominal cavity. 

The main area where combined images are applied is, of course, oncology. About 90% of all prescriptions concerning the application of such investigations are destined for patients with tumors. 

Such technology allows us to reveal not only a new growth and to conduct a differential diagnostics of malignant and non-malignant tumors, but it also gives us an opportunity: To define in what stage is disease is in, to estimate the results of radio- and chemotherapy, to determine the diffusion of metastases and to plan the radiotherapy. 

At the moment, the receiving of combined images is in the process of meaningful changes. As history shows, there are also attempts to create a 
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PET/MR system7 which will improve the effectiveness of diagnostics, taking into consideration higher informational content of MRI as compared to CT. 

4.  Perspectives of nuclear medicine imaging 

The visualization of nuclear medicine has two parallel ways of development. The first one is the introduction of new radiopharmaceuticals and the second way would involve the application of new equipment. 

Instead of dwelling on details about the introduction of new radiopharmaceuticals, it must be briefly mentioned that the most significant achievement would be the creation of a so-called universal radiopharmaceutical that would have the ability to concentrate only on malignant tumors. At the same time, more preferable than this aspect would be perhaps, the creation of a chemical on the basis of single-photon emitters, such as 99mTc. 

Of considerable importance would also be the introduction of radiopharmaceuticals for diagnostics of different pathophysiological processes: Such as apoptosis, ischemia, and angiogenesis and so on. 

Despite such elaborations being conducted, their results are not yet enough to be implemented in routine medical practice. 

Really vague would be the introduction of the radiopharmaceuticals labeled by 18F, as this radiotracer has a half-life period of about 100 min and it is the most convenient while using positron tomography. 

The production of medical generators of positron emitters can also have a huge influence on the development of nuclear medicine, as medical generators for local manufacturing of radiopharmaceuticals noticeably lighten the work of a nuclear medicine department. 

When looking at the technical development of nuclear medicine, further improvement of multimodal technique such as PET/CT, SPECT/CT and creation of a PET/MRI system is of a great importance. 

Nowadays the possibility of SPECT and MRI integration is a difficult question, but it seems that such a combination of devices would be effective. Qualitative (high grade) scintillation detectors make a qualitative nuclear medical image. At the same time, each of the main existing crystals used for emission tomography, (NaI, BGO, LSO, etc.) not only ha certain advantages but also some limitations. That is why the introduction of new materials for emission tomography detectors could have a fundamental importance in the future. 

The opportunity of producing semi-conducting detectors seems to be really significant. But medicine is interested in the optimal correlation of quality and price. 
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At the same time the expediency of the development of dedicated emission tomographs, can needlessly to say completely realize the principle: High quality images at a low device price. 

The improvement in technology concerning the transferring and saving of data, simplifying its processing (that excludes influence of the subjective factors on the received imaging or quantitative figures), application of imaging co-registration, could also continue to play a important role in medical visualization. 
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NEW TRENDS IN X-RAY CT IMAGING 
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Abstract.  Remarkably fast evolution of the diagnostic X-ray Computed Tomography (CT) in the past decade from single slice axial scanning to 64-slice helical imaging was driven by achievements in the areas of X-ray generation and detection, and data processing. We analyze in detail how the new imaging requirements translate into performance improvements of the Data Measuring System (DMS) of a CT scanner. This includes the x-ray detector, and the associated front-end electronics. Specifically, the paper enters in the requirements for the scintillator materials (crystalline, and ceramic), as well as for the photodetectors, including the new application of the back-illuminated silicon photodiodes. This paper also presents the new trends in data acquisition electronics, and high density optoelectronic packaging used in modern multislice DMS. Finally, the authors attempt to predict the future development of medical X-ray CT imaging, based on their professional experience, and imagination. 

Keywords: Computed Tomography, X-ray Detector, Scintillator, Photodiode 1.  Present status of X-ray CT 

Around the end of the century and during the first five years of the new millennium, major innovations have greatly expanded the landscape of the medical CT applications. This was the introduction of multi ring detectors and cone beam reconstruction algorithms, which have enabled the ______
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simultaneous acquisition of multiple slices: 4 slices in 1998, 16 slices three years later in 2001, 64 slices at the end of 2004. 

Coupled with continuous increase of the gantry rotational speed (1.5 

rotations per second in 1998, about 3 rotations per second in 2004) multislice acquisition has further improved the performance of the existing applications as well as paved the way to the introduction of new ones, most notably in cardiology. 

Current top-of-the-line scanners acquire 64 simultaneous slices at rotation time 0.35 seconds, and perform the 300 mm abdominal examination in 3 seconds at an axial resolution of 0.5 millimeter per slice. 

Even more remarkable, however, is the number of new medical applications of current CT scanners. Simultaneous acquisition of multiple slices, typically at least 16 slices, enables a variety of new diagnostic applications, such as CT abdominal organ perfusion (kidney, liver) using intravenous contrast injection, CT peripheral angiography over long scan ranges, and CT virtual colonoscopy. Current day multislice scanners, in addition, can acquire isotropic volume images, i.e. images having equal resolution in all three planes. Isotropic images are fueling a paradigm shift in reading of the images toward 3D and multi-planar visualization. 

Among the new applications enabled by the multislice capability (coupled with high rotational speed), cardiac applications are of paramount importance because they expand the CT market beyond radiology into cardiology. Multislice CT scanners are increasingly used in cardiac coronary angiography with intravenous contrast injection, replacing substantially more invasive diagnostic catheterization procedures. An example of cardiac image using a 64 slice CT scanner from Toshiba, is presented in Fig. 1. Most recent 64-slice CT scanners provide quite decent images in about 8 heartbeats and very good images in 20 heartbeats. 

Emergency diagnosis of chest pain is another cardiac application made recently available by multislice CT scanners. Within several seconds, the CT’s are capable of diagnosing whether the chest pain is due to a coronary blockage, or to a pulmonary embolism, or to an aortic aneurism: all serious conditions that require immediate but completely different therapeutic interventions. 
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Figure 1 Cardiac image obtained using 64 slice x-ray. CT scanner, courtesy Toshiba. 

Remarkable progress in x-ray CT performance is greatly explained by the fast development of Data Measurement Systems, or DMS. DMS are key components of CT scanners, because the overall image quality of the reconstructed image, and scan speed highly depend on the precision of the projection measurements. We will concentrate mostly on the performance of the DMS, and its main subcomponents: scintillators, photodetectors, and electronics. 

2.  Detector instrumentation in medical CT 

Block-diagram of a third-generation multislice CT scanner is shown in Fig. 2. During the scan, x-ray tube, and 2D arc of multislice detector system are rotated about the scanned object. The scan parameters, selected by the radiologist, define the x-ray tube protocol, x-ray collimation, patient table motion, data acquisition, and reconstruction parameters. After introduction of slip-ring technology in the end of 1980s, the preferred mode of the CT 

scanner operation became spiral scanning1,2, when the patient table is continuously translated through the rotating gantry. Table 1 lists the main parameters of a typical high-end CT scanner presently on the market. The x-ray tubes (XRT) in most of the medical CT scanners operate at 120-140 

kVp, which is optimal for maximizing the contrast resolution, and at continuous power up to 100 kW. At typical focal spot-detector distance of 1000 mm, the exposure rate at the detector can reach ~10 Roentgen/sec. 
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Figure 2 Block-diagram of X-ray CT scanner. 

Single detector channel detects up to 300,000 x-ray photons per sample at 3000 Hz acquisition rate. At such high photon flux, the detector can not be operated in counting mode, and majority of medical x-ray CT scanners operates in current measurement or integration mode. 

Table 1 Main system parameters of high-end CT 

Parameter Typical 

value

X-ray energy, kVp 

120-140

XRT power, kW 

100

FOV, cm 

50

Focal spot size, mm 

0.7

Number of channels per row 

700-1000

Number of rows 

64

Typical element size, mm 

1x1

Typical detector distance from XRT focal 

1000

spot, mm 

Rotation time, sec 

0.3-0.4

Data transfer rate, GBit/sec 

3

Operational temperature range

15-45°C

Number of x-ray photons per sample at 

300,000

peak power 

Conversion efficiency, el/eV 

0.01-0.02

Sampling rate, Hz 

3000

Data resolution, bit 

18-20

Dynamic range, bit 

16-18
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Presently the fastest CT scanners reach 2.5-3 rotations per second. 

Serious technical limitations of the rotational speed of modern CT scanners arise from centripetal accelerations reaching ~20 g at the detector, and XRT, and the need for even greater XRT power when rotational speed increases. 

2.1.  DATA MEASUREMENT SYSTEM 

DMS’s typically comprise a large number of detector elements, which transform the energy of the x-rays photons into an electrical current, and a large number of channels of Data Acquisition Systems, or DAS, each measuring the output current of one detector element. 

DMS’s of most of the modern CT scanners have multiple, up to 64, detector rings, or slices. Typical CT scanner has a field of view FOV=50 

cm, and spatial resolution of 0.5 mm at isocenter. Therefore each detector ring houses approximately 1000 detector elements. Detector elements of old CT scanners were prevalently implemented as ionization chambers filled with xenon at high pressure. Such detectors are capable of adsorbing about 30 – 40% of the impinging photons and generate about 5,500 – 6000 

electrons per photon of 100 keV. Detector elements (see Fig. 3) of modern scanners are implemented as a combination of a layer of scintillating material optically coupled to a silicon p-i-n photodiode. The scintillating material must be sufficiently thick to absorb close to 100% of the impinging photons, thus minimizing the patient dose required for a given image quality. 

Figure 3 Schematic presentation of a CT Detector channel. 

The DAS channels amplify and filter the input current and measure the filtered current at small time interval, which is the time in which the disc rotates approximately one 1/4 to 1/3 of a degree. This time interval is called 

“view time” Tw. Since the rotational speed of modern CT scanners can be as 
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high as 2.5 or even 3 rotations per seconds, Tw can be as short as about 350 µs. Notice that during view time, the x-ray focal spot may switch alternately between two positions within the fan beam, to reduce the tangential aliasing, and therefore allow higher tangential resolution of sampled data. Siemens3,4 has recently introduced a CT scanner (SOMATOM Sensation 64) that wobbles the focal spot in four different positions during a view time, to reduce the aliasing of sampled data both in the tangential direction and in the axial direction, i.e. along the z-axis. 

Consequently, the DAS channels must sample and measure the input signal 2 or 4 times in each view time. 

Detector elements must have high Detective Quantum Efficiency (DQE), and output a large number of electrons per absorbed photon in a time substantially shorter than the view time. The former feature is quite important because the detector outputs a signal whose photon noise (which is the prevalent noise source) is proportional to the square root of the number of absorbed photons. In other terms, a detector element that absorbs 50% of impinging photons, provides an image quality similar to that one produced by a detector that absorbs 100% of the impinging photons at half patient x-ray dose. 

The latter feature is desirable because a higher detector output and a quick response time are parameters that pose less demand on the electronic noise of the DAS circuits. This is obvious as far as the level of the detector output is concerned. As far as the response time, we should note that a slow detector outputs a signal smeared in time. As long as the detector response function is highly predictable, the un-smeared signal can be recovered with proper digital deconvolution of the channel output, at the expense of a significant increase of electronic noise added by the DAS circuits. 

Both detector elements and DAS channels must provide an extremely stable conversion factor between the total energy of the photons being detected over the view time Tw and the corresponding numerical output code, under normal operating conditions. When an acquisition begins, the disc of the scanner starts rotating (or starts changing its rotational speed) and the x-ray tube turns on. Since most of the XRT power transforms in heat, the temperature around the DMS can easily vary one or few degrees centigrade over a 60 second long helical scan time, no matter how well thermally isolated the components of the DMS are. Proper design techniques must be applied to ensure that the stability of the measurement is contained within few ppm. In the third generation CT scanners visible ring artifacts can arise from channel projection errors as low as 10 ppm. 

As a last consideration, we should mention the packaging challenges faced by the DMS designer. The challenge has become especially severe with the advent of multislice CT scanners that may expand further the 
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number of slices beyond 64 in a not far distant future. A typical 64 slice scanner requires approximately 60,000 Detector/DAS channels. Performance requirements, downgrade- and/or upgrade-ability considera-tions, and cost optimization suggest implementations based on tileable modules of a suitable number of detector elements/DAS channels, properly connected so as to prevent microphonic noise arising from leads vibrations. Effective design and assembly techniques of these modules will certainly play a major role in the future of multislice DMS. 

2.2. DETECTOR GEOMETRY 

The solid-state detectors in CT are partitioned in modules with 16 to 32 

channels per module. Each channel is divided in several slices with a number of slices up to 64. There are two approaches to the detector architecture in multislice DMS: uniform and adaptive arrays. The adaptive arrays have fewer septa on the outside part of the detector in z-axis. In adaptive architecture (see Fig. 4) user may select the high- and low z-resolution modes: 16x0.5 mm, or 16x1 mm, respectively. 

Figure 4 Detector module with adaptive array. 

Adaptive arrays are primarily used in CT scanners with 16 or fewer number of slices, while uniform detector arrays are prevalent in high end 64-slice scanners. Adaptive arrays offer greater quantum efficiency, due to fewer septa, and cost advantages by minimizing the number of DAS channels. 

2.2.1.  Scintillator

Most of the modern medical CT scanners use solid-state detectors with scintillator material arrays optically coupled to matching silicon p-i-n photodiode arrays. The x-ray energy is converted into a visible, or IR light 
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in the scintillator, and therefore the performance of the X-ray CT detector system is strongly affected by the choice, and quality of the scintillator material. The primary requirements of the scintillator material for x-ray CT 

are:

x High absorption for x-rays in the energy range up to 140 keV. This characteristic is directly related to the X-ray CT image noise. 

Absorption coefficient close to 100% for ~2 mm thick material layer is required, while some geometrical photon losses are accepted due to the element septa. 

x High light output. Increases detector gain, reduces image noise at low signal levels, close to the electronic floor of the DAS. The light output greater than 20,000 photons/MeV is desirable. 

x Emission band in visible, or near IR range to match the spectral sensitivity of the silicon photodetectors. 

x Small primary luminescence decay time in the range of 1-10 µs, because the scan speed and flying focal spot requirements drive the DAS sampling rates of the CT scanners in the �10 kHz range. 

x Low afterglow yield. This phenomenon is usually caused by material imperfections (impurities, defects). The afterglow level of less than 100 

ppm is required at 1 ms after termination of continuous x-ray excitation. 

It is important to measure the scintillator afterglow after sufficiently long excitation, because the afterglow components arising from detrapping and recombination of carriers can have large decay times (100 msec-10 sec). Afterglow causes sickle artifacts in the CT images. 

x Low susceptibility to radiation damage. Changes in the light yield cause detector gain instability, resulting in ring image artifacts. The lifetime exposure in the CT detector can reach 1-10 MRoentgen. Long-term changes of ~10% can be acceptable, while only less than 0.1% short term changes during the daily operation (1000 R) can be tolerated without image quality degradation. 

x Low temperature dependence of the light yield. Due to high heat dissipation in the X-ray generation system, the temperature of the detectors can change rapidly. The temperature coefficients of the detector system are primarily defined by scintillator properties, because the temperature dependence of the responsivity of the silicon p-i-n photodiodes in the visible range is close to zero. The light output temperature coefficient within ±0.1%/°C is desirable. 

x Good mechanical properties allowing micromachining of 2D scintillator arrays with element dimensions less than 1 mm. 

x Low cost, environmentally friendly materials. 
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Table 2 shows the main characteristics of the scintillators used in medical CT imaging. Although there was a number of excellent review papers on inorganic scintillators, see for example5,6, the primary interest of the researchers was on fast scintillators for medical PET, SPECT imaging, as well as for the high energy physics applications. 

Only few scintillator materials have been accepted by x-ray CT. During the last decade, there was a clear trend towards synthesized ceramic scintillators. See review on ceramic scintillators in7. 

One of the first attempts in ceramic scintillator synthesis was Gadolinium Oxide ceramic8. The only crystalline material still in use in CT 

is CdWO4. Its primary use is in low-end medical CT scanners, as well as, in a variety of security CT applications. 

Table 2 Properties of scintillators used in X-ray CT imaging Scintillator Density 

Thicknessa

Relative

Emission

Primary

Afterglow

(g/cm3)

to stop 99 

Light

band

decay

(% at 3 

% (mm)

Outputb

maximum

time (µs) 

ms)

(nm)

CdWO4 7.9 

2.6 

1 

495 

2, 

15 

<0.1 

Gd2O3:Eu+3  

7.55 

2.6 

- 

610 

- 

- 

(Y,Gd)2O3:Eu 5.9  6.1 

1.52  610 

1000  5 

Gd2O2S:Pr,Ce,F 7.34  2.9 

1.8 

520 

2.4 

<0.1 

Gd2O2S:Tb(Ce) 7.34  2.9 

1.8 

550 

600 

0.6 

La2HfO7:Ti 7.9 

2.8  0.45 

475  10  - 

Gd3Ga5O12:Cr,Ce 7.09 

4.5 

1.38 

730 

150 

<0.1 

aThickness to absorb 99% of x-ray photons generated by tungsten anode x-ray tube at 140 kVp. 

bRelative light output measured using silicon photodiode, under 140 kVp tungsten anode XRT 

excitation. 

The most used ceramic scintillators are: YGO9, and GOS based ceramic materials10,11,12. When coupled to a silicon p-i-n photodiode they generate about 20 electrons per 1 keV of absorbed x-ray energy. It is curious to note the long ~1 ms primary decay time in YGO, which implies necessity of projection data deconvolution to remove the effects of afterglow. Such correction may cause an increase of projection noise, and is not optimal. 

Other ceramic materials proposed for CT applications are gadolinium gallium garnet, and lanthanum hafnate13. While the ceramic materials generally prove to be superior to the crystals performance, the low 
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transparency requires the use of thin scintillators elements, with lower than optimal x-ray efficiency. 

2.2.2.  Photodetectors

Solid state detectors in x-ray CT use silicon p-i-n photodiodes for conversion of the scintillators light output into electrical signals. From the point of view of the CT the photodiode must satisfy the following requirements:

x High quantum and geometric efficiency. At high detector gain, the DMS 

is less sensitive to the electronic noise of the DAS. 

x High shunt resistance. This reduces the offset drift of the detector system due to the temperature changes in the photodiode leakage current. Typically, these changes create image artifacts at high attenuation levels. 

x Low terminal electrical capacitance. Electronic noise in a typical DAS 

channel increases with the capacitance of the detector. 

x Ability to connect a large number of the photodiode pixels to the DAS 

electronics. This becomes increasingly difficult for 32-64 slice systems. 

Conventional Front-illuminated (FIP) silicon p-i-n photodiodes (see Fig. 5) require electrical traces on the front surface, and electrical wirebonds from the edges of the silicon chip to the substrate. The majority of the 16 slice scanners use FIP technology. However, when the number of slices approaches 64, the requirement of traces reduces the active area of the channels to unacceptably low level, and the high density of the wirebonds can not be handled by conventional wirebond technology. In order to overcome these limitations in the high-end scanners, FIP with via in the photodiode substrate was proposed12. The anodes of the photodiode elements are still wire bonded to via conductors, but the density of the wirebond is greatly reduced, because they are distributed over the area of the chip. The conducting vias provide back-contacts for flip-chip connection to the detector board. Use of Back-illuminated photodiode (BIP) in CT was proposed in 14, 15. 

While BIP has almost 100% fill factor, and overcomes the connectivity problem, the need for very high resistivity silicon, with large carrier lifetimes causes significant photodiode channel cross-talk 16. This latter problem was resolved in17 where the BIP was manufactured on a 30 µm
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Figure 5 Three types of photodiode arrays used in the multislice CT. Front-illuminated FIP 

(a), Front-illuminated with via (b), and Back-illuminated BIP (c). 

thick silicon wafer. Thinned BIP achieves almost 100% internal quantum efficiency in the spectral range 400-800 nm, and less then 1% cross-talk for 1x1 mm2 pixels. 

2.3.  CHANNELS OF THE DATA ACQUISITION SYSTEM 

The channels of the DAS are circuits that receive current flowing from the detector photodiode and output, at the rate 1/Tw, properly filtered value of the received current, for instance the total charge received in the entire interval Tw. 

Essentially, a DAS channel performs the following functions: it conditions and filters the incoming current signal; it samples the conditioned-sampled signal; and it converts the analog samples into digital numbers. Depending on the channels architecture, these three logically distinct and sequential functions can be variously combined and sequenced. 

Main performance parameters of the DAS are given in Table 2. 
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The DAS channels must perform these functions with exceedingly high precision and resolution, to ensure that both the electronic noise and the digitization noise introduced by the DAS are substantially lower than the intrinsic signal noise, i.e. the photon noise, at any diagnostically meaningful signal level. In practice, as a function of x-ray radiation intensity, the DAS 

channels should feature an electronic dynamic range as high as 100 - 110 

dB and a resolution as high as 20 bits. 

It is quite challenging to meet Table 2’s performance requirements under any circumstance, even when there is no limit to the maximum power the circuits can dissipate. The overall power that can be dissipated by the DAS, however, is limited to about 100 – 150 W, independent of its number of the channels, for a variety of reasons. As a result, the challenge of reaching the level of performance mentioned above is particularly severe for the DAS of multi-ring CT scanners, which feature approximately 50,000 

channels for the case of 64 rings, and which therefore must limit the channel power consumption to below 3 mW. 

2.3.1.  DAS Noise 

As it was mention in a previous section, the channels of the DAS perform three functions: 

x The conditioning and the filtering of the current signal output by the detector

x The sampling of the conditioned and filtered signal 

x The analog-to-digital conversion of the samples into numbers These functions are implemented with circuits made by non-ideal components that operate at about 300 – 325 °K and that, therefore, introduce certain amount of random noise, for obvious thermodynamic reasons. Let’s indicate with ıe the standard deviation of this “thermal noise”. The digitization process, then, introduces an added uncertainty that, under certain conditions can be equated to an additional source of random noise. Let’s indicate with ıį the standard deviation of this “digitization noise”. These two noise components sum in quadrature to form the total channel noise that adds to the incoming signal. Let’s indicate with ıc the standard deviation of the total channel noise: ı

2

2

c is equal to (ıe  + ıį )1/2. 
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Table 3 Performance parameters of modern DAS channel 

Parameter Performance 

Note 

Electronic Noise

ıe

� (1/2) ıȖ,m

ıȖ,m = Minimum Photon 

Noise

Digitization Interval į

� (1/6) (ı 2

2

Ȗ  + ıe )1/2

ıȖ = Photon Noise 

Sampling Rate 

� 10 KHz 



Offset Stability 

� 1.5 ppm FSR /°C 

FSR = Full Scale Reading 

Gain Stability 

� ± 50 ppm FSR /°C 



Integral Non Linearity 

� 200 ppm R /°C

R = Reading 

± 2ppm FSR 

Differential Non Linearity 

� 30 ppm R /°C        ± 1 ppm 

FSR

Power Consumption 

� 3 mW / Channel 



Packaging 

64 Channels / ASIC 



On the other side the incoming signal S is not noise-free. Assuming that the photons have a reasonably narrow energy spectrum, in first approximation we can say that the signal S is proportional to the number of photons that generate it, i.e. S(nȖ) = Į  nȖ, and therefore the signal S is affected by an intrinsic random noise due to the random fluctuation of the number of photons nȖ. This noise is called “photon noise” and has a standard deviation ıȖ that is approximately to the square root of the average number of photons that generate the signal: i.e. ı

1/2

Ȗ = Į  nȖ

. By far, the 

photon noise is the prevailing noise source of the DAS input signal. 

The channels of the DAS must provide a high fidelity measure of the incoming signal, to preserve its information content. To insure high fidelity measurements, the noise injected by the DAS channels must be a small fraction 1/ȟ of the intrinsic noise of the signal, throughout the entire signal range. In other terms, it must be: 

V

1/ 2
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Acceptable values of the parameter ȟ vary depending on the effect of the channel noise on the final image. If the channel noise results in an image noise randomly distributed in space, like the case of the thermal, then a value of ȟ equal to or higher than 5 is probably acceptable, because it will look like as an increase of the photon noise of 4% or less. On the other side, if the channel noise might result in a structured image noise, then the value of the parameter ȟ must be much higher. This is the case of the digitization 
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noise that will be discussed in a following section that deals with analog-to-digital conversion of the signals. 

Since the photon noise decreases as the number of detected photons decreases, diagnostic signals of minimum intensity are affected by the smallest photon noise. According to a practical design criterion widely used, the channel noise must be limited to be a fraction, typically one half, of the minimum photon noise, which is that associated to the smallest signal that carry diagnostic meaningful information. If NȖ is the full-scale number of photons and A is the maximum attenuation along the photon paths, the lowest number of detected photons will be equal to NȖ/A, and we can express the above criterion as follows: 

1 / 2

 N

V

V

V
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The attenuation A includes various terms, not fully independent each other: (1) the maximum body attenuation that, at photon energies typical of CT acquisition, does not exceed 1,000; (2) the maximum variation of the full scale radiation throughout the various medical procedures, estimated to be about 5; (3) the opening range of the collimator in the z-direction, estimated to be about 10 for single ring CT scanners but not applicable to multi-ring scanners; and (4) the detector absorption efficiency, which is very close to 1 for solid state detectors. In practice, for single-ring DAS 

with detectors ~ 20 millimeters long along the z-axis, A was about 20,000; for multi-ring scanners, A is about 5,000. 

Comparing equation (1) and equation (2), it appears that the practical design criterion widely used sets the parameter ȟ = 2 at the minimum signal level. The criterion, however, implicitly assumes that the channel noise does not increase as the signal increases so that very few, if any, and very small image portions will be affected by the sub-optimal value of the channel noise at the minimum signal level. In fact, the channel electronic noise does not increase as the signal increases. The channel digitization noise, however, might increase as the signal does, as it will be discussed further on. Still, the practical criterion formalized in equation (2) is quite valid to set a limit to the electronic noise of the channel. 

Equation (2) provides an estimate of the required (electronic) dynamic range De of the DAS channels, which is the logarithm of the ratio between the full-scale signal and standard variation of the channel electronic noise, as a function of the full-scale number of photons: 
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On the basis of equation (3), for NȖ = ~ 106 and A = ~ 20,000, the electronic dynamic range of the DAS channels should be about 18 bits, or about 108 dB. 

For various reasons, some of which will be discussed in a following section, the standard deviation of the data noise should be digitized in few codes, for instance 4 codes, throughout their entire range, even at zero x-ray input. As a consequence the smallest digitization step should be about one fourth of the electronic noise. Therefore the DAS resolution, which is the logarithm of the ratio between full-scale signal and minimum digitization step, should be 2 bit higher than its dynamic range. 

For the example considered above, the DAS channels should have a resolution of 20 bits. 

2.3.2.  Signal Conditioning and Filtering 

Detector elements output a current id and have output impedance to ground equivalent to that of a very large resistor, of the order of several Gȍ, in parallel with a capacitor of some tens of pF. Id, the full-scale value of id, is proportional to the area of the detector area and to the power of the x-ray tube. With typical CT geometry, Id is approximately equal to 2.5 nA per mm2 of detector area and kW of tube power. 

To handle the input current without significantly affecting the bias of the photodiode, DAS channels must have very low input impedance, and this is typically achieved implementing the channel inputs as summing nodes of operational amplifiers. 

This input operational amplifier performs also the function of amplifying the power of input the signal, so that the thermal noise injected by the following stages of the channel do not significantly affect the signal information content. As a result, most of the thermal noise of the channel is injected at its front stage. Prevalent mechanisms of the thermal noise are the noise of the input offset of the operational amplifier, whose power is also amplified together with that of the signal, and any input equivalent KTC 

noise associated to switching mechanisms that might take place in the front stage circuit. 

The front stage circuit of the channel, possibly in combination with circuits of the following stages, also acts as an analog low-pass filter of the input signal. In fact, before the signal is sampled at the frequency 1/Tw, its frequency components that exceed the Nyquist frequency 1/2Tw should be 
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substantially attenuated to prevent aliasing of both its information content and its noise. In general, the information carried by the signal is already low-pass filtered because of other filtering mechanisms intrinsic to the physics of the acquisition, like those related to the scanner geometry, to the x-ray optics, and to the x-ray scattering. Therefore the channel filter, which is designed so as to preserve all the signal information content it receives, does not play an important role in preventing signal aliasing. The channel filter, however, plays a very important role in limiting the aliasing of the photon noise as well as the aliasing of the electronic noise, because both noises have a quasi-white spectrum, i.e. have frequency components the extend well beyond the sampling frequency 1/Tw. 

Low-pass filters typically implemented in the DAS channels are of two types: the N-pole, low-pass filter and the integrator filter. The former, at any time t, outputs a charge that integrates the current received up to the time t, weighted with a time function that is the time response of the filter. 

The latter, at any time t, output a charge that is the integral of the current received from the time (t – Ti) and t, where Ti is the integration time. 

The N-pole, low pass filter can be designed to be is very effective in shaping its equivalent noise bandwidth. Therefore it minimizes the noise power for a given information bandwidth, at the expense of some spill-over in time, that result in some sample-to-sample cross-talk. These characteristics make it the filter of choice when the information carried by the input signal is already smeared by the detector time response and the information of the output signal is restored by a proper digital deconvolution. 

The integrator filter, at the opposite side, provides extremely low spill-over in time, and therefore practically no sample-to-sample cross-talk, at the expense of a substantially higher noise power for a given information bandwidth. The adverse effect of this noise increase, however, can be minimized by proper choice of the relationship between the filter integration time Ti and the sampling time interval Tw. In fact, CT imaging is particularly sensitive to the lowest frequency component of the noise and especially to its DC component. It should be noticed, then, that if Ti is equal to Tw (or, in theory, equal to an integer multiple of Tw) the noise aliased at very low frequency is practically negligible. For its characteristics, the integrator filter is the filter of choice whenever the detector time response does not smear the information of the input signal and whenever the sample-to-sample cross-talk must be minimized. 

2.3.3.  Signal Sampling

The filtered signal is sampled at the frequency 1/Tw, and the samples represent the charge output by the detector during time interval Tw, for the 
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case of the integrator filter, or somehow related to the time interval Tw, for the case of the N-pole, low-pass filter. 

In the case of the N-pole, low-pass filter, the samples are taken memorizing the output of the filter on a proper sample-and-hold circuit, at time intervals of duration Tw. In the case of the integrator filter, a simple circuit, the well known “reset-integrator”, automatically combines three functions. In fact, (1) it has very low input impedance and it amplifies the power of the input current signals id into that of its output voltage signal Vo given by Vo = id Ti Cf (where Cf is the feedback capacitance); (2) it filters the input signal as an integrator filter having an integration time equal to Ti; (3) and it samples the integrated signal at a time Tw = Ti + Tr (where Tr is the reset time) that is quasi-ideal to limit the noise aliasing at the lower signal frequencies, because in general Tr is much smaller than Ti, so that Tw § Ti. This ability of combining all this functions in one simple circuit is probably one of the reasons for the wide use of the reset-integrator filter in the implementation of the DAS channels. 

In a previous section, we mentioned that we were considering only the case in which only one measurement was taken at each time view, for sake of clarity. As an exception to this rule, we want to consider now the case in which, during the view time Tw, the focal spot wobbles between two positions to double the rate at which the body spatial frequencies are sampled along the tangential direction; or even when the focal spot wobbles among four positions to double the sampling rate of the body spatial frequencies in the tangential direction, as well as to double the rate at which the body spatial frequencies are sampled along the z-axis. In this case the view rate must be tightly synchronized with the wobbling rate of the focal spot and two or four distinct samples must be taken during the view time synchronously with the focal spot movements. In addition, since the multiple samples taken in the view time should be treated separately in the reconstruction process, the cross-talk between adjacent samples must be minimized. In this case the integrator filter is indeed the filter of choice. 

2.3.4.  Analog to Digital Signal Conversion 

Analog samples are input to analog-to-digital converters (A/D converters) that map them to binary codes of a proper number of bits. 

Since the number of codes is finite, two adjacent output codes correspond exactly to different values of the input signals that are interval į

apart. The quantity į is called digitization interval. Therefore, when the A/D converter outputs the code cj we do not know that the exact value of the actual input signal: we only know that it is comprised between vj – į/2

and vj + į/2, or in some other interval of length į around cj. In other terms 
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we know the value of the input signal with an uncertainty that is equal to the digitization interval. 

On the other side, the input signal carries a noise, which is basically the photon noise with standard deviation ıȖ, according to equation (1). It can be shown that if ıȖ is reasonably larger than į, then the uncertainty of the measurement can be dealt with in term of an additional random noise having a standard deviation ıį equal to (į/12)1/2. This additional noise term is called digitization noise. 

We have seen in a previous section that the electronic noise of the channel is independent of the signal level and that the digitization noise might vary with it, because it is possible to adapt to the signal level the digitization interval į, and therefore the standard deviation ıį of the digitization noise. In fact this not only it is possible, but it is convenient when the cost of the D/A converter heavily depends on its resolution. 

Most DAS’s of the previous generation, for instance, used to digitize data using successive approximation A/D converters that at the time could feature a maximum resolution of 16 bits, of which only 14 could be reliably used for high fidelity conversion. To achieve the high resolution required at low signal level, which was around 20 bits, and at the same time being able to digitize the entire signal range, the A/D converter was used in combination with a variable gain amplifier in front of it. As a function of the signal level, the amplifier gain automatically sets at 64, for lowest signal levels, and at 8 or at 1, for medium and high level signal respectively. 

Consistently, the constant digitization interval of the D/A converter was seen as 64 times smaller by lowest signals than that seen by signals close to full scale. In this way the smallest signals were digitized with an equivalent resolution of 20 bits, 14 of which provided by the A/D converter and the other 6 bits provided by the amplification. 

The information theory provides the proper tools to evaluate with precision how small the digitization interval should be with respect to the noise of the signal being digitized, to preserve the information content carried by the signal. Let’s use the parameter Ș to indicate the ratio between standard deviation ı of the signal and the digitization interval į, i.e. Ș = ı/į. 

The information theory states that for random signals it must be Ș � 2; for correlated signals, like for instance that of a water phantom, Ș should be larger, typically around 6. 

This result allows us minimizing the number of bits required to properly digitize CT signals and, consistently to minimize the noise entropy of digitized data, which might be important in certain applications, like in data compression. To this purpose, the size of the digitization interval must be adapted to the noise of the signal, which basically is its photon noise according to equation (1), throughout the signal range, keeping constant the 
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value of the parameter Ș. This type of digitization is referred to as 

“adaptive”. The number of bits Ba required to properly digitize an x-ray signal in adaptive mode depends only on the number of photon NȖ of the full-scale signal and on the chosen value of the parameter Ș, which, in a sense, quantify the quality of the digitization. It is: B   log 2 �K �  N

(4) 

 a

2 

1/ 2

 v



In an example discussed before, we have seen that with NȖ = ~ 106 and A = ~ 20,000, the digitization dynamic range at minimum signal levels should be of the order of 20 bits. 

A linear A/D converter, i.e. a converter with constant digitization interval į, should therefore digitize the signal in 20 bit codes throughout the entire signal range. On the other side, an adaptive converter, i.e. a converter with a constant parameter Ș = ı/į throughout the signal range, should digitize the signal in a total number of bits given by equation (4). Assuming for Ș the conservative value of 6, it results that Ba = ~ 13.5 bits. 

We have described the converters of the yester generation scanners, implemented as combinations of variable gain amplifiers and A/D 

successive approximation modules. Those A/D converters were typically shared among many channels for cost reduction as well as for ease of matching the switching levels of the variable gain amplifiers. 

Nowadays, A/D converters are typically part of multi-channel ASIC’s that include all DAS functions. Prevailing conversion devices include the relatively new Ȉǻ A/D converters, which feature very high resolution and linearity at little cost, and a proprietary circuits that perform adaptive digitization in a variety of ways. 

3.  Future evolution of data measurement systems 

Future DMS evolution is obviously tightly related to the evolution of CT 

scanners and of their medical applications. 

Cardiac applications would substantially benefit from CT scanners able to acquire heart images in one heartbeat. According to prevailing opinions, this can be achieved with scanners featuring multiple X-ray tube/DMS 

combinations operating simultaneously. In fact it seems impractical to increase the rotational speed of the disc significantly beyond 3 rotations per second for mechanical reasons as well as to increase the tube power significantly beyond 70 – 100 kW without losing image resolution for the increased size of the focal spot. Evolution of CT scanner along this line should not require new performance beyond those already provided by the most advanced current DMS’s, except for some possible improvement of anti-scatter techniques. 
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Various other medical applications, such as surgical ones, would substantially benefit from CT scanners able to perform acquisitions at both normal and ultra-high spatial resolutions, as those required in fluoroscopic procedures. Ultra-high resolution can be achieved by substantially shrinking the physical size of both the focal spot and detector elements, with obvious impacts to the entire DMS design and operation. Early experimental works have been done with scanners in which traditional DMS’s were replaced by two-dimensional detector arrays, similar to those used in digital radiography. While quite effective in various micro-CT 

applications, and small animal imaging, this solution does not appear to be promising, as far as we know, in common medical application, because of the long acquisition time. 

Early research works indicate that information about the pathology of a tissue is conveyed not only by its overall x-ray attenuation, which is the only parameter currently measured in CT examination, but also by its selective absorption of various energy components of the x-ray beam. This opens a new and exciting field: studying tissue pathologies with CT spectral images. Spectral information could be acquired using dual-energy x-ray beams, using dual- or multi-energy resolution detectors, or with a combination of both techniques. Due to very high photon flux, use of counting detectors with photon energy resolution is unlikely in medical x-ray CT, and integrating detectors will be used to obtain the spectral information. 

The high-density interconnect problems in the DMS may be addressed by integration of detector photodiodes and channel electronics on a single silicon ASIC. Another even more radical departure from the present CT 

detector technology may be the use of high density room temperature semiconductors. Substantial technical problems must be resolved before these changes will be implemented into commercial x-ray CT. 
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 Institute for Scintillation Materials, 61001, Kharkov, Ukraine Abstract.  This chapter gives an overview of SPECT (Single Photon Emission Computed Tomography), a nuclear medical imaging technique that has been used for over fifty years to probe the physiology of disease in patients. The emphasis is not on the medical aspects, but instead on the physics and engineering of the imaging system. Special attention is given to the scintillators and the Anger camera used to detect and image the gamma radiation that is emitted by the patient. The requirements, current state-of-the-art, and future developments are all discussed. 
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1. Introduction 

Nuclear medical imaging is a generic term that covers many imaging techniques, with the common theme being that ionizing radiation originating from within the body is detected and imaged in order to determine something about the physiology or anatomy of the subject (Macovski, 1983; Krestel, 1990; 1991; Hendee and Ritenour, 1992; Webb, ______
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1993; Sandler, et al., 1996; Cherry and Phelps, 1996). The ionizing radiation is usually in the form of a radioisotope that is incorporated into a biologically active compound ( i.e.,  a drug) that is introduced into the body (in trace quantities) either by injection or inhalation. This compound then accumulates in the patient and the pattern of its subsequent radioactive emissions is used to estimate the distribution of the radioisotope and hence of the tracer compound. Nuclear medicine is used to study biological function in humans and in animals, and to detect abnormalities that are characteristic of diseases. 

Since the image that is produced is of the distribution of a drug within the body, nuclear medical imaging is capable of targeting where certain metabolic processes occur and measuring the rate at which these processes take place. Thus, it is able to determine whether the biochemical function of an organ is impaired, while many other forms of medical imaging (such as X-ray, ultrasound, or magnetic resonance techniques) are usually confined to determining the physical structure of the organ. It is therefore most frequently used in organs and diseases where biological function is of primary importance and information on physical structure is either irrelevant or ambiguous. Examples are neurological diseases (such as Alzheimer’s disease) where physical affects are only observable on a microscopic level, heart disease (where the relative vigor of the tissue is of primary importance), or oncology (cancer), where the tissue’s metabolic rate gives valuable information on whether it is cancerous and how it is likely to respond to treatment. 

One of the fundamental assumptions of nuclear medical imaging is the tracer principle, which was developed in the early 1900’s by George de Hevesy and for which he received the Nobel Prize in Chemistry in 1943. 

This principle states that a very small ( i.e.,  trace) amount of biologically active drug can be introduced into a subject and the distribution of this introduced compound will then be representative of the (much larger amount) of naturally occurring compound. In other words, adding a trace amount of a drug will not perturb the biological system. If this tracer material is labeled with a gamma-ray emitting radioisotope, the resulting radiation can be detected and thus be used to track the flow and distribution of substances in the body. Interestingly enough, de Hevesy developed this method as a way to determine whether his landlady was using leftover meat from one evening’s dinner for meals served on subsequent evenings. 

While the instruments used to detect and image this radiation are often similar to those used for high energy or nuclear physics experiments, there are many important differences between the requirements for medical imaging and the requirements for detecting subatomic particle interactions. 

This chapter describes one of the most common nuclear medical imaging 
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techniques, namely SPECT (Single Photon Emission Computed Tomography), with the emphasis placed on the requirements of the detection system and the reason for those requirements. The aim of this work is to provide a comprehensive presentation of the physics and engineering concepts behind this important imaging technology. 

2. General 

considerations 

Imaging emissions from a radioactively labeled drug necessarily involves selecting a radioisotope, and the choice of the radioisotope used for a given nuclear medical technique involves a tradeoff of several factors. The radioisotopes most commonly used are gamma ray emitters (or positron emitters, whose net result is a pair of annihilation photons), as gamma rays can penetrate the body and be imaged with external detectors more easily than other forms of ionizing radiation. In general, high energy gammas penetrate the body easily (and so have the potential to be detected), but low energy emissions are convenient to detect in small detector volumes and are easy to shield. Most medically used isotopes for SPECT have monochromatic emissions between 80 keV and 350 keV. Radioisotopes with long half lives are convenient for drug manufacture and distribution, as both the synthesis of complex biochemicals and the delivery from the place of manufacture to the patient can be time consuming. Radioisotopes with short half lives usually result in a lower radiation dose to the patient, as practical considerations limit imaging times to less than two hours and emissions that occur after the imaging session is complete contribute to patient dose but not to image quality. Most medically used isotopes have half lives between tens of minutes and several days. Finally, the chemistry of the radioisotope is important, as it must be incorporated into complex, biologically active compounds. Isotopes of hydrogen, carbon, oxygen, and nitrogen are most desirable, as most biochemicals contain at least one of these elements, but many other elements have been incorporated into biologically active compounds. 

The radioisotopes used are usually single gamma emitters. By far the most commonly used isotope is 99mTc (140 keV), followed by 201Tl (135 keV and 167 keV) and 123I (159 keV). However, other isotopes with energies ranging from 80 keV to 511 keV are occasionally employed. 

Although SPECT radioisotopes tend to be challenging to incorporate into biologically active compounds, decades of chemistry effort has resulted in their incorporation into a large variety of drugs that show metabolic activity (such as 99mTc-Sestamibi, which concentrates in mitochondria), blood flow (such as 201Tl for the heart and 99mTc-HMPAO for the brain), presence of certain forms of cancer (such as 67Ga-Citrate, 123I-MIBG,  and          
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99mTc-MDP), liver function (such as 99mTc-sulphur colloid), and a large variety of other imaging agents. Other compounds can measure quantities such as local values of blood volume, blood flow, perfusion, tissue metabolism, oxygen utilization, and receptor binding, all of which may be of scientific and diagnostic value. 

The detection system should be very efficient, as safety concerns cause regulatory agencies to limit the total radiation dose that can be administered to a patient. Thus, reduced statistical noise cannot be obtained by increasing the administered activity ( i.e.  the signal source), and so must be obtained by maximizing detection efficiency. At the gamma ray energies used for SPECT imaging (80–350 keV), the attenuation length in tissue is 5–10 cm. 

This is similar to the distance that gamma rays often need to travel to exit the body, so a significant fraction of the internally emitted gamma rays interact within the patient. Due to the low effective atomic number of tissue, most of these interactions result in Compton scatter, and most of the scattered photons continue to undergo Compton scattering until they eventually leave the body. While the net radiation flux impinging upon the detector usually contains 10%–50% unscattered gammas (which can be used to form an accurate image), the majority are Compton photons that form a background. The detection system must then be capable of reducing this Compton background, usually by measuring the energy of each detected photon with 8%–10% full-width at half-maximum (FWHM) resolution. Finally, an image cannot be formed unless the direction of photon travel is known, so the detector system must be capable of determining this direction. 

3. SPECT 

The simplest form of nuclear medical imaging is planar imaging. A planar image depicts a single projection view of a radiotracer distribution in a patient, such as the vertical projection in Figure 1. It is analogous to a conventional X-ray image. The most commonly performed planar imaging studies are thyroid studies, ventilation/perfusion (V/P or V/Q) studies, and whole-body bone imaging. Planar imaging is not limited to static imaging of radiotracers—often the distribution of the tracer changes with time as it is transported to and metabolized by its target tissues. In this case the assessment of function is better accomplished through evaluation and comparison of image sequences over time ( i.e.,  a movie) rather that through assessment of a single image. This is often done to assess organs such as the kidneys, the heart, or the brain. In a study of this kind, one observes how the body processes the radiotracer. In some situations it is not necessary to generate images at all. Instead, the appropriate information can 
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be obtained merely by computing a numerical parameter (such as an uptake rate). It is important to recognize that the most appropriate way to answer a medical question may be simple planar imaging or even parameter evaluation without the generation of any images at all. 

SPECT makes use of the mathematical technique of computed tomography to form images (Kuhl, 1963, Macovski, 1983,). Briefly stated, computed tomography is a process whereby a 2-dimensional image of an object is formed using multiple 1-dimensional (planar) projection images of that object. This is demonstrated in Figure 1. The 2-dimensional object in question is a large diameter circle of uniform density in which a medium diameter circle of lower density and a small diameter circle of higher density are embedded. The one dimensional projection of the object in the vertical direction is shown below the object. This projection is what would result if a planar X-ray of the object were taken, and represents the line integral of the 2-dimensional object’s density along parallel, vertical lines that cross the object. The hemisphere corresponding to the large circle is clearly seen, modified by a dip on the left side due to the low density region and a spike on the right side due to the high density region. To the right of the object is its one-dimensional projection in the horizontal direction. 

Again the hemisphere with the associated dip and spike are seen, but the positions of the dip and spike have changed because of the change in viewing angle. While the details are beyond the scope of this paper, taking one-dimensional projections at all angles around an object (not just the two shown in Figure 1) provides enough information to reproduce a 2-dimensional image (or  slice) of the object. 

2-Dimensional

Object

1-Dimensional

Horizontal

Projection

1-Dimensional

Vertical

Projection

Figure 1 Computed Tomography. The 1-dimensional horizontal and vertical projections (the line integral of the density along parallel horizontal and vertical lines) are shown adjacent to the 2-dimensional object that they were taken of. Computed tomography is the process of reconstructing the 2-dimensional object given its 1-dimensional projections from all angles. 
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With SPECT, projections at many angles are usually obtained by rotating planar imaging detectors around the patient (Kuhl and Edwards, 1963; Budinger, 1996). Multiple parallel slices are usually obtained simultaneously and stacked to form a 3-dimensional, volumetric image. 

A typical SPECT camera is shown schematically in Figure 2. Each emitted gamma ray is detected by a two-dimensional position-sensitive detector. The direction of the gamma rays are determined by a collimator placed between the detector array and the patient—photons that are not traveling in the desired direction are absorbed by the collimator. The collimator and detector combination (and their associated electronics and mechanical support) form what is known as a gamma camera “head”. While multiple heads increase the detection efficiency of a SPECT camera (and the cost), there is little efficiency gain above three heads, so most SPECT 

cameras have between one and three heads. Each head measures a planar projection of the activity in the patient, and by simultaneously rotating the heads, the requisite set of projections to perform computed tomography is obtained. However, it is equally valid to have a stationary gamma camera and have the patient sit in a special chair that rotates in front of the camera. 

In fact, most early SPECT systems operated in this manner. Planar imaging studies are usually performed on a SPECT camera, but without rotating the heads. 

Figure 2 SPECT Camera Schematic. A collimator blocks gamma rays that are not traveling normal to its surface, and those gammas that pass through the collimator are detected with a planar position sensitive detector. The assembly rotates around the patient to provide the many projections necessary for computed tomography. 

OVERVIEW OF SPECT 

43

In theory, the detection efficiency can be increased by using curved detectors, as their average distance to the patient is lower than with planar detectors. Although such systems have been constructed and commercially marketed, they have not become popular due to the increased cost because of manufacturing difficulties. 

The image formed by a standard gamma camera is represented on a grid of pixels. The value assigned to each pixel is the number of gamma photons that have been detected within the pixel’s spatial extent. Thus the image produced by a gamma camera is actually a histogram of the spatial locations of all the detected gamma rays. As the number of detected unscattered gamma photons increases, image noise decreases; thus it is important to detect as many unscattered gamma photons as possible. 

Data can be acquired in a “step and shoot” protocol, where the camera head rotates to a specific angle, acquires projection data, rotates to the next angle, acquires more data, etc. At each step either a 64x64 or 128x128 

projection image is acquired. Each 1-dimensional projection therefore contains 64 (or 128) values, and 64 (or 128) parallel planes are acquired simultaneously. In theory, the camera could image for a long time at each angle and make only one full rotation. This would work well if the distribution of radioactivity were constant during the entire imaging time, but radioactive decay and metabolism of the tracer compound make the distribution time-dependent. Therefore, the camera usually rotates as quickly as possible (typically 1 revolution every 2 seconds) so that nearly the same tracer distribution is measured at each angle. 

4.  The Anger camera 

A gamma ray that successfully traverses the collimator strikes the scintillator. The scintillator converts energy from the high-energy gamma ray into many optical-wavelength photons. These photons are detected by a collection of photomultiplier tubes (PMTs). Relative reading from PMTs near the point of impact of the gamma ray are used to compute two-dimensional spatial coordinates of the gamma ray event relative to the face of the camera. At the end of the imaging period, after many events were tallied, the resulting histogram represents a projection image of the object. 

The most commonly used scintillator / photodetector arrangement used for SPECT is the Anger camera. This is named after Hal Anger, a scientist at the University of California at Berkeley, who invented it in 1958. 

Although many improvements have been made since then, today’s clinical gamma cameras share most of the essential features of Hal Anger’s early designs. A schematic of an Anger camera is shown in Figure 3 and a photograph in Figure 4. A plate of NaI:Tl scintillator crystal is optically 
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coupled to many photomultiplier tubes. When a gamma ray interacts in the crystal, the resulting scintillation photons are emitted isotropically and are detected by several of the photomultiplier tubes. Each PMT outputs an electrical current proportional to the number of light photons detected. The position of the gamma ray interaction is then determined by the analog ratio of the photomultiplier tube output signals, and the gamma ray energy is determined by the sum of these signals. 

Figure 3 Anger Camera. Scintillation light from gamma ray interactions is detected by multiple photomultiplier tubes. The interaction position is determined by the ratio of the analog signals, and the energy by the analog sum of the signals. 

The thickness of the NaI:Tl crystal determines the efficiency of the camera. As its attenuation length for 140 keV gamma rays is 4 mm, the 9–

12 mm thick plates commonly employed in SPECT systems provide nearly complete absorption, although some gamma rays pass through the scintillator without interacting. The scintillator surface not coupled to the photomultiplier tubes strongly affects the light distribution observed by the photomultiplier tubes and is often prepared with a proprietary surface treatment to optimize both position and energy resolution. Special care is needed near the edges of the scintillator crystal, as reflections from the side of the crystal cause the dependence of the measured light distribution on the interaction position to be much weaker near the sides than near the middle. 

Gamma rays that interact in the crystal but exhibit energy that is less then the known energy of the primary emission of the radioisotope being imaged (due to Compton scatter in the patient or in the scintillator crystal) are 



OVERVIEW OF SPECT 

45

usually rejected. Photons with diminished energy have limited information about their original point of origin, and thus their inclusion in an image reduces the quality of the image unless further processing is performed. A typical Anger camera has 9% FWHM energy resolution and 3.5 mm FWHM position resolution for 140 keV gammas. 

Figure 4 Scintillation Detector Components. From left to right, the scintillation crystal, light guide with masking, circular-face PMTs, magnetic shielding of PMTs, and signal-processing electronics are visible. 

Considerable optimization of the performance of Anger cameras has occurred in the half century since they were originally developed. There are two main issues that have received a lot effort—the light distribution in the scintillator crystal and the stability of the photomultiplier tubes. To zero order, the light distribution on the face of the crystal is a Gaussian distribution (in position). The width of this distribution depends mainly on the thickness of the crystal, although it is modified by the surface treatment and edge effects. The size of the signal in each photomultiplier tube is then the integral over a portion of a Gaussian distribution. This leads to a nonlinear position response—small deviations in the position of the source yield small changes in the ratio of the signals seen in each photomultiplier tube when the source is placed near the center of a photomultiplier tube, but large changes in the ratio when the source is placed near the boundary between two photomultiplier tubes. The original Anger logic was implemented with a circuit that used a linear estimator, which caused spatial distortions. Nonlinear circuits were later developed to remove this distortion. Deviations from a Gaussian distribution cause additional spatial distortions, which are removed by calibration. Modern SPECT cameras now digitize each photomultiplier tube output and use more accurate models (implemented using a combination of hardware and software) that include the nonlinear response, measured distortion maps, and the statistical 
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accuracy of each photomultiplier tube output ( i.e.,  the square root of the number of photoelectrons observed) to compute the interaction position. 

5.  Optimizing positioning in Anger cameras 

The light distribution in the Anger’s cameras scintillator crystal is critical to its performance, and so this section explores in detail the requirements and the methods by which they are achieved. While most of this discussion concerns the distribution, efficient light collection is also mandatory and so none of the steps taken to optimize the light distribution can compromise the collection efficiency. The use of reflectors, absorbers, special crystal surface finishes, and diffusers can facilitate light collection for imaging. 

These optical parameters are selected for their abilities to preferentially direct light rays into the photodetector while preserving the spatial localization of the light flash. 

Figure 5 Representation of light ray propagation from a point source of light within a scintillation crystal slab with a white diffuse Lambertian reflector on top, absorbing sides, and a light diffuser on the bottom leading into the photodetector. 

Figure 5 depicts the propagation of several light rays emanating from a point source of light from within a thin and wide scintillation crystal with the photodetector at the bottom. The use of a back reflector on the top face of the crystal significantly improves light-collection characteristics by reflecting any light that exits through the top surface back into the crystal. 

In a specular reflector, the angle of reflection is equal to the angle of incidence; a standard mirror is an example of a specular reflector. Although the use of a mirror-like surface as the back reflector would be suitable for high light-collection purposes, it tends to make the crystal act like a light guide, in which multiple reflections off the parallel, relatively close crystal surfaces guides light away from the interaction point. This may not be ideal for use in an imaging crystal for camera because it broadens the light cone subtended at the photodetector. A diffuse Lambertian reflector has the distribution of reflected light, R(Tr), related to the angle of incidence, Ti, by R(Tr)~cos Ti

(1)

In other words, the reflected photons are preferentially directed normal to the scintillator surface. This is desirable because reflected light is preferentially reflected toward the photodetector face of the crystal. This 
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limits the width of the light distribution, leading to a narrower distribution and higher spatial resolution imaging. The reflector should be white for highest reflectivity. White epoxy, Teflon tape, and titanium oxide based white paint are commonly used as diffuse reflectors. Figure 5 includes a depiction of a few preferentially forward-directed light rays reflected off the white, diffuse reflector on top. 

The choice of crystal surface treatment is also critical. Total internal reflection off a mechanically polished surface also creates light guide effects, and so is usually avoided. A ground or diffuse on both the top and bottom surfaces in Figure 5 reduce the probability of total internal reflection. Assuming an air gap  (n2 = 1) between the crystal face and top reflector, Snell’s law gives for the critical angle T c, of total internal reflection:

T c =  sin–1  (n2/ n1) =  sin–1(1/ n) (2) where  n 1 =  n  is the crystal index of refraction. Because the large crystal faces are close together, total internal reflection at the top face may trap the light and prevent it from entering the photodetector. If total internal reflection at the top surface were desired, that surface would be polished with an air gap. 

In some small-FOV (Field Of View) standard commercial camera designs, in a single crystal, the crystal sides play more of a role in the resulting light distribution seen by the photodetector, especially for thicker crystals. Reflected light from the sides can contribute to the width and tails of the light spread distribution for most light source locations, especially near the crystal edges. Looking at Figure 5, it is easy to see that this side reflection problem becomes worse as the crystal thickness perpendicular to the detection plane increases and the cross-sectional detection area decreases. The ratio of the thickness to the cross-sectional area for such an optical light guide is called the  aspect ratio.  For single-crystal scintillation camera designs, as the aspect ratio increases, at some point continuous positioning is no longer possible. For high-aspect-ratio crystals, it is more difficult to preserve the spatial location information of the origin of the scintillation light flash because of the relatively narrow solid angle subtended by the detector plane to the average light source location and significant role of side reflections. As the thickness increases, the point at which the single crystal is no longer useful for imaging occurs much more rapidly for typical small-FOV cameras. This is why most small modular PET detector designs that require the use of relatively thick crystals (for better absorption efficiency of high energy photons) must segment or pixellate the crystal to achieve good spatial resolution. With a favorable aspect ratio, as depicted in Figure 5, to prevent the effects of side reflection, 

48

W.W. MOSES, V. GAYSHAN, AND A. GEKTIN 

an optimal crystal side treatment might be a highly absorbing, dark coating to preferentially absorb light rays hitting the sides and ground diffuse surfaces to break up internal reflections. 

Even with the optimal surface treatment and reflector on the scintillation crystal, the light distribution often is not smooth enough, which leads to positioning distortions. Examples of effects that disturb the apparent uniformity are variation in the photomultiplier tube’s quantum efficiency across its face and gaps between photomultiplier tubes. These factors can cause the appearance of a tube pattern in raw flood images. 

To make the measured distribution more smoothly varying, a light diffuser is often incorporated to broaden the light cone and so share the light over more PMTs and more uniformly across the face of a given PMT. 

The drawback of producing more continuous imaging through enhanced light sharing is lower intrinsic spatial resolution due to a broader light cone. 

For best light transmission properties, the index of refraction of the light diffuser should be chosen somewhere near the geometric mean of that of the scintillation crystal and photodetector interface. A good figure of merit for the light diffuser thickness is on the order of one-half the photodetection element size. For a multiple PMT camera, that thickness is roughly one-half a PMT diameter. For position-sensitive PMTs or semiconductor photodetector arrays, one-half the anode or pixel pitch will typically be most appropriate. It should also be noted that if a NaI(Tl) crystal is used, it is usually hermetically sealed with a glass transmission window, which may be an appropriate light guide depending on its thickness and the photodetector element spacing. If the position-sensitive light detector has finely spaced photodetection elements for fine sampling of the light distribution, a light diffuser may not be necessary because the inherent light distribution width may be already comparable to the photodetector sampling distance. 

The amount of light detected, the photodetector pitch, and the shape of the light cone subtended at the photodetector-crystal interface of a single scintillation crystal design all have a strong effect on the intrinsic spatial resolution of the system. The linear intrinsic spatial resolution  R (FWHM) for a continuous scintillation crystal that has a light distribution shared over multiple photodetector elements with an Anger-type positioning scheme is governed by Poisson statistics: 
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where  s i is the weighting factor of the  i-th photodetector on the position signal,  n i is the number of photoelectrons created in that photodetector, and x is the linear coordinate. For the intrinsic spatial resolution limit, Rlim, for a fixed scintillation point we minimize  R  in Eq. (3) with respect to the factors s i and obtain:
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From this formula we see that the spatial resolution in single-crystal cameras improves with brighter scintillation light bursts, sharper light distributions, and higher photodetector sampling rates ( i.e.,  smaller size). 

The number of photoelectrons detected by each photodetector in Eq. (4) can be either estimated by the solid angle subtended by each detector or can be measured by moving a point source across the face of the scintillation crystal. A first approximation of the light distribution width can be estimated from Snell’s law by looking at Figure 5. The shape of the light distribution seen by the detector will be roughly constrained by the critical angle, Tc, for total internal reflection at the crystal-diffuser interface (see Eq. 2). For a narrower light spread function, the critical angle should be as small as possible. Thus, the scintillation crystal should have a high index of refraction and the diffuser a lower value. Assuming the location of the point source of light is fixed, from basic trigonometry one can obtain a first approximation to the width of the light distribution at FWHM using Eq. 2. 

The thinner the crystal or the closer the point source of light to the photodetector, on average, the narrower the measured light distribution. 

For example, using NaI(Tl) ( n = 1.85) coupled to a glass light diffuser ( n 1 = 1.5), we obtain Tc = 54°. For interactions that occur at the top 6-mm-thick crystal, this translates to maximum light distribution width of roughly 8 mm FWHM. For interactions that occur 3 mm deep into the crystal, the width is roughly 4 mm. Without a light diffuser ( n 1 = 1), this last value becomes approximately 2 mm FWHM. 

A more accurate estimation of the shape of the light distribution or the light spread function can be obtained by measurements. By observing the number of photoelectrons measured by one photodetector as a function of position of that photodetector about the light source created from a point source of activity above the crystal, one can get a good estimate of the light spread function. This measurement includes the broadening due to the detector thickness, variation in interaction depth, and any contribution due to electronic noise, photomultiplier tube inhomogeneity, etc. One may also estimate the light spread function through Monte Carlo simulations. Such computations determine the distribution of gamma-ray interactions within 
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the crystal. Separate simulations model the optics of the system and track the history of all the resulting optical photons created in the crystal all the way into the photodetector. The resulting light spread function profiles can typically be fit to a Lorentzian distribution: 
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where  x 0 is the position of the profile peak,  w  is the FWHM, and  A  the height of the distribution. The light spread function is narrower for deeper interaction points that are closer to the photodetecting surface, as one might expect from geometry. Thus, assuming a high light distribution sampling rate, the intrinsic spatial resolution would be best if all interaction points were close to the photodetector surface as they would be in a thin crystal. 

We note that the preferred single-crystal design parameters (ground top with white diffuse reflector, ground sides with black absorber, light diffuser, etc.) discussed here are examples that may not be optimal for every situation. One must extensively test different combinations of potential parameters with experimental measurements and simulations to determine the optimal performance in terms of light collection, spatial resolution, uniformity, and sensitivity. 

The other major area of effort is the photomultiplier tube stability. 

Obtaining position and energy information from multiple photomultiplier tubes, as well as the accuracy of the calibration, assume that the photomultiplier tube gain does not vary. However, the gain of each individual photomultiplier tube tends to vary with temperature, count rate, and a number of other poorly understood factors. Thus photomultiplier tube gain calibration is performed. While the implementation details vary, there are two main methods that are used. One is to periodically flash an LED 

and adjust the gain of either the photomultiplier tube or its amplifier to obtain a constant signal amplitude. The other is to observe the position of the 140 keV photopeak and adjust the gain to keep it at a fixed position. 

6. Collimators 

While the Anger camera is an important component of a SPECT imager, the performance of a SPECT camera is almost entirely determined by the collimator (Tsui, et al., 1996). Figure 6 shows a schematic drawing of a parallel hole collimator. The collimator is usually made from cast lead with hexagonal cross section holes arranged in a honeycomb fashion. Each hole can be thought of as having a diameter  w and a length  L, separated from its  
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Figure 6 Collimator Cross Section. The spatial resolution and efficiency of SPECT are determined by the collimator. 

neighbors by a lead septum of thickness  t (typically 0.2 mm). The spatial resolution is determined by the collimator geometry and is given by w   
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where  d is the distance from the collimator surface to the object being imaged. From Equation 6 we can see that the resolution scales linearly with the aspect ratio  w/ L of the collimator, and as  L is typically 1–3 cm and  d is typically tens of centimeters, increases roughly linearly with the distance  d from the collimator. While arbitrarily high spatial resolution can be achieved with a collimator by reducing  w/ L, more modest spatial resolution is usually obtained because this aspect ratio greatly affects the efficiency. 

The fraction of gammas that are transmitted through the collimator is 
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so while the resolution improves linearly with  w/ L, the efficiency decreases quadratically. For a typical “all-purpose” collimator, the spatial resolution is 6.2 mm FWHM at a distance of 5 cm and the efficiency is 0.023%. From this we see that the spatial resolution of a SPECT image is not determined by the resolution of the Anger camera (which is known as the intrinsic resolution), but by the collimator. 

Most clinical SPECT systems use the parallel hole collimator shown in Figure 6, but the holes need not be parallel. If the object being imaged is smaller than the surface of the Anger camera, a collimator with a converging hole pattern, such as shown in Figure 7, can be used. The convergence can be in one dimension ( i.e.,  focusing to a line), which is  

52

W.W. MOSES, V. GAYSHAN, AND A. GEKTIN 

known as a fan beam collimator, or in two dimensions dimension ( i.e., focusing to a point), which is known as a cone beam collimator. This type of collimator has two advantages. First, it reduces the effect of the intrinsic resolution on the overall spatial resolution, as the image of the object is effectively magnified and covers a larger area on the camera surface. 

Second, the efficiency for having gamma rays pass through the collimator is increased for gamma rays that originate near the central axis of the collimator (but decreased for those originating away from the central axis). 

Thus, the detection efficiency can be increased for the object of interest. 

These enhancements come at some cost though, the main ones being reduced field of view and increased complexity for the reconstruction algorithm. 

Figure 7 Converging Collimator. On the left, a gamma camera head with a parallel hole collimator. On the right, a gamma camera head with a converging hole collimator. 

7.  Scintillators for SPECT 

Based on current SPECT cameras, the scintillator requirements for SPECT 

are, in order of decreasing importance, (1) > 85% detection efficiency (to minimize statistical noise), (2) < 15 keV FWHM energy resolution (to reject Compton scatter events), (3) < 3.5 mm FWHM intrinsic position resolution (to avoid degrading the collimator resolution), (4) < $15/cm2

parts cost (SPECT cameras are widely available commercially), and (5) < 2000 µs cm2 dead time product (single event dead time multiplied by detector area affected). Table 1 lists the commonly used scintillators for SPECT, as well as some of their relevant properties. Virtually the only material in use is NaI:Tl — CsI:Tl is usually used only in experimental devices employing photodiode (rather than photomultiplier tube) readout. 

The remainder of this section details how the performance of a SPECT 

system depends on the properties of the scintillator used. 
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Table 1 Materials used for SPECT imaging and their properties Material Luminosity 

Density

Decay Time 

Wavelength

(photons/MeV)

(g/cm3)

(ns)

(nm)

NaI:Tl 38,000 3.7 

230 

415 

CsI:Tl 60,000 4.5 

1000  545 

7.1. ATTENUATION LENGTH 

The main factor that limits image quality in nuclear medicine studies is noise caused by statistical fluctuations in the number of detected gamma rays. Thus, with any SPECT detector design a high detection efficiency (> 85%) is necessary, which implies that the detector depth ( i.e.  thickness in the radial direction) be at least two attenuation lengths thick and preferably three. While this criterion can be met with a scintillator of any attenuation length, a short attenuation length is desired to minimize degradation of the intrinsic spatial resolution. In general, the positioning accuracy of the Anger logic worsens as the thickness of the scintillator plate increases, and so plates of approximately 1 cm thickness or less are desired. 

In addition, not all SPECT systems use “parallel hole” collimators, which only admit gamma rays that are traveling normal to the surface of the scintillator crystal. “Fan beam” and “cone beam” collimators admit gamma rays that impinge on the scintillator crystal at an oblique angle, which leads to an artifact caused by penetration of the gamma rays into the scintillator crystal. These photons that impinge on the detector ring at an oblique angle can penetrate into the scintillator crystal a significant distance before they interact and are detected, which causes mis-positioning errors. The magnitude of this error increases with the scintillator crystal thickness and the angle of incidence. Therefore, scintillators with short attenuation length are desired to minimize crystal thickness while maintaining high efficiency. 

7.2. LUMINOSITY 

The luminous efficiency affects many aspects of SPECT performance, most notably the spatial and energy resolution. The effect on the spatial resolution lies in the ability of the Anger camera to measure the interaction position, which is limited by counting statistics. The spatial resolution in an Anger camera is proportional to the diameter of the PMTs and inversely proportional to the square root of the number of photoelectrons. Thus, with a more luminous scintillator one could either improve the spatial resolution of the Anger camera (the “intrinsic resolution”) or use larger diameter photomultiplier tubes and obtain the same intrinsic resolution. As described 
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earlier, the spatial resolution in a SPECT study is limited not by the intrinsic resolution but by the collimator, so there is little to be gained by improving the intrinsic resolution. However, using larger photomultiplier tubes implies a lower cost, as fewer photomultiplier tubes would be needed to cover a given area and the cost of photomultiplier tubes is nearly independent of their diameter. 

Higher luminosity can also help reduce background due to Compton scatter in the patient by improving the energy resolution. As the gamma rays lose energy when they scatter, good energy resolution (for which high light output is necessary) will allow these scattered events to be identified and rejected. With NaI:Tl based Anger cameras, the energy resolution at 140 keV is ~9% FWHM. While there are few predictions of how improved energy resolution would impact SPECT, Compton scatter background (which can be reduced by accurate energy measurement) contributes ~35% 

of the counts in a typical SPECT image, and the number of scatter events is linearly proportional to the energy resolution. Thus, reducing the energy resolution from 9% to 4.5% would halve the number of scattered events. 

Further reduction of the energy resolution is of little value, as other factors (such as septal penetration in the collimator) then dominate the background (Heanue, et al., 1996) 

7.3. PHOTOELECTRIC FRACTION 

Photoelectric interactions in the scintillator are greatly preferred over Compton scatter. The 140 keV photon interactions that Compton scatter in the detector and deposit energy in two (or more) locations in the detector degrade the spatial resolution of the system. The 140 

keV photon 

interactions that Compton scatter but do not undergo a second interaction in the scintillator crystal deposit less than their full energy and are rejected, reducing the camera efficiency. Figure 8 plots the probability that a 140 keV photon interacts via a photoelectric interaction as a function of the atomic number. This probability increases rapidly with increasing atomic number, so scintillators containing a large fraction of high Z materials are desired. It is difficult to quantitate the magnitude of the effects of photoelectric fraction, but loss of efficiency is probably the most serious consequence of low effective atomic number. 
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Figure 8 Photoelectric Fraction. The probability that a 140 keV photon interacts via the photoelectric effect as a function of effective atomic number. Note the strong increase with increasing atomic number. 

7.4. DECAY LIFETIME 

The decay lifetime affects the dead time of the system. Assuming that multiple decay lifetime components are present, the dead time is influenced most by the slowest decay component. While the relationship between the decay time and the dead time is difficult to quantitate (especially with multiple decay lifetimes), most SPECT cameras trigger at the few photoelectron level, so the dead time can be defined as the time that it takes for the scintillation intensity to drop to the level of ~10 photons/MeV/ns. 

Low dead time is usually not critical for SPECT, as the low collimator efficiency (usually ~10–4) reduces the rate of gamma rays impinging on the scintillator crystal to <105 cps. However, for some studies it is desirable to correct for the gamma ray attenuation for sources located within the patient. 

To perform this correction, an external source of gamma rays is used to measure the attenuation through the patient, as shown in Figure 9. This is similar to an X-ray CT scan done with gamma rays—the ratio of the count rate with the patient in the camera and with no patient gives the attenuation factor on a chord by chord basis. In this case the collimator is often removed, which significantly increases the count rate and therefore the dead time requirements. The strength of the external source is presently limited by the count rate in the scintillator. Higher source strengths (1 to 2 orders of magnitude) are desired to decrease the time it takes to collect these data. 

Decay lifetime also affects timing resolution. However, SPECT does not utilize timing information and so this feature is irrelevant. 
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Figure 9 Transmission Scan. The attenuation of an external source of gamma rays is measured and used to estimate the attenuation for sources located inside the patient. The position of the external source relative to the detector head is held fixed as the detectors rotate around the patient, thus measuring the attenuation factor for all chords. 

7.5. EMISSION SPECTRUM 

The only requirement on the emission spectrum is that it be a good match to inexpensive PMTs. As inexpensive PMTs have bialkali photocathodes and borosilicate glass windows, this implies emissions in the range of 300–

500 nm. Use of solid-state photodetectors such as avalanche photodiodes or PIN photodiodes would require emissions at longer wavelength. While solid-state photodetectors have higher quantum efficiency than conventional PMTs, their signal to noise ratio is usually worse and their cost per unit area often is higher, so there presently is little demand in SPECT for red- or infrared- emitting scintillators. 

7.6. NATURAL RADIOACTIVITY 

Many elements have naturally-abundant, long-lived radioisotopes, and it is important that the scintillator material contain a low level of these naturally occurring radioactive materials (NORM). These radioisotopes are essentially impossible to remove from the non-radioactive isotopes of the same element (it requires isotopic rather than chemical purification, and so is both difficult and expensive), and radioactive decay from these isotopes 
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can cause a significant background event rate. For example, the natural abundance of 176Lu in lutetium is 2.6%, and 176Lu has a half life of 4x1010

years. This leads to a background count rate of 240 cps per cc of LSO 

scintillator material (Melcher and Schweitzer, 1992; Ludziejewski, et al., 1995; Huber, et al., 2002). An Anger camera contains about 2500 cc of scintillator, a SPECT camera made of LSO would have a background rate from NORM of 6x105 cps. Many of these events can be rejected because the energy that they deposit into the scintillator is not consistent with the 140 keV emissions, but all of the events (even those outside of the energy window) cause dead time. Typical count rates in a SPECT study are about 104 cps, making LSO an unacceptable material for SPECT. Similarly, 138La has a natural abundance of 0.09% and a half life of 1x1011 years, which give LaCl3Ce and LaBr3:Ce background rates of about 1 cps per cc (Balcerzyk, et al., 2005), which is acceptable for SPECT. 

7.7. MATERIALS CONSIDERATIONS 

Given that short attenuation length and high effective atomic number are mandatory, the major materials consideration is cost! A commercial SPECT 

camera utilizes NaI:Tl scintillator crystal plates that are approximately 50 cm length and width by 1 cm thickness. NaI:Tl is one of the few materials that is amenable to growing single crystals of this size. Even with these dimensions, the growth of this material is quite economical because of the low cost of the starting materials, relatively low melting point, and fairly rapid growth speed. While using a single Anger camera of this size is not mandatory (mosaics of smaller detector modules that cover the same area are possible and have been used), it provides a very economical solution, and materials that cannot be grown inexpensively as large single crystals are likely to significantly increase the overall cost of the system. 

It is also mandatory that scintillators used for SPECT have reasonably good mechanical ruggedness in order to withstand the processing necessary to make the detector as well as the thermal stresses inherent with such large dimensions. Many of the other materials properties can be compromised—

radiation hardness and afterglow are not issues, and hygroscopic crystals can obviously be used, although they require that the scintillator crystal be encased in a hermetically sealed “can.” 

8.  Recently developed scintillator materials 

There are some opportunities for improving the scintillators used for SPECT imaging. The most desirable improvement would be improving the energy resolution from its present 9% FWHM for 140 keV gamma rays. In 
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addition, increasing the luminous efficiency to allow the same intrinsic resolution to be achieved with fewer (but larger) photomultiplier tubes is both desired and possible. 

Table 

1 summarizes the scintillation properties of the recently developed scintillator materials that are most relevant for SPECT. 

RbGd2Br7:Ce (Guillot-Noel, et al., 1999; Dorenbos, 1997; Shah, et al., 2002) contains naturally radioactive 87Rb, which creates a background that makes it unacceptable for SPECT. However, both LaCl3:Ce (van Loef, et al., 2000; Shah, et al., 2003) and LaBr3:Ce (Shah, et al., 2003; van Loef, et al., 2001) equal or surpass NaI:Tl in most performance categories. An extremely attractive feature is that they have 30% and 60% higher light output (for the chloride and bromide respectively). This higher light output would enable Anger cameras to use PMTs that are about 25% larger in diameter to achieve intrinsic spatial resolution similar to what is presently achieved (3.5 

mm FWHM), reducing the number of PMTs by 

approximately one third. However, this significantly higher light output does not necessarily translate into better energy resolution. NaI:Tl achieves 9% FWHM energy resolution at 140 keV, and although the energy resolution of both LaCl3:Ce and LaBr3:Ce is nearly twice as good as NaI:Tl at 662 keV, their energy resolution is comparable at SPECT energies. 

LaBr3:Ce has the additional benefit of shorter attenuation length, which would reduce the volume of scintillator by ~25%. The high light output of LuI3:Ce (Shah, et al., 2004) is very attractive for SPECT, but it suffers from natural background from 176Lu and so probably cannot be used. In addition, it is new enough that its achievable energy resolution at SPECT energies is not yet known. 

Table 2 Summary of properties for scintillators potentially used for SPECT 

NaI:Tl 

RbGd2Br7

LaCl3:Ce LaBr3:Ce LuI3:Ce

:Ce

Luminous Efficiency (ph/MeV) 

38,000 

56,000 

50,000 

60,000 

100,000 

Energy Resolution (FWHM, @ 140 

9% 10%  10%  6%  ?% 

keV)

Density (g/cc) 

3.7 

4.7 

3.9 

5.3 

5.6 

Attenuation Length (mm @ 140 

4.9 3.5 

4.5  3.6  1.7 

keV)

Photoelectric Fraction (@140 keV) 

84% 

82% 

80% 

79% 

90% 

Decay Time (ns) 

230 

45 

20 

25 

30 

Wavelength (nm) 

415 

430 

350 

370 

470 

Natural Radioactivity? 

No 

Yes 

No 

No 

Yes 

Hygroscopic? Yes 

Yes 

Yes 

Yes 

Yes 
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8.1.  PET / SPECT 

In recent years there has been considerable interest in dual-modality instruments that can perform both PET or SPECT studies. While PET is described in detail in another chapter of this volume, it requires imaging coincident pairs of 511 keV photons. It is relatively simple to modify the electronics of a multi-head SPECT camera to accept events in coincidence mode. SPECT-type mechanical collimators are not used for PET, they can be removed easily or left in place (as they are nearly transparent to 511 keV 

photons). Thus, only slight modifications are necessary to allow SPECT 

cameras to collect PET data. However, several performance tradeoffs occur when creating a camera to image both mechanically collimated 140 keV 

gammas for SPECT and electronically collimated 511 keV photons for PET. In a 1 cm NaI:Tl scintillator crystal, 85% of the 140 keV gammas that impinge on it end up depositing all of their energy in the scintillator. 

However, only 12% of impinging 511 keV photons deposit all of their energy in a NaI:Tl crystal of this thickness. As two 511 keV photons must be detected for a valid PET event, this implies that the PET efficiency in a conventional SPECT camera is only 1.4% (when both photons impinge on the Anger cameras), as compared to ~60% for a conventional PET camera. 

The PET performance can be improved by increasing the scintillator thickness (2.5 cm is a common PET/SPECT thickness). However, the increased thickness increases the lateral light spread in the crystal, which degrades the intrinsic resolution. This, in turn, can be compensated for by machining slits perpendicular to the face of the scintillator, which limits the lateral light spread. However, the compensation is not perfect and to date, Anger cameras utilizing 2.5 cm thick NaI:Tl scintillator have somewhat inferior performance and higher cost than 1 cm thick cameras. 

8.2.  SEGMENTED MULTI-CRYSTAL ARRAYS 

Another option for a small-FOV scintillation camera design is to segment the scintillation crystal into many small, optically isolated crystals. This segmented (a.k.a.  discrete  or  pixellated)  crystal scheme has four obvious advantages over the large continuous crystal design: 

1.  A gamma-ray photoabsorption within a given individual crystal in the array creates scintillation photons that are confined to that crystal and focused onto a small spot on the photodetector array (see Figure 10b). 

Because fewer photodetector elements are involved in positioning, this could improve the SNR for positioning compared to that for the scheme of light sharing among several photodetectors (Figure 10a). 
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2.  Because the spatial resolution in this case is set by the crystal width or the degree of pixellation, using discrete crystals allows one to choose and fix the intrinsic spatial resolution of the system independent of the scintillator light yield (see Figure 10b). 

3.  Because the light collection properties are approximately identical for all crystals within the segmented array, the positioning of an event is set by the crystal locations and is linear up to the edge of the sensitive FOV, unlike in the continuous crystal scheme. Gain balancing will still be necessary due to inherent intercrystal light yield variations. 

4.  Detector scatter events that cause positioning errors and blur resolution can be rejected if the individual crystals are each coupled to individual photodetectors. 

Disadvantages of the discrete crystal design compared to the continuous crystal design are:

5.  It has a lower sensitivity per area due to the dead area between crystals. 

6.  Because the spatial resolution is determined by the size of the crystal, higher resolution requires smaller crystals and more of them to cover the same area. 

7.  With narrower crystals, because the aspect ratio is high, light transmission and collection into the photodetector degrades. 

8.  A matching square-hole collimator might be necessary for single-photon cameras. 

9.  The images created will be pixellated, and linear interpolation, smoothing, or detector subsampling may be necessary to deal with pixellation artifacts. 

10.  It is more expensive to manufacture. 

It should be noted that one may configure the discrete crystal design shown in Figure 10b with a light diffuser between the crystals and the photodetector array, if desired, to read out more crystals with fewer photodetector array elements. Another way to achieve this is to only partially cut through the crystals for a pseudodiscrete array that allows light sharing near the bottom. These are other examples of positioning by light multiplexing. In such hybrid multiplexed designs, light is shared among several photodetector elements for positioning of the crystal interaction. 

Because there is some light loss involved in such multiplexing schemes, each photodetector should have high sensitivity and low noise to maintain a reasonable SNR. 
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Figure 10 Schematic drawings of the light ray propagation for typical (a) single and (b) multiple scintillation crystal camera designs. For the pixellated design, scintillation light is confined to one crystal and focused on one spot of the photodetecting array. (c & d) Approximate shapes of the resulting theoretical intrinsic point spread functions for single photon imaging. 

Discrete crystal design is typically chosen in single- photon imaging designs of a small-FOV camera that require a fixed spatial resolution and good spatial linearity. The single-photon breast imaging is an application in which high spatial resolution is needed to see small lesions and good spatial linearity is needed over the entire sensitive FOV so that prone or lateral breast imaging can be performed all the way to the chest walls, if desired, without distortion. 

The use of pixellated crystals is also a popular choice for a coincidence imager. For high detection efficiency for 511-keV photons, in addition to a high Z and high density, the individual crystals should be relatively long. 

As discussed in the last section, light detection aspect ratio considerations do not favor a thick continuous crystal for good position sensitivity. To retain high spatial resolution in a 511 keV coincidence imager, either the crystal thickness must be reduced, reducing detection sensitivity, or the crystal should be segmented. For a segmented crystal design, there is a balance between spatial resolution and light collection efficiency (and energy resolution) due to poor aspect ratio. It should also be noted that for discrete crystal designs of any type the crystal pixel size should not be too small because of the corresponding drop in counts per intrinsic resolution element. As always, there is also a delicate balance between spatial resolution and counting efficiency for high image SNR. Because of the variation in interaction depths within a given crystal for 511 

keV 

annihilation photons, there may be spatial resolution blurring in coincidence 
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imagers caused by mispositioning photons that enter the crystals at oblique angles. Depth of interaction determination can reduce this blurring effect. 

Crystals such as LSO and BGO are commonly used in small-FOV 

coincident imagers. 

A disadvantage of a very fine discrete crystal design is that incomplete energy deposition in a single crystal is more likely, potentially causing event positioning errors. If the individual crystals are coupled to individual photodetectors, such events can be rejected by rejecting events with more than one element hit, but this could result in a significant loss in overall sensitivity. Because a small-FOV beta imager requires a very thin crystal due to the short range of betas, the light transmission aspect ratio is favorable for the use of a continuous rather than segmented crystal. 

Figure 11 Depiction of the fraction of scintillation light lost from refraction through the sides of a long and narrow scintillation crystal for all incident angles less than the critical angle. 

High-energy photons enter the crystal from the left and only a fraction of the scintillation light created is piped down to the detecting surface at the right. 

The scintillation light collection efficiency of a given discrete crystal can also be estimated from Snell’s law and geometry. Figure 11 depicts the propagation of several scintillation light rays from a point interaction in a long and narrow crystal. If we assume that the length of the crystal is significantly greater than the width (high aspect ratio is required for high detection efficiency and spatial resolution), a perfect back reflector is used on the top of the crystal, an air gap surrounds all five nondetecting polished sides, and the interactions occur not too close to the light sensor, then a majority of the light that is lost (not collected at the detector) is due to refraction out of the four long crystal side faces. This is similar in concept to the case for light entering an optical fiber, except that in typical fiber applications the light originates from outside the fiber. To obtain a rough estimation of the scintillation light lost through the sides and not collected at the crystal end, we first determine the solid angle  :  subtended to an 



interaction point by the cone of lost refracted rays (the cone of light rays impinging at angles less than the critical angle) centered on one crystal side face in Figure 11: 
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the second expression, we have used Eq. (2) to write this in terms of  n,  the crystal index of refraction, and expanded the result to first order in 1/n2. 

Note that this approximate expression for the solid angle subtended by the lost rays through one crystal side is independent of the light source location and crystal dimensions for a high aspect ratio crystal. 

The fraction of all available light that is lost through all four sides is then estimated by multiplying Eq. (8) by 4 and dividing the result by 4S . 

The estimated fraction of available light  f,  which is collected at the photosensor in high aspect ratio crystals, is then:

1

 f   1

(9) 

2

 n

Thus, for better light piping to the crystal ends, a higher refractive index crystal should be used. For example, using LSO  (n = 1.82) crystal fingers, the light collection efficiency is roughly 70%, whereas for BGO  (n = 2.15 ) it is nearly 80%. Equation (9) for the light collection efficiency in high-aspect-ratio crystals should be considered an upper limit. In reality, because the crystal surface conditions are never ideal, neither are the reflections and the fraction of the available light that is collected is typically lower than given in Eq. (9), especially for very high aspect ratio crystals. For low aspect ratio crystals, a majority of the light rays created may enter the photosensor without interactions with the crystal sides and the light collection efficiency may be higher than given by Eq. (9). 

In general, the amount of light collected is also dependent on the depth at which the flash of light is created relative the photodetector. The larger the solid angle subtended by the photodetector at the interaction point in the crystal, the less one has to depend on reflections and piping of the light for light collection and the better the overall light signal. Because the most likely interaction depth for long crystals is near the photon entrance side of the crystal, only a fraction of the available light will be collected. The probability of a photon of energy  E  interacting between depth  x and  x + ǻ x in a crystal of density ȡ and atomic number  Z  is a decreasing exponential function:
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where µ( E,ȡ,  Z) is the crystal attenuation coefficient. Thus, when the crystal aspect ratio is high, there is a significant fluctuation in the light collected from event to event, degrading the energy resolution. 

The resulting energy spectrum and light collection efficiency can be accurately calculated first by using a Monte Carlo simulation of photon interactions in the crystal (GEANT, CERN, Geneva, Switzerland; MCNP, Los Alamos National Laboratory, NM; EGA, Stanford Linear Accelerator Center, Palo Alto, CA), that determines the point source origins of the scintillation light for each event. These light source positions are then used as input for the optical-photon-tracking Monte Carlo simulations to predict the system light collection efficiency and energy spectrum. 

The individual crystal treatments for optimal light collection efficiency in the segmented crystal design are different than for the single continuous crystal design. The top of each individual long and thin crystal finger should be ground with a white diffuse reflector applied in order to break up internal reflections and preferentially direct reflected light toward the photodetector, as in the continuous crystal case. However, due to the high aspect ratio of these long and thin crystals, all spatial information of a point interaction occurring within a given crystal is lost. The photodetector positions that event only by the physical location of that crystal in the array. 

As such, for optimal SNR for event positioning it is important to collect as much light as possible from the small bottom surface of the individual crystal. To enhance light collection efficiency, the long and thin sides of the crystal may be highly polished to increase the probability of internal reflections and enhance the piping of the light toward the photodetector end of the crystal. Wrapping the crystal sides in a high reflectivity reflector (white Teflon tape, for example) is a common strategy used to redirect a portion of refracted light lost from the sides back into the crystal. 

8.3.  SMALL FIELD OF VIEW CAMERAS 

A majority of small imager development has been for dedicated gamma ray system, such as brain, breast and small animals. This is due to the prevalence of useful single-photon-emitting radiopharmaceuticals in nuclear medicine. Let’s take a look at few designs, which were developed recently. 

Some groups (Bird  et al.,  1990, Barber  et al.,  1984) have developed a small modular camera based on multiple PMTs. The module comprises a NaI(Tl) crystal, a light guide, Hamamatsu square PMTs and line driver—

amplifier electronics. The main advantage of this design is for single-organ imaging applications where one may need to get closer to the body than possible with the standard Anger camera. Due to this advantage, the 
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modular camera produces higher-quality images than the standard Anger camera for the same imaging time. 

Single-photon PSPMT camera designs for breast imaging have shown promising results. In order to systematically study the limitations of tumor detectability, phantom imaging is commonly used. The system had sufficient energy resolution (extrinsic, 11% FWHM at 140 keV), spatial resolution (extrinsic, 3.4 mm FWHM at 1 cm from face), and sensitivity (50

cts/s/jiCi) to resolve lesions as small as 6 mm in diameter, or 0.1 cc in volume, for a 5:1 tumor to background uptake-to-concentration ratio, at a depth of up to 3—4 cm in a 10 minute acquisition time. For both shallower tumor depths and higher uptake ratios, the lesion resolvability improved. 

Tumor phantom study measurements (Levin, Hoffman,  et al.,  1997) with this camera determined that the largest factors affecting tumor detectability using a small FOV imager are, in order of importance: (1) the tumor size, due to spatial resolution effects; (2) the depth into breast tissue, due to spatial resolution limitations (collimator blurring with source distance), photon attenuation in tissue, and contrast effects (breast tissue activity dominates measured activity); and (3) the energy window of acceptance, due to the presence of significant Compton scatter background. Secondary factors that affect detectability are uniformity correction, count time, tumor-to-tissue uptake ratio, and presence of background activity. 

Figure 12 shows the design and results from a University of Rome group that has developed a single-photon camera for breast cancer imaging using 99mTc. (Fiorini  et al.,  1999) Their design comprises a discrete array of 2 x 2 x 3 mm3 CsI(Tl) crystals with 0.25 mm spacing coupled to a 12.7 cm round cross-wire anode PSPMT (Hamamatsu R3292) with resistive charge division readout of the 28x and 28y cross-wire anodes. The general purpose collimator used has 1.5-mm-diameter and 2.5 cm-long hexagonal holes with 0.25 mm septa. They report an intrinsic spatial resolution between 1.6 

and 1.8 mm FWHM, and 2.7 and 4.0 mm FWHM extrinsic spatial resolutions at 0 and 2—3 mm source to collimator distances, respectively, for a 99mTc point source. The energy resolution reported is < 19% FWHM at 140 keV, and the efficiency (excluding collimator) is 25% including the spaces between detectors (18%), the lower intrinsic detection efficiency (60%) of 3-mm-thick CsI(Tl) for 140 keV photons, and a 27% asymmetric energy window. The collimated system sensitivity is 16 cpm/kBq low energy general purpose (LEGP). The camera is shielded by 1 cm lead and by 5 mm tungsten on the side facing the patient. The overall dead zone between the chest wall and camera FOV is 2 cm. 
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Figure 12 (a, b) Clinical system comprising the CsI(Tl)-PSPMT (12.7 cm-diameter FOV) camera detector with electronics, a support arm with counter balance and a data acquisition system. (c) The 11 cm-diameter CsI(Tl) array consists of 2300 crystal elements each 2 x 2 x 3 mm3 separated by 0.25 mm of white epoxy. (d) The camera is placed on top of a plastic paddle that allows mild breast compression. (e) Both the small camera and (f) a commercially available Anger camera can see a 13 mm-size lesion. A 7 mm lesion is not well resolved with the small camera (g) without compression but is (h) with mild compression. (i) Prone imaging with a standard scintillation camera cannot resolve the same lesion. (Courtesy of Roberto Pani, University of Rome, Italy). 

The group has observed that their small camera can adequately see malignant breast lesions that are <1 cm in diameter, which cannot typically be seen for prone imaging with a standard scintillation camera, due mainly to its inadequate positioning capability. With their system specifically designed for breast imaging (they prefer the terminology  single-photon emission mammography,  SPEM), the source— collimator distance is less than 5 cm and the scintillation detector (rather than the collimator) limits 
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the spatial resolution. Furthermore, the group has shown the benefits of increased sensitivity by using mild breast compression during imaging. 

These results are demonstrated in Figure 12g—i. Their clinical studies report a sensitivity of 80% for  d 1 cm-diameter lesions with mild breast compression and attributed the improvement over the standard camera to the high spatial resolution and close camera—tumor distance. 

A group at Thomas Jefferson National Laboratory has developed a small, high-resolution, single-photon scintillation camera for small animal research. The camera is also based on a 12.7 cm-diameter PSPMT 

(Hamamatsu R3292-02) and uses an 1.1 cm-diameter array of discrete 1 x 1 

x 3 mm3 CsI(Na) crystals separated by 0.2 mm white epoxy, and a custom high-resolution copper collimator (0.2 mm square holes, 0.05 mm septa, 5 mm thick; Thermo Electron Tecomet, Woburn, MA). The PSPMT has 28 

x 28 crossed anode wires. Connecting anode wires in small subgroups of two wires reduces the number of readout channels for amplification and digitization. No loss in spatial resolution was observed with this coarser sampling of the light distribution due to an improved SNR per wire subgroup. A mapping LUT extracted from a flood field image defines the crystal elements. The output of each crystal is treated individually to generate a gain map that corrects for crystal—crystal scintillation output variations as well as local PSPMT gain variations. For a 1.5 cm source-to-collimator distance, the measured spatial resolution is 1.5 mm FWHM; the geometric acceptance is approximately 0.008%, including dead space between crystals; and the point source sensitivity is 68 /cpm/µCi. 

IntraMedical Imaging, LLC (IntraMedical Imaging, LLC, Santa Monica, CA) has developed a small battery-operated gamma camera (Figure 13a) for surgical use (Figure 13b—c) in conjunction with 99mTc, 123I, and 111In-labeled compounds. The device comprises a continuous NaI(Tl) crystal coupled to a 7.6 cm-FOV cross-wire anode PSPMT 

(Hamamatsu R2486) with approximately 6 mm of surrounding lead shielding and a 5.5 cm-diameter useful FOV. The spatial resolution quoted is 3.5 mm FWHM and the sensitivity is 1500 cpm/µCi for a collimated 99mTc point source. 

The typical disadvantages of the single-tube PSPMT camera designs are poor photocathode uniformity, which causes large variations in gain and sensitivity over the FOV; significant charge spread in the dynode stages, which limits the intrinsic spatial resolution: relatively large dead area near the edges, which reduces camera sensitivity and usefulness; and relatively large thickness, which limits the compactness. 
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Figure 13 a) IntraMedical small intraoperative gamma camera. The unit has a 9 cm diameter, and 10 cm length, weighs 1.5—2.0 kg depending on the collimator, and is battery operated. 

Inset in the picture is the image of a 2 mm spot pattern of 99mTc. (b) The camera being used inside a colorectal cancer patient’s abdominal cavity. The tracer used is an 125I-labeled monoclonal antibody (Mab)-A33, injected 1 week prior to surgery. (c) Portal lymph node imaged for 5 minutes showing high uptake in the colorectal cancer patient. (Courtesy of Farhad Daghighian, Intra-Medical Imaging LLC, Santa Monica, CA). 

An improvement to the single-tube PSPMT small imager design is possible with the use of new-generation metal channel dynode PSPMTs. 

The metal channel dynode removes lateral charge diffusion in the charge amplification stages for higher spatial resolution performance with a cross-strip or multianode readout (Hamamatsu Photonics, 1995). Because these devices are only 2.5 cm across, they are grouped together for position sensitivity over a relatively large area, similar to the conventional Anger Camera except that each tube is position sensitive. The tube packaging can be modified to further decrease the dead area between closely packed units. 

With this configuration, it is possible to read out the narrow light distributions from a fine array of discrete scintillation crystals for high Figure 14 (a) A mobile scintillation camera shown mounted on an articulating arm with 5 degrees of freedom. (b) Camera head shown with the scintillation crystal array exposed. 

(c) Intrinsic flood field uniformity image (V= 2.7%) revealing individual PSPMT pattern. (d) Tc-99m breast phantom image with 15 mm-diameter (2.5 cc) lesion 5 cm from the low energy all-purpose (LEAP) collimator with a lesion-to-background activity concentration ratio of 10:1.(Courtesy of Lawrence MacDonald, Photon Imaging, Inc., Northridge, CA). 
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spatial resolution and linearity. This design was incorporated into a small-FOV camera (Photon Imaging, Inc., Northridge, CA) that has become commercially available (shown in Figure 14). 

This camera has intrinsic and extrinsic (2 cm from standard LEAP 

collimator) spatial resolutions of <2 mm and 3.4 mm FWHM, respectively, at 140 keV (both NaI(Tl) and CsI(Na) have been used). System sensitivities are 192, 266, and 488 cpm/µCi, respectively, for the LEHR, LEAP, and high-sensitivity collimators, respectively, comparable to corresponding values measured in large-FOV standard scintillation cameras. The best crystal energy resolution is 10% FWHM at 140 keV (median 15% for

>3000 crystals). The camera is highly compact with less than 1 cm dead area at the FOV edge and is less than 6 cm thick, excluding collimator, allowing close placement of the camera and easy maneuverability for most imaging views. It can easily be mounted onto a clinical mammography unit. 

The device is currently undergoing clinical breast imaging trials at the UCLA Medical Center. The camera, of course, may be also used in applications where a small, high resolution imaging FOV is needed, such as in parathyroid or bone imaging, and in intraoperative imaging applications including pancreatic, gastrointestinal, lung, and lymph nodes. For the latter application, a 2.5 cm-FOV, hand-held version, with intrinsic spatial resolution between 1.0 and 1.5 mm FWHM, is also available (Photon Imaging, Inc., Northridge, CA). 

A University of Virginia and Jefferson National Laboratory collaboration have developed a small-FOV single-photon breast imager based on a discrete CsI(Na) crystal array coupled to an array of compact PSPMTs (Hamamatsu R7600-C8; similar to the R5900 except with less housing material). The camera uses a LEHR collimator and surrounding shielding made of tungsten. The camera is incorporated into a digital X-ray mammography unit developed at Brandeis University to perform dual modality functional—structural imaging. Figure 15(a—e) shows the basic design of a detector module, the camera incorporated into the mammography unit, and an imaging result from their clinical trials being performed at the University of Virginia Medical Center. The system spatial resolution with breast compression is 5 mm FWHM using a high-efficiency collimator. 
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Figure 15 (a) Side view of compact metal channel dynode PSPMTs and top view of CsI(Na) pixellated crystal array module coupled to four PMTs. Each discrete crystal is 3 x 3 x 6 mm3

CsI(Na). The small camera comprises four such modules with a 10 x 10 cm FOV. (b) Incorporation of camera into digital mammography unit. (c) Mammoscintigraphy with Tc-99m sestamibi indicating a high focal uptake of a breast tumor. (d) Co-registered image of digital mammogram and mammoscintigraphy showing combined structural and metabolic activity images. (e) Corresponding digital mammogram image. (f) Picture of 8 x 6 array of compact PSPMTs for larger-FOV camera. (g) Flood field image of a detector module consisting of the 16 x 16 array submodule with 3.5 x 3.5 x 6 mm3 NaI(Tl) pixels coupled to 2 x 2 PSPMTs. (h) Energy spectra extracted from two crystal pixels in the flood image. 

(Courtesy of Stanley Majewski, Jefferson National Laboratory, Newport News, VA, and Mark Williams, University of Virginia, Charlottesville, VA). 

The Jefferson Lab group is also developing a second larger unit comprising a pixellated NaI(Tl) array (for more light) coupled to 48 

compact PSPMTs. Figure 15(f—h) shows a picture of the PSMT array, a flood-field image of one of the detector submodules, and extracted individual pixel energy spectra. To reduce the number of electronic channels required, the PSPMT array is read out by interconnecting the anode wires from each of the 48 tubes and forming a set of 32 x by 24 y wires as inputs to the centroiding readout system for event positioning. The measured sensitivity was 2.8 counts/s/µCi with a 2.5 cm-thick LEHR 

hexagonal-hole collimator. A specially designed etched tungsten collimator has been developed for this system. The system spatial resolution for a line source varied from 3.5 to 8.0 mm FWHM for source distances from 2.5 to 10 cm. The best energy resolution was 17% FWHM at 122 keV. 
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8.4.  ANNULAR SINGLE-CRYSTAL SPECT SYSTEMS 

8.4.1.  Overview: Annular SPECT Systems 

Instead of rotating scintillation cameras, an annular camera system uses a stationary annular crystal within which a concentric ring collimator is rotated. The first such system was CeraSPECT™, a brain-imaging camera developed by Genna and Smith in 1988 and 1995 (Genna, 1988a; Genna 1988b). Brain-imaging was a particularly convenient first application of an annular camera, primarily because it was possible to encircle a patient’s head with an annular single-crystal camera using conventional technology. 

The main advantage of such a system over rotating camera SPECT is its ability to transaxially sample gamma rays more efficiently over a 2ʌ crystal geometry. Other performance advantages of an annular camera include patient-friendliness due its stationary design, system stability, and the elimination of rotation ring artifacts arising from crystal non-uniformity. 

CeraSPECT typically uses a relatively thin (10 mm) crystal in order to restrict light-spread for high-resolution imaging and a triad of parallel-hole collimators to sample gamma-ray projections over the crystal’s surface. 

More recently, new collimator designs incorporate continuously varying converging focuses to provide still higher sensitivity and resolutions by magnifying gamma-ray projections and sampling gamma rays more efficiently. 

An annular camera may also be designed as a hybrid bridge between SPECT and PET, although the requirements for each are often contradictory. Good low-energy SPECT typically requires thin crystals, while high-energy coincidence detection demands thick ones. Thick crystals are usually antithetical to the narrow light-spread needed for good intrinsic resolution and the low parallax requirements of PET. In a hybrid annular brain camera, therefore, (a) the crystal must be thick for high sensitivity; (b) the diameter must be small for good SPECT resolution; (c) the light-spread must be narrow for good intrinsic resolution and low pulse-pileup; and (d) there must be a means for determining the depth-of interaction (DOI) at which gamma rays are converted into light scintillations. All of this requires radical optical design modifications to control the spreading of light from its scintillation points of origin to the camera’s photosensors. 

The making of annular scintillation cameras to image other body organs, such as the breast, while conceptually attractive, was not pursued until recently due to the fact that conventional gamma camera optics, constrained by crystal-to-glass-window light coupling requirements, 
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precluded position analyses near the edges of the camera. A fundamental requirement for tomographic breast imaging is that as much breast tissue as possible should be included in the camera’s field-of-view. Typically, a scintillation camera cannot image within 30 to 50 mm of its edge, so that a camera cannot encircle a breast and image close to its chest wall. It is possible, however, to modify the light optics of a single crystal scintillation annular camera, in combination with axially slanting collimation, to enable it to image to within 5 mm of the chest. 

More recently, as a result of increased interest in small animal imaging, innovative methods of utilizing an annular crystal in combination with rotating pinhole collimators are in development. For this application, projected images are magnified through a multiplicity of pinholes to achieve high intrinsic resolution in combination with high sensitivity. 

8.4.2.  Principles and Design of CeraSPECT

Except for geometry, the methods used to construct the first annular camera detector followed those used to make conventional planar cameras. 

CeraSPECT's annular crystal measuring 310 mm inside diameter, 130 mm long and 10 mm thick, is cut from a single crystal. It is then coupled to an outer ring of glass using the same light-coupling silicon gel that is used in planar cameras and the crystal is hermetically sealed in a torroidal envelope comprised of the outer glass window ring joined to an inner annular aluminum shell. As illustrated schematically in Figure 16, photomultipliers (PM) are coupled with optical grease to the glass window to complete the optical link between scintillations in the crystal and the camera’s photosensors, as is conventional practice. A collimator system that rotates internally to the annular crystal is typically structured with three identical parallel-hole collimator segments oriented in 120 degree offsets. This is the design of CeraSPECT, annular brain camera. 

The internal optical characteristics of the CeraSPECT annular single-crystal cameras are similar to those of planar systems. One difference is that in an annular camera, light emissions from a scintillation event traveling in its angular direction reach the photosensors through shorter path lengths because of crystal curvature. Also, because its circular optical pathway is continuous, there are no edge distortions in the angular direction. Both of these conditions narrow the light-spreads from scintillation events and result in continuous angular PM response functions having improved 



OVERVIEW OF SPECT 

73

Figure 16 CeraSPECT annual brain camera. The three-segment parallel-hole rotating collimator system samples gamma rays uniformly across the camera FOV. 

position analysis characteristics. In an annular camera having the dimensions of CeraSPECT, angular optical continuity is paramount, lest projected data-gaps in the stationary crystal overly compromise reconstruction fidelity. 

The three-element parallel-hole collimator system shown in Figure 16 

does not make full and efficient use of the 2ʌ crystal detector. Each collimator has to have a field-of-view at least 20 mm larger than a human head to accommodate all patients. This results in sizable gaps at each of its three collimated junctions. These gaps reduce the amount of crystal surface that is exposed to projected gamma rays. Collimator channels pointing towards outer regions of the brain also make less efficient use of valuable crystal surface area than do centrally disposed holes, since their axes subtend larger angles with the normal to the crystal surface. It should also be noted that the information content in projected data collected from peripheral regions of the head is less than that from data projected through central brain regions, which sample larger number of cells. Nevertheless, as is also commonplace with most rotating cameras, all regions are sampled equally. For equivalent overall resolution per unit volume of brain matter, 
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the camera of Figure 16 provides sensitivities that are comparable to those of triple-headed fan-beam rotating cameras, primarily because the closer proximity of an annular detector to the brain compensates for the focused sensitivity of planar rotating cameras. 

With respect to image artifacts and system stability, an annular SPECT 

camera system employing a stationary crystal with an independently rotating collimator enjoys certain other advantages relative to rotating cameras. System artifacts caused by crystal non-uniformities are virtually non-existent in a stationary crystal camera, thus greatly reducing the need for quality assurance. In a rotating gamma camera, crystal non-linearities and non-uniformities rotate with the detector resulting in bull’s eye, ring, and other artifacts. Some sources of non-uniformities are magnetic field variations, as a function of camera position and, often more troublesomely, temporal changes in linearity calibrations that arise primarily as a result of temperature-sensitive PM gain drifts. For rotating cameras, this often requires daily quality control, whereas for annular cameras, weekly PM 

gain matching is usually sufficient. 

8.5.  LIGHT OPTICS MODIFICATION IN SCINTILLATION CAMERAS 

In 1995 Genna proposed coupling an annular crystal to its PMs by means of a liquid interface. In place of the rigid crystal-to-glass interfacing of Figure 16, in this design the crystal and its surrounding PMs are mounted independently within a toroidal structure that is filled with hydrophobic light-transmitting oil. This structure provides a simple means for geometrically configuring the optical components of the camera optimally in a more secure and stable environment for the crystal and PM. The hydrophobic fluid seals and protects the crystal from oxidation. It also insures reliable optical coupling, unaffected by differential temperature expansions of the crystal and glass, and precludes the drying and separating of the optical bond between the glass and its PM, as may occur in conventional cameras. Also notable is the fact that the temperatures of the PMs are kept uniform by immersing them in a bath of oil. As a result, temperature-related gain drifts, which are a major cause of system instability, are virtually eliminated. Liquid interfacing also permits the use of unorthodox light collection and transmission geometries, including unconventional PM orientations and light-reflectors interposed between the crystal and its PM. 
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The light-transfer characteristics of a scintillation camera substantially affect its performance. In general, it is advantageous to design a system so that the half-width of the light collected by a PM, as a function of the displacement of a scintillation event from the axis of the PM, i.e., its light transfer function (LTF), approximates a PM width. It is also preferable that this function falls sharply with distance so light is essentially confined to three PM widths. Typically, the LTF is best in thin crystal cameras that are about 10-mm thick, and deteriorates rapidly with increasing size. A task of good optical design of thick-crystal cameras is to narrow it’s light-spread. 

Figure 17 illustrates three methods of modifying light transfer from scintillation events by altering crystal reflection and refraction within the crystal and at its boundaries. The dispersion of light by back-reflection from the gamma-ray entrance face of a crystal may be reduced through the use of retro-reflectors. Figure 17a illustrates retro-reflectors shaped as right angle pyramidal surfaces cut into the face of a planar crystal. These pyramids, when coated or backed-up with light-reflecting material, cause light to be refocused back towards its origin. The light-narrowing effect of such retroreflectors were first simulated by Strobel et al., and demonstrated by Genna, et al. Figure 17b shows a still more recent method of narrowing light-spread by introducing scattering structures within the crystal. Shown is a family of cylindrical columns extending through both faces of the crystal. These holes may be filled with air or other material of index or refraction different from that of the crystal, such that light is scattered by reflection and refraction at their boundaries. It can be shown that the cross section for the scatter of light from the columns is proportional to sin ș, where ș is the angle that a light ray makes with the axes of the columns. Thus, light traveling perpendicular to the axial directions has the highest probability for scatter, and light traveling parallel to them has the lowest, leading, on multiple successive scatters, to a narrowing of the LTF. A 30-mm crystal, for example, having right-circular cylinder scattering columns occupying about 15% of the crystal volume in combination with retro-reflectors, yields LTF having widths that are comparable to those of a conventional 10 mm thick crystal. This combination also results in LTF which are independent of depth within the cylinder. 
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Figure 17 Three methods of narrowing the light spread transmitted by scintillation events to a camera’s photomultipliers. (a) Pyramidal retroreflectors direct light rays back to their origins while light scattering columns interrupt and scatter light preferentially towards the crystal surfaces. (b) Circular columns yield light spreads that are independent of the DOI of gamma rays within the crystal. (c) Cone scattering structures make the light spread depth dependent so as to enable DOI analysis. 

8.6. SOLID STATE PHOTODETECTORS 

One potential development is the replacement of the photomultiplier tube with a solid state photodetector such as a PIN photodiode or an avalanche photodiode (APD) array, as shown in Figure 

18. The successful 

development of economical, reliable solid state photodetector arrays would significantly alter the requirements for SPECT scintillators. The quantum efficiency of solid state photodetectors is significantly higher than photomultiplier tubes (> 80% instead of ~ 25%), so the limits put on energy resolution by scintillation photon counting statistics are reduced and better energy resolution may be achievable. The fact that each scintillator crystal is an independent detector element greatly reduces the dead time constraints, and so decay lifetimes up to two orders of magnitude longer (~100 µs) can be tolerated. Silicon based photodetectors have good quantum efficiency in a different wavelength range than photomultiplier tubes (400–900 nm rather than 300–500 nm), so it is desirable to use scintillators that emit at longer wavelengths. However, the lower signal to 
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noise ratio in these devices (compared to a photomultiplier tube) would require higher luminosity in order to achieve the requisite energy resolution. 

Several prototype cameras (Patt, et al., 1998; Choong, et al., 2002) and a line of commercial cameras  have been constructed with arrays of pixellated CsI:Tl crystals read out by a PIN photodiode array. The energy resolution of these devices for 140 keV gammas is comparable to that of an Anger camera and the intrinsic spatial resolution is slightly better. Because of the pixellated nature of the scintillator, collimators with a square hole pattern that is matched to the scintillator array (rather than a hexagonal hole pattern) are sometimes used. PIN photodiodes are used instead of APDs due to the long (several microsecond) decay time of CsI:Tl. APDs have a gain of a few hundred while PIN photodiodes have unity gain, but this mainly improves the signal to noise ratio at short shaping times (<1 Ps). At the longer shaping times necessitated by CsI:Tl, the signal to noise ratio is dominated by the leakage current, and APDs have proportionally more leakage current than the PIN photodiodes used for SPECT. 

Array of 64

Avalanche Photodiodes

1" 

64 Scintillator 

Crystals

30 mm

1" 

(3 mm square)

Figure 18 SPECT Module Using Solid-State Photodetector. The module consists an array optically  isolated  CsI:Tl  scintillator  crystals,  each  3  x 3  x 5 mm3 deep coupled to a photodetector array. When a 140 keV photon interacts in any of the elements, the scintillation light is detected by one element of the photodetector array. 

9. Conclusion 

Single photon nuclear medical techniques have been used for over 50 years to image biochemical processes in living organisms. Most involve imaging photons with energies of 80–350 keV, as these photons can be produced by radioisotope decay, penetrate the body with reasonable probability, and be detected with high efficiency and good spatial resolution. Detectors for these applications have seen many years of development and refinement, and generally involved high detection efficiency (to maximize image quality for a given patient dose), good energy resolution (to minimize 
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background from Compton scatter in the patient), low cost (as there is a competitive commercial market for these devices), and moderate (3–5 mm) spatial resolution. However, improvement in performance enabled by improved scintillators is both possible and desired, with the biggest potential gains enabled by improved energy resolution (which can reduce the fraction of Compton scattered events) and increased luminosity (which reduces cost by reducing the number of photomultiplier tubes needed). 
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NEW TRENDS IN PET DETECTOR DEVELOPMENTS 

PAUL LECOQ*

 CERN, Geneva, Switzerland 

Abstract.  In-vivo molecular imaging is going to encounter a spectacular development in the coming years as it will allow to bridge post-genomics research activities with new diagnostics and therapeutic strategies for major diseases. In particular the molecular profiling of tumors and gene expression can lead to tailored therapies and therapeutic monitoring of major diseases like cancer, degenerative and genetic diseases. Moreover the repeatability of non-invasive approaches allows more precise evaluation of drug targeting and pharmacokinetics studies on small animals, as well as precise screening and treatment follow-up of patients. At the same time the impressive technological developments in several areas of applied physics, in particular to answer the challenge of a new generation of particle physics detectors and of the development of an information based society open the way to a major breakthrough in the performance of presently available imaging tools. This talk will explain what are the critical parameters of modern medical imaging and what are the conditions for a significant breakthrough in sensitivity, spatial resolution and multimodality capability compared to presently available PET scanners. In particular it will illustrate the need for the development of a high resolution, high sensitivity multi-energy X-ray/gamma detection module compatible with very high imaging magnetic field. This module should provide a quantum step towards truly multimodality for in vivo molecular imaging involving MRI, CT, PET 

and/or SPECT able to co-register the anatomy with the metabolic function quantitatively. CT is important in this regards, since it can be used to scale up the attenuation map and obtain absolute activity measurement in the case of PET. 
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Keywords: PET, tomography, medical imaging, molecular imaging, multimodality 1. Introduction 

The very rapid progress of imaging sciences and the projections of their growing impact in the next decade offer unique perspectives in bridging the gap between molecular biology and physiology. The genomic alphabet has been decoded but its dynamic expression, its grammar, remains to be studied and understood. In-vivo molecular imaging of gene expression is now within reach through the development of more and more elaborated molecular probes as well as of sophisticated techniques to significantly improve the performances of modern imaging devices. 

For what concerns the clinical aspect it is well established that early detection of major diseases and their treatment follow-up are among the highest challenges of health care policy for the coming years. New therapeutic strategies are entering the world of neurological and psychiatric diseases for example, leading to getting as shortly as possible information on the pathological status of the patient in order to start adapted therapeutics and therefore minimizing the handicap. This is also true for treatment for inflammatory diseases such as rheumatologic inflammation and cancer treatment1. 

Moreover the non-invasive determination of the molecular signature of cancers in the early stage of their development, or even before the tumor growth will help targeting the therapeutic strategy and considerably reduce the number of unnecessary biopsies. As an example a recent study has shown that the poor sensitivity of standard X-Ray mammography for dense breasts leads to about 600’000 unnecessary biopsies performed every year on women in USA. This represents a direct cost of more than 1B$, not even considering the social and psychological costs. It is clear that an appropriate non-invasive exploration such as SPECT or PET would allow a much less traumatic and cheaper alternative for these X-Ray mammographs difficult to interpret, which represent nearly 30% of the cases. The biopsies would then be restricted to the case where there is a clear evidence of a tumor. In such cases where a biopsy is indeed needed a stereotactic sytem associated to a positron emission mammography device would allow a much better guidance to the active focus of the tumor. This consideration is of importance today but will be more and more in the future. The objective of the screening being to detect tumors at the earliest possible stage, when their development will be at the level of a few millimetres (as compared to a few centimetres today), the classical palpation will not be applicable any more for guiding the biopsy. Moreover certain infiltrating tumors increase 
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the risk of giving a false negative result if the active focus is not properly determined. 

Another aspect is the increased demand of patients for modern investigation tools, like PET scans and MRI. This has an important social impact which needs to be considered through technical improvements but also through better education and dissemination of medical and technical information. The cost of the equipment infrastructure which obviously limits the numbers of installations puts a very high pressure on the existing systems. If we consider that a full body PET scan with presently available commercial devices allows a patient throughput of not more than 7 to 10 

patients per day, and that major centers in Europe today are equipped with not more than 2 or 3 machines, the need to reduce the scan time appears of prime importance. We believe that a gain of a factor 2 to 3 is rapidly achievable by the implementation of technologies already developed in the field of High Energy Physics detectors, and by an adequate management of the attenuation corrections in a multimodal approach. Reducing the scan time will also have a direct impact on the image quality as this will reduce the blurring induced by patient movements, respiration and bowl transit. 

Higher sensitivity also opens perspectives for lower injected doses to the patient. This is particularly important for screening policies and for examinations of young patients. The age of patients subject to systematic screening is of course determined by the prevalence curve as a function of age but also by the potential risks related to accumulated dose. As an example the breast cancer or ovarian cancer screening in women is so far limited to women not likely to become pregnant. If the prevalence curve of these cancers is compatible with such an approach for the majority of women this does not allow, on the other hand, to adapt this policy to populations at risk. 

The economical impact is also very important in different areas. The postgenomic research and the pharmaceutical industry require small animal PET scanners of high performance, possibly associated to other modalities like MRI or CT. So far few companies are producing such machines but this very rapidly growing market opens new opportunities, particularly if significant progress can be made on the performances of these machines. 

This is what the Crystal Clear Collaboration2 at CERN has initiated with the German company Raytest for the ClearPET®, a new generation of small animal PET scanners3. Similar efforts are slowly emerging for different dedicated imaging devices but there is a clear need to speed-up and reinforce this trend. Dedicated PET scanners have not yet reached the stage of a commercial development. There is nevertheless a large effort worldwide, to which several academic and industrial actors are contributing worldwide, to develop prototypes for breast, prostate and brain. A very 
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significant example is the one of brain dedicated machines, with possible MRI co-registration capability. The National Institute of Health (NIH) is presently investigating the possibility to recommend PET scans for the screening and treatment follow-up of the Alzheimer disease. Would their decision be positive, this would undoubtedly boost the demand for such dedicated machines in a similar way as the FDG agreement launched the PET scans for oncology a few years ago. 

Finally the combination of PET/CT machines4 has considerably modified the perception of such systems within the medical community and offers new perspectives. The impressive investments recently made by the two leaders of the market (GE and Siemens) are a sign of their vision of the growth of this market in the next decade. This new approach of combining morphologic and functional techniques, not only offers a much higher diagnostic potential, but also opens ways to merge these two fields which have traditionally be competing together. This, according to marketing experts, will have a strong impact on the development of the sales. Here again the important gain in sensitivity, resolution and true multimodality offered by new technologies developed in other fields of sciences should allow impressive performance breakthrough. 

2.  PET based molecular imaging 

Isotopic imaging, in particular Positron Emission Tomography (PET), is currently being spectacularly developed. Isotopic imaging consists in injecting a patient with a molecule involved in a specific metabolic function so that this molecule will preferentially be fixed on the organs or tumors where the function is at work. The molecule has been labeled beforehand with a radioisotope emitting gamma photons (Single Photon Emission Computed Tomography) or with an isotope having lost enough neutrons to emit positrons – or anti-electrons – in the case of Positron Emission Tomography (PET). In the latter case, the positron disintegrates very quickly on contact with ordinary matter, emitting two gamma photons located on the same axis –called the line of response (LOR)– but in opposite directions, with a precise energy of 511 keV each. Analysing enough of these gamma photons – single for SPECT or in pairs detected together for PET – makes it possible to reconstruct an image of the areas (organs, tumours) where the tracer focused (Figure 1). It is worth noting that the most often used photon emitters are 18F, 11C, 15O, 13N, which are all isotopes of the atoms most frequently found in organic molecules. 
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Figure 1 PET image of a patient with multiple metastases. 

Studying the impact of isotopic imaging and its positioning regarding other non-invasive imaging modalities shows that if its functional picomolar sensitivity is several orders of magnitude bigger than magnetic resonance imaging’s – which opens incredible perspectives in the field of cell and molecular imaging and for instance in the field of genomic expression – the detection efficiency compared to the dose injected to the patient, which is also called “sensitivity”, is strongly limited by technical constraints, and spatial resolution is still not good enough. (Table 1) Table 1 Comparison of the performances of four imaging modalities Imaging modality 

Type of imaging 

Examination duration 

Spatial resolution 

PET Functional 

30-45’ 4-6 

mm 

(picomolar

sensitivity)

SPECT Functional 

30’ 

6-8 

mm 

MRI Anatomical 

10’ 0.5 

mm 

Functional

(millimolar

sensitivity)

CT 

Anatomical  

1’ 

0.5 mm 
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Besides, new needs arise from progress in the medical and biological fields, which implies that imaging performances have to be constantly improved. Clearly, in order to fulfill the needs of quantitative cell and molecular imaging, of dynamic studies over a certain length of time and of individualised therapy focusing on the patient’s genotype, a strong demand for technical improvements5 will arise to address issues very similar to those that currently come up in large particle detectors, namely: x integrating a very large number of increasingly compact measuring channels (several hundred thousands) 

x extremely high acquisition rates (up to, and more than, 10Mhz) x bandwidths that will have to deal with data rates of more than several dozens of gigabytes / second 

x a considerable number of events – several billion – needed to reconstruct an image 

x each image has a huge volume of data – about 1000 gygabytes – and needs great calculation power to be reconstructed 

x integrating technologies requiring pluridisciplinary competences within complex, compact and reliable systems 

To address these challenges innovative technologies are required; some of them are being developed for other instrumentation sectors, in various fields; one can quote: 

x new denser and faster scintillating crystals or direct conversion materials

x highly segmented and compact photodetectors 

x low noise and highly integrated electronic equipment 

x data acquisition systems based on highly parallelised architecture x efficient data filtering algorithms

x modern and modular simulation software based on universally recognised standards 

x high performance image reconstruction and analysis algorithms In the last few years, there have been noticeable improvements on commercial imaging equipment, especially with new PET/CT equipment combining anatomical and functional information. But progress is far from having reached its full potential, especially as medical imaging in general, but also isotopic imaging in particular, have but partially benefited from significant technological improvements in other fields like tele-communications or particle detectors. Yet, the search for a balance between 
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the various constraints and incompatibilities and the necessary cost control will make it necessary to achieve compromises built on solid expertise in various fields differing from one another. 

The challenge for functional isotopic imaging lays in its capacity to quantitatively measure metabolic values. To achieve this aim, the constant goal in methodologically developing imaging equipment is to increase resolution: this means improving both the imaging system’s spatial resolution, that is, its capacity to discriminate two separate objects, and the measurement’s signal to noise ratio, that is, how precisely a metabolic agent’s concentration in a body area can be determined. The precision of the concentration's measurement depends mainly, but not only, on the imaging system’s sensitivity, that is, its capacity to detect efficiently the radioactivity emitted by the patient’s body, and therefore its capacity to accumulate the statistics needed to tomographically reconstruct the radiopharmaceutical tracer’s distribution. 

Thus, the perspectives to develop isotopic imaging in the future revolve around three goals: 

x improving sensitivity 

x improving spatial and temporal resolution 

x truly integrated multimodality and multifunctionality In order to best organize these developments a European centre for research in medical imaging, Cerimed6, is under being set-up in Marseille, France. 

The goal of Cerimed is to provide a space of synergy and exchanges for the various scientific disciplines involved in medical imaging, in direct connection with the industry. The aim is to create, in Europe, a pole of competence and infrastructures where an ambitious research and development programme can be implemented in the field of medical imaging, focusing on the future generations of medical imaging systems, whose contribution will, as is now widely known, be a decisive one in solving the great public health issues of our time. 

3. Improving 

sensitivity 

Sensitivity is defined as the ratio between the detected number of radioactive disintegrations and the radioactivity which was injected to the patient and fixed on the organ one wants to study. It reaches at best 2 to 3% 

in the case of PET scans on small animals, and 0.05% in the case of whole body PET. It must be added here that with whole body PET scanners only the patient’s thorax can in fact be visualised, which is sometimes a limiting factor, for instance in oncological studies of bone metastases in limbs. In 
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the medium term, a sensitivity of 10% for small animals and of 1% for whole body scanners seems to be a perfectly reasonable goal. 

Sensitivity absolutely has to be improved for many reasons. First, examination durations have to be shortened. Today, a whole body scan lasts about 30 minutes, but it should be possible to reduce this time to a few minutes only. Thus, patients’ comfort should be significantly improved. 

And improving the productivity of costly equipment and infrastructures would obviously have a significant impact on the cost of examinations. 

Shorter acquisition times would also have an effect on image quality because the impact of the patient’s natural moves – breathing and cardiac activity, digestive tractus, etc. – would be significantly reduced. Quicker metabolic processes could be followed, which is crucial for pharmacokinetic studies. 

In some cases, better sensitivity could help reduce injected doses, which would open new prospects for young or pregnant women and for children. 

It also has to be noted that image quality is determined as much by sensitivity as by spatial resolution, since the signal-to-noise ratio per voxel is the defining factor. To double linear spatial resolution, a 16 times higher noise equivalent rate is necessary if the statistical quality of the image is to be maintained. The capacity to acquire the image in a reasonable time – that is, as quickly as possible – depends on many factors which simultaneously influence the noise-equivalent measurement of the imaging system and of the radioactivity administered to the patient. To quote only a few, we can mention the imaging system’s geometrical acceptance, the efficiency and energy resolution – thanks to which the energy selection of events can be improved, which means that in the case of a coincidence system the diffused events can be discriminated more easily–, the time resolution – 

thanks to which, in a coincidence system, the width of the coincidence window can be reduced, which means random coincidences can be rejected more efficiently –, and the dead time of the detectors. 

On the other hand, it is obvious that looking for increasingly precise molecular signatures for the main diseases so as to devise individually targeted therapies adapted to the patient’s genotype makes increasingly sensitive equipment more and more on demand. For instance, the analysis of neoplasmic tissues and tumoral cells is currently mainly based on anatomical characterization by X-ray or microscopic examination of samples obtained by biopsy. Thanks to a non-invasive approach the number of biopsies should be reduced by preliminary study of the pathological nature of some tissues and by taking into account the amplitude, the range, the localisation and the development over time of various biochemical processes in their natural environment in the human body. In this way, the nature of the pathology could be established, at least partially, through 
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molecular imaging, using an array of radiopharmaceuticals giving information on cell proliferation (FLT), on energetic metabolism (FDG) or on aminoacid synthesis (methionine) in the various tissues. In order to achieve multitracer analysis of various biochemical or pathophysiological processes, several radioactive tracers have to be administered successively. 

In order to keep the doses tolerable for the patient high-sensitivity PET 

scanners have to be developed. 

Moreover, the quantitative aspects of molecular imaging are crucial to build new biomedical knowledge and to develop new and effective tools for diagnosis and therapy. In vivo quantitative biochemical analysis should pave the way for new non-invasive techniques to obtain pathological and pathophysiological determination of living cells much more precisely than is the case today. Isotopic molecular imaging’s remarkable chemical sensitivity for concentrations of about pmole/g tissue normally makes it possible to get relevant information on molecular density in quantitative terms. Yet, technical limitations inherent to current imaging systems – non uniform response of the detector to radiation, many random coincidences which create important dead times, and many other factors which limit instrumental sensitivity – generate a lack of precision in quantitative determinations which easily reaches a 50% error rate. 

To improve sensitivity, we need denser and faster scintillating crystals or direct conversion materials, more compact and adaptable geometries, lower-noise and faster acquisition electronics, more parallelised acquisition architecture with integrated intelligence, and at least partial use of the information included in the events diffused in the patient or in the detector. 

Potential progress in these fields are described in the next paragraphs. 

In some cases, building dedicated equipment might be the right solution to study an organ (brain, breast, prostate) in a more efficient and optimised way. 

4.  Improving spatial and temporal resolution 

Spatial resolution reaches 1.5 mm to 2 mm at the centre of the view field of small animals PET, but quickly gets worse when going away from the axis. 

In whole body PET it is at best 4 to 5 mm. In both cases, temporal resolution is about 5 nanoseconds. Developing and mastering modern technologies should make it possible to reach a 1-mm resolution for small animals PET or for scanners dedicated to specific organs, and a 2-mm resolution for whole body scanners. Similarly, temporal resolution should be reduced to a few hundred picoseconds. 

Good spatial resolution is obviously interesting to study small animals, but also human beings: increasingly small structures which are involved in 
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specific metabolic processes can thus be visualised. Anatomical localisation can also be more precise and fusion with CT or MRI information can be improved. But it is in the field of quantification that the improvement potential may be the most significant one. By concentrating the measured flow on the voxels which are really involved and by diminishing the blurring effects caused by insufficient spatial resolution, the dynamic sensitivity of the radiotracer’s concentration measurement (SUV) can be significantly improved. 

To improve spatial resolution scintillating crystals and quicker treatment and acquisition electronics are needed. It has a double impact on image quality:

x as the width of the coincidence window is reduced, the number of isolated events decreases linearly. The proportion of random coincidences, which increase the detector’s dead time and introduce noise into the image, is therefore reduced to the square. Images are less noisy and require less filtering, increasing consequently spatial resolution and contrast. 

x by the use of time of flight information along the line of response (LOR), it also makes it possible to eliminate many random coincidences and to sensibly reduce image noise. 

As has already been explained in the previous paragraph, improved sensitivity has a direct impact on image quality, and therefore on actual spatial resolution because the unavoidable alterations caused by the patient’s moves are reduced (shorter examination time) and because the signal-to-noise ratio per voxel is improved. 

There are four factors which limit a PET camera’s spatial resolution7: x the positron’s mean free path: once the ligand has fixed itself on the organ or tumor which is to be studied, the neutron-poor radioisotope used to label it emits positrons – or anti-electrons – at a speed which depends on the isotope. As the annihilation probability of this positron with an electron belonging to the surrounding ordinary matter is at its maximum value when the positron has sufficiently slowed down, there is a difference between the emission point of the positron which is to be imaged and its annihilation point. This difference is about 0.5 mm in the case of 18F, but it can reach several mm for other isotopes – 4.5 mm for 82Rb, for instance. This consequence is often considered as an intrinsic physical limitation of PET spatial resolution, but it can be significantly attenuated thanks to various electromagnetic artifices. For instance, the positron’s trajectory usually revolves around the lines of a magnetic field – which is naturally present in the case of a combined PET-MRI camera –, which therefore reduces its actual free motion. It also has to 
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be noted that positron annihilation probability as a function of its speed is a well-known function but it is not exploited today in image reconstruction algorithms. 

x non-colinearity of the two gamma photons deriving from positron annihilation: according to the laws of kinetics the two gamma rays resulting from the annihilation of a motionless positron have to be emitted on the same line of response (LOR) in opposite directions. In actual practice the positron often still has residual kinetic energy left at the moment when it is annihilated, which causes an average acolinearity of the two gamma photons of about 0.25°. The error in the reconstruction of the emission point varies like the square of the scanner’s radius. In this regard, it will be a great advantage to build equipment dedicated to the study of specific organs whose detectors can come as close as possible to the areas to be studied. Besides, exploiting statistical information on positron annihilation should make it possible, here again, to reduce the consequences of this imprecision. 

x size of the detection crystal (or pixel): today, it is the determining factor in spatial resolution limitation. Typically, the reconstruction error of each LOR is given by the half width of each pixel. It is mainly thanks to the use of higher-density crystals and highly segmented photodetectors that spatial resolution can be improved. A significant increase in the number of channels, resulting from finer detector segmentation, implies that important efforts have to be made in order to find cheap solutions at the level of photodetectors and reading electronics. Difficult engineering problems have to be solved in order to integrate all the channels in a small volume and to keep the electronic equipment’s thermal dissipation at an acceptable level. 

x parallaxe effect: good spatial resolution has to be obtained not only on the axis, but also on sufficient patient volume. The depth of detecting crystals is limited by the density of the crystals and it cannot be reduced without altering the detector’s sensitivity. As the conversion point of the gamma photon in the crystal is not known, spatial resolution gets worse when getting away from the scanner axis. This effect, which is known as parallaxe error, is all the more important as the scanner’s radius is small (Figure 2). To limit this effect, one solution is to segment crystals in depth in a so-called phoswich configuration. If pertinent emission wavelength parameters and decay time are chosen for the crystals to be used, the reading electronics can differentiate a conversion occurring in the front part or in the back part of the phoswich. Spatial resolution is therefore much more homogeneous on a larger field of view (Figure 3). 





92

P. LECOQ 

Figure 2 Parallaxe error. 

Figure 3 Spatial resolution with and without phoswich (Crystal Clear). 

5.  Multimodality and multifunctionality 

The spectacular development of bimodal acquisition systems, for metabolic, functional and anatomical data registration, like PET/CT type equipment4 – 

700 existing machines as of today –, is radically modifying the managing of 
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the patients thanks to increased precision in diagnosis and results interpretation. Although this approach is just starting to be developed, it helps to diminish significantly the number and the total duration of imaging scans for a single patient and to improve interpretation quality. 

Simultaneous PET/CT imaging brings other benefits in the planning of radiotherapy, which is a promising area for research and clinical applications. The principle of radiation therapies is to modulate intensity according to the spatial distribution of the area to be treated (Intensity-Modulated Radiation Therapy, known as IMRT). Putting together PET 

images, which provide information on the metabolic extension and heterogeneity of tumoral tissues, and CT images, which provide precise structural location, makes it possible to draw an irradiation map helping to focus therapy on the areas where the tumour is particularly active. In these conditions, it seems reasonable to bear systems integration in mind when designing the improvements to be made on imaging machines. 

The most frequent equipment combines a PET scanner and a XRay-CT 

machine. It actually consists in merging images acquired thanks to two distinct machines (which are gathered in the same box, though) at two very close, but not simultaneous, moments. The machines are generally not mounted on the same rotary holder. The result is imprecision caused by image adjusting and to external and internal moves on the part of the patient. Simultaneous recording of anatomical (CT) and functional (PET 

and/or SPECT) information by the same reading head is far from impossible, since, for instance, thanks to improvements in microelectronics, it is already possible to integrate a photodetector or a photoconductor directly into a CMOS chip. Besides, the high sensitivity of modern ASIC 

chips makes it possible to develop electronic reading canals able to count each individual event, which could be perfectly appropriate for CT, PET 

and SPECT data acquisition. This is a particularly interesting perspective, because it would make it possible to correct attenuation and partial volume parameters more precisely. X-ray data (CT) provide crucial information helping to correct the unavoidable attenuation factors from the patient’s body in PET images and to improve image quality and diminish the influence of artefacts. Partial volume effect is caused by PET’s limited spatial resolution, which dilutes information from small hot spots onto the whole concerned voxel(s). CT information, whose anatomical precision is much better, helps to correct, at least partially, these negative effects. But such correction is made difficult if both imaging systems acquire data in distinct, poorly correlated spaces. In the case of attenuation and partial volume correction, it is crucial to record both data sets as simultaneously as possible so as to guarantee perfect image superposition. 
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Because it avoids duplication of data acquisition and image reconstruction functions, and because it helps to diminish the number of imaging examinations and to shorten total examination duration, an integrated approach of PET/CT imaging offers both opportunities to reduce costs and to improve information quality. 

Another way of obtaining images associating great anatomical precision and high sensitivity functional information is to merge magnetic resonance (MRI) and PET images. As in the case of PET/CT, and for the same reasons, both data sets have to be acquired as simultaneously as possible, even if a universal acquisition system cannot be considered here because of the huge differences between these two modalities. The PET/MRI approach is particularly promising to study the brain, for which image adjusting is easier, because of MRI’s essential contribution in this field. 

Besides, BOLD contrast MRI, which relies on the variation of blood oxygenation level, proves more and more promising every day as a tracer of neuronal activity in functional MRI imaging. Combining this approach with PET functional imaging using various ligands (dopamine, serotonine, acetylcholine, glutamates, opiates, etc.) opens new ranges of possibilities to better understand fundamental neurotransmission mechanisms in the brain. 

Yet, a number of significant technological problems arise from recording almost simultaneously MRI and PET images; these problems are mainly caused by the presence of powerful magnetic fields in MRI, with a high homogeneity constraint. To combine the two systems, innovating technologies are needed. It is particularly the case for the photodetectors used in PET scanners, since classical photomultiplicators do not work in a magnetic field. Significant research and development efforts, initiated to answer demand from the field of particles physics, are being made to develop avalanche photodiode matrixes which should answer this need; these new detectors have another advantage: they are extremely compact and require power tensions of only a few hundred volts, while photomultiplicators need kilovolts. Besides, conducting or ferromagnetic materials have to be carefully avoided because they could alter the homogeneity of the MRI’s magnetic field. Other technical difficulties which have to be solved are linked with gradient coils and to MRI’s radiofrequency fields, which require protection against Foucault currents and electromagnetic noise. 

Finally, let us state that thanks to the combination of PET and SPECT 

imaging and to intelligent use of the labelling of various ligands used in PET imaging, a really multifunctional approach of imaging can be considered. Because it makes it possible not only to detect, but also to identify tumoral tissues simultaneously, such an approach could prove extremely useful in other fields than cognitive sciences. 
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6.  New conversion materials 

6.1. SCINTILLATING CRYSTALS 

The scintillating crystals used in PET scanners have to be dense, with a high atomic number, so as to optimise detection efficiency, and fast, so as to reduce the dead time. The width of the coincidence window can therefore be reduced, thus allowing to eliminate as many random coincidences as possible, to make the use of time of flight information possible and to increase the relevant information contained in the data so as to reconstruct a less noisy image. They also have to have sufficient energy resolution to discriminate between the right events and the ones which suffered from diffusions in the patient’s body or in certain parts of the detector, so as to eliminate or correct them. 

Almost all the PET scanners which are sold today are based on BGO 

crystal detecting arrays, which have the advantage of being very dense (7.1 

g/cm3) and of having the highest atomic number known to this day for a scintillator (75), and therefore a high detection sensitivity. But their main flaw is their slowness: 300 ns for the decay time constant of the scintillating light. As a result, these scanners work with a sensitivity of about 1000 

kcps/PCi/ml with a coincidence window of about 10 ns and a proportion of diffused events of more than 30%. A new generation of scanners is now being developed; these scanners are based on crystals which are about 10 

times faster than BGO and which integrate the possibilities of determining interaction depth in the crystals thanks to phoswich technology (see § 4). 

Sensitivity should thus be improved by about one order of magnitude and spatial resolution by a factor 2 or 3, on condition that reading electronics adapted to these new performances is simultaneously developed. 

In the last ten years, many groups, among which the Crystal Clear collaboration2, have been making many efforts for pluridisciplinary work involving experts in various aspects of materials sciences – crystallography, solid physics, luminescence, photonics, defects in solids – as well as industries, in order to develop new scintillating materials adapted to the demand for increasingly efficient detectors in physics and medical imaging. 

Innovating crystals, such as those from the family of Lutetium perovskites (LuAP)8,9, have been developed and are now being produced industrially. 

Their properties are similar to, and complementary with, those of LSO 

(Lutetium orthosilicate) which is starting to be introduced into new generation scanners10. LuAP can be used on its own, or it can be combined in a particularly optimal way to LSO to solve the tricky problem of determining interaction depth. LuAP is particularly attractive for PET 

applications because of its high – and unmatched to this day – density of 
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8.34 g/cm3 and of its response time (17ns) which is twenty times quicker than BGO’s, and even twice quicker than LSO’s. Although its luminous yield is about twice weaker than LSO’s, the linearity of its response as a function of energy is much superior, which results in an energy resolution at least equivalent to, if not better than, LSO’s. Besides, everything seems to show that technological progress in producing this crystal industrially should sensibly increase its luminous yield, and thus improve its energy resolution even more. This crystal also has the interesting property of existing in several variants whose optical parameters are different and vary as a function of the quantity of Yttrium atoms which can be substituted to Lutetium atoms, which helps optimise its performances according to the application (Figure 4). 

Figure 4 LuYAP crystals produced in Bogoroditsk, Russia (Crystal Clear, CERN). 

The main scintillating crystals which are currently available or which are being developed are presented in table 2, along with their main characteristics. 

But significant efforts still have to be made, in particular in the following fields: 

x improving the performances of existing materials, in particular for Lutetium, Gadolinium and Yttrium perovskites and the silicates of these components, 

x developing strategies aiming at identifying the main production cost drivers of these crystals, and trying to reduce them, 
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x exploring new materials, in particular those based on Hafnium, Scandium and Zirconium, which are particularly promising in terms of density, speed and light yield, 

x developing innovating geometries taking into account progress in the field of photodetectors and acquisition electronics and making it possible to get away from an approach based on always finer pixels, which would provide interesting possibilities in the field of integrated multimodality, help to save money on pixel making and to get better hermeticity, so that sensitivity would be improved. 

Table 2 Scintillators already used or in development for medical imaging. Particularly attractive parameters are marked in italic 

Scintillator Type 

Density 

Light

Emission

Decay time  Hygroscopic

(g/cm3)

Yield

wavelength (ns)

(Ph/MeV) (nm)

NaI :Tl 

crystal 

3.67 

38000 

415 

230 

Yes 

CsI :Tl 

crystal 

4.51 

 54000

550 1000 

lightly 

CWO crystal 

7.9 

28000 

470/540 

20000/5000 

No 

(Y,Gd)2O3:Eu ceramics 

5.9  19000 610 

1000 

No 

Gd2O2S :Pr,Ce,F  céramics   7.34

21000 520 

3000  No 

BGO crystal 

 7.13

9000 480  300  No 

GSO:Ce crystal 

6.7 

12500 

440 

60 No 

LSO :Ce 

crystal 

 7.4 27000 

420

 40

No

LuAP :Ce 

crystal 

 8.34

10000 365 

 17

No

LaBr3 :Ce 

crystal 

5.29 

 61000

358

35  Very

6.2. PHOTOCONDUCTING MATERIALS 

Because extreme density is needed to increase the detection efficiency of the gamma-ray converter, semi-conductor technology, thanks to which the energy of the gamma photons can be directly converted into electric charge carriers (electrons and holes) without scintillating light, has not yet been applied to PET imaging. Most of the semi-conducting materials which are known and used industrially, such as Silicon, are not dense enough and do not have sufficient stopping power for 511 KeV gammas (density 2.33 

g/cm3 and atomic number 14, compared with, for instance, BGO’s density, 7.13 g/cm3, and average atomic number, 75). But this technique is used in X-ray imaging and makes the acquisition of high resolution digital images possible11,12 (Figure 5). 
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Figure 5 Highly segmented X-Ray Silicon detector (Courtesy of P. Delpierre, CPPM, Marseille). 

To use the same principle in gamma imaging, multi-layer systems can of course be considered to, but to this day integrating a huge number of channels in these conditions has laid unsolvable problems, especially in terms of connectics. Yet interesting perspectives to solve a number of these problems have been opened by recent improvements, such as the possibility to couple semi-conductors with their reading electronics (Figure 6) or to put semi-conductor materials directly onto ASIC chips, making it possible to read a huge number of channels on a very small surface quickly and with low noise. 

New semi-conducting materials much denser than Silicon are also being developed: Gallium Arseniure (GaAs)14, with a density of 5.32 g/cm3 and an average atomic number of 31, Cadmium Telluride (CdTe), with a density of 5.85 g/cm3 or Cadmium and Zinc Telluride (CdZnTe, or CZT)15, with a density of 5.78 g/cm3 but whose atomic number is higher, 49 instead of 32. One of these materials is particularly attractive because of its density and of the heavy atoms which constitute it: Mercuric Iodide (HgI2). With a density of 6.4 g/cm3 and an average atomic number of 62, it nearly equals the stopping power of the best scintillating crystals (BGO, LSO and LuAP). 

It can be used with a low polarisation tension at room temperature and can be produced by relatively cheap vacuum depositing processes13. The picture 
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shown in Figure 6 shows an example of polycrystalline growth in columnar structure by vacuum vapour deposition. 

Figure 6 Principle of a photoconductor coupled to its readout electronics and polycrystalline HgI2 deposited on a glass substrate (Courtesy of P. Jarron, CERN). 

Thanks to these materials, which are deposited directly onto a chip integrating a large number of reading and signal-processing channels, a reduction of the costs of systems which are much more compact and much more sensitive than the existing ones seems to be possible. Thanks to this approach, it seems feasible to build a reading head which would be potentially cheap and three-dimensionally segmented, that is to say with really multimodal capacity. It has to be noted here that this technology is fully compatible with MRI. About one-millimetre thick layers are now feasible, even if many problems remain to be solved, especially regarding the industrial production of sufficiently homogeneous material and the efficiency and time of collection of the charges produced by gamma-ray conversion. 

To explore all these techniques in order to determine those which can be successfully combined and to significantly improve imaging in terms of performance and of costs, a pluridisciplinary approach and a combination of various expertises in a number of fields – designing of fast, low-noise and highly integrated ASIC, micro- and nano-electronic technologies, depositing of photoconductors and photodetectors onto CMOS chips, photonics, computer modelling – are needed16. 

7. New 

photodetectors 

All commercial PET are based on the use of specific sensors which convert the light pulses emitted by scintillating crystals into electric signals. 

In whatever field of nuclear medicine (planar scintigraphy, CT or PET), the basic technique to detect ionizing radiations uses scintillators to convert 
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X- or gamma-rays into light which is then turned into electric signal by a specific sensor called photodetector. Up to now, the standard equipment sold by commercial firms is equipped with photomultiplier tubes (PMT) used as light converter sensors. They are very efficient but they are also expensive and voluminous. Hamamatsu (Japan) and Photonis (France) provide almost all the PMT sold today. These technologically mature products have reached their limits in terms of dimension, efficiency and cost. But diminution in size of scintillating pixels along with an increase in their number could limit their use in the future. 

Recently, new compact photodetectors networks have been created, for instance hybrid photodetectors (HPD), photodiodes and avalanche photodiodes, thanks to which sensitivity and spatial resolution should be significantly improved. 

This approach is already used in some CT systems where the PMT are replaced by photodiodes. If photomultipliers are also replaced by semiconductor sensors in PET imaging, each instrument in a combined PET-CT 

can be miniaturised. 

7.1.  FLAT AND PIXELISED PHOTOMULTIPLIERS 

In current PET systems several scintillating pixels are readout through a single photomultiplier path, which can create jamming and therefore ambiguities and dead times in the downstream reading system. The ultimate success in terms of spatial resolution, sensitivity and signal-to-noise ratio would consist in segmenting scintillating crystals more finely and, if possible, coupling them directly – one to one – with highly pixelised photodetectors17 with a geometry making three-dimensional reconstruction of the interaction point of the annihilation possible. This principle is already applied in numerous microPET for small animals. 

7.2. AVALANCHE PHOTODIODES 

Avalanche photodiodes are semi-conductors which convert light directly into electric pulses. Large-scale use (120000) of avalanche photodiodes (APD) in a large crystal calorimeter of the CMS experiment at the LHC 

(CERN), suggests that in the future, this technique might be the only one which could fulfill the technical and economic constraints of a whole-body PET. 

There are numerous advantages to avalanche photodiodes: because of their great compactness, they allow a large integration level for the electronic readout system and there can be as little space as possible between the various crystals. 
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They convert light very efficiently, typically 3 times better than photomultipliers. 

APD networks with many pixels are easy to make without significantly increasing cost, which is proportional to their size in a large measure. 

They can be produced in great numbers for a small cost. 

They are not sensitive to the effects of the magnetic field, which could make PET-MRI multimodality possible 

Yet, their gain is currently much inferior to photomultiplier tubes’: signal amplification and weak sensitivity to electromagnetic environment are required. 

Current APD with gains ranging from 100 to 1000 coupled with luminous scintillators like LSO showed their possible applications in small animals CT. 

Because of their numerous advantages, APD are very attractive for new generation PET. 

Today, almost a single company, Hamamatsu, can produce large numbers of APD with adequate characteristics. Other semiconductor companies, especially in Europe, could also develop this activity. 

Other photodetectors based on semi-conductors like SiPMT (Silicon Photomultipliers) are now being developed for particles physics. It is too early to know whether they can be applied to the medical field, but their intrinsic conceptual characteristics seem most promising (high pixelisation and high gain). 

7.3. HYBRID DETECTORS 

The consequence of subdividing photodetectors into small pixels is a significant increase in the number of photodetector paths, so that they have to be coupled with highly pixelised sensors with sufficient gain, excellent linearity and no cross talk. 

Hybrid Photon Detectors (HPD) have many such characteristics, so that they could make good sensors in the future. They can be made with compact dimensions, with a spatial segmentation of about one millimetre which could be adjusted exactly to the size of scintillating pixels. With an extra fine sapphire window, the photodetector and the scintillating material can be perfectly coupled. 

Most of the limitations of conventional and multi-anode photomultipliers – gain variation and cell-to-cell coupling effects, for instance – are almost eliminated by this technology. 

These last few years, Europe, under the leadership of CERN, has built the necessary infrastructures to achieve the expertise needed for optimising 
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this photodetector. The specific needs of medical imaging, such as random electronic activation, are being developed and integrated. 

8.  Highly integrated and low-noise electronics 

European laboratories and institutes of particles physics are experienced in designing and setting up high-performance and highly-integrated circuits to treat low-noise analogical signals with many channels; these characteristics are very close to the ones PET imagers need. 

Treating the signals emitted by the sensors is an essential element of the electronic chain. Because of the multiplication of readout channels and of the use of semi-conductor sensors, extremely low-noise and high-speed electronic circuits have to be developed. Technologies have evolved impressively in this field, which makes it possible to realise crucial improvements both in terms of integration and miniaturisation and in terms of cost. This electronics is using integrated circuits of the VLSI CMOS 

type16. Medical imaging should also be able to benefit from spectacular progress in high-scale integration of electronic channels with complex functions and highly-segmented sensors. The concept of a hybrid detector in which each pixel is directly integrated to its readout electronics opens whole new perspectives in the conception and architecture of new imaging systems. 

9.  Intelligent and triggerable data acquisition systems The acquisition system’s function is to select the interesting events detected by the sensors in real time and as quickly as possible. Small-amplitude pulses coming from different sources (thermal and electric) should be ignored when treating the electronic chain. The triggering system has a double goal: first, it has to discriminate between the interesting events – 

coming from real X- or J-ray interactions to be analysed by the detector – 

and the various background noises, and then it has to start the data transferring process between the electronic boards and the computer(s) where these events will be treated to obtain the final image. These data are produced randomly, and they cannot be anticipated. Only thanks to real-time, quick signal analysis can the decision be taken without any loss of information. In medical imaging, most of the radioactive “real events” are triggered by analysis of the amplitudes and temporal data produced by each sensor. Specifically designed circuits compare the amplitude of each analogical signal with a threshold reference value in order to trigger digitalisation of the ones which are above the threshold. 
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Downstream, other circuits fabricate the topological and temporal combinatorial logic of all the digital signals so as to finally select the events. In the case of a PET, two topologically-opposed signals with the same amplitude and correlated in a time window are needed. The width of the window, which is defined directly by sensor signals, determines the amount of random coincidences which contaminate the final image (diminution of signal-to-noise ratio). 

Finally, the selected signals are labeled and transferred to the final analysis system which is made out of storage memories, treatment units and visualisation consoles. In this so-called acquisition system, data will be selected, standardised, organized, manipulated, corrected, treated with more or less complex algorithms and finally presented as an image file. 

In conventionally-architectured data acquisition systems, data treatment is performed sequentially and the system does not take in any event before the one which is being treated is over; piling up is thus avoided, but dead times – more or less long – occur at each treatment stage. The efficiency of data collection is thus strongly affected by these dead times which come from three main sources: first, the sensor and the electronics it uses to generate an electronic pulse, second, the analogical-to-digital conversion of this signal, and third, the logic treatment (in general, the main one). 

Today other architectures minimising, or even suppressing, these dead times and thus increasing collection efficiency, have been developed. 

Thanks to them, deeper signal treatment is possible since the form of the signal is analysed, so that its amplitude and time are determined very precisely. This architecture has been used successfully in fundamental research experiments in particles physics. Basically, it consists in sampling each sensor’s signal and immediately treating the acquired data in real time. 

A frequency of at least 50MHz seems both reasonable and compatible with the length of the signals going out from the sensors associated to the detectors – LSO crystals for instance. What makes such a concept interesting is that it uses all the data in the signal by analysing its form in terms of amplitude and time thanks to a digital filter, and then the data are treated directly in combinatorial logic at a frequency equivalent to the initial sampling’s, which limits the number of possible combinations to a few dozens at most. Meanwhile the primary digitalised data are stored in buffer memories, waiting for the quick decision to keep or to eliminate this configuration, called “event”. In this way, all the useless data or events, such as random coincidences or coincidences coming from outside the human range, are eliminated, and treatment and data-transferring problems are greatly simplified. This treatment technique, in real time and with no dead time, called “pipeline”, is today completely mastered and it has been 
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systematically applied to selection and data-transferring logics in physics experiments for many years. 

A further improvement has been added recently to fulfill the extremely ambitious criteria of the “Large Hadron Collider” (LHC) at CERN, for which time and fast data treatment constraints have become even stricter. It seems obvious that such an architectural concept can be easily adapted to electronics for PET and other imaging devices. The only additional constraint has to do with the random nature of the source’s disintegration phenomena. Based on primary analysis of PET’s current performances, possible gain can be estimated about 3 or 5 times better in terms of efficiency, which would have a huge impact on the use of PET in the future. 

In clinic, examination duration, tracer activity and exploitation costs would be reduced. Besides, diagnosis quality would be improved by increased sensitivity, dynamic extension and better image resolution. What is more, thanks to this architecture, the technique of time of flight measurement of each emitted photon could be naturally integrated with maximum efficiency, so that the coincidence window would be reduced to its theoretical minimum of about 500 picoseconds. 

Although the pipeline technique seems more complex and more expensive than the conventional one, improvements in basic electronics (ASIC and FPGA) in terms of integration and cost suggest that in a very close future medical PET entirely based on this concept might be conceived. Similarly, progress in terms of communication and network between the electronic system and the analysis system (computer) is no more a limiting factor for fast data transfer (1 Gbit/sec). Finally, with the parallelization of processors in cheap PC clusters (processor farms), almost unlimited calculation power is now available. 

The acquisition system must no more be a limiting factor in medical imaging performances, as is the case today in many commercial systems. 

Thanks to technological developments and progress in the field of electronic components and calculators combined with new architectures, new systems with the capabilities needed for the new generation of medical imagers such as whole-body PET shall be developed. Yet, this passage from “the state of art” to clinical reality requires many further developments and adaptations. 

10. Simulation software 

Simulation through the Monte Carlo method is an essential tool to help developing new detectors used for medical imaging. Simulating various detection configurations is crucial if we want to predict and optimise the 
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performances of an imaging system, validate new tomographic reconstruction algorithms or decide how to correct data. 

Many simulation tools have been developed more or less successfully to try and solve the problems met by medical imaging. Besides, efficient versatile generic simulation tools have been developed for particles physics, for instance Geant3 at CERN, EGS4 at SLAC or MCNP at Los Alamos National Laboratory. More recently, the development of Geant4, based on oriented-object technology, has made it possible to include efficient geometrical modelization and visualisation tools. GATE18 was developed on this basis; it is a simulation platform written specifically to modelize imaging systems, through which time-dependent phenomena – detector motion, decrease in isotope radioactivity, dead time phenomena – can be followed (Figure 7). This new simulation tool, developed, validated and documented by the OpenGATE collaboration, where about twenty laboratories of medical and particles physics are gathered, is freely available on the Internet and is currently used by a community of more than 200 scientists all over the world (http://www.opengatecollaboration.org). 

Figure 7 Simulation of the ClearPET® with GATE (Crystal Clear, University of Lausanne). 
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The future of this simulation tool will strongly depend on the part played by Monte Carlo simulation in isotopic imaging, and possibly in other disciplines like dosimetry or radiotherapy, but also on the capacity of researchers in medical imaging to get organised in order to maintain and develop this software. 

11.  New reconstruction and visualisation algorithms The data provided by transmission and emission tomographs mainly make it possible to work on projections of the image to be reconstructed. The images are then reconstructed from the projections thanks to tomographic reconstruction methods19. There are two different possible approaches to deal with tomographic reconstruction problems. The first one is analytical and consists in treating the measured projections as if they were perfect mathematical projections. In this case, it is necessary to make a number of hypotheses on linearity and continuity, but the data, noised and often incomplete, will sometimes hardly fulfill these requirements, so that they will have to be corrected as much as possible. The second approach is phenomenological, and it consists in trying to modelize the measuring process as precisely as possible, using a probability matrix which has to be reversed through iterative algebraic techniques. In this case, it is also possible to take the statistical nature of measurements into account by using tools borrowed from statistical mechanics (Figure 8). 

Figure 8 Different iterative and analytical reconstruction methods (PARAPET European project). 
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Until recently, tomographic reconstructions in clinical routine only used analytical methods because they are usually faster and they have interesting properties, for instance in terms of linearity, which makes image understanding and characterisation easier. To quote only a few examples of exact or approximated analytical algorithms, let us mention filtered back projection (FBP), the 3D reprojection algorithm (3DRP) developed for 3D 

PET reconstruction, the Fourier redistribution algorithm (FORE), which relies on the properties of 3D sinograms in Fourier space, or the Feldkamp algorithm (FDK) for tomographic reconstruction from cone projections. 

Nevertheless, analytical algorithms have a few flaws: the main one is the bad quality of images with low measurement statistics, where star artefacts resulting from backprojection on highly noised projections appear. Besides, these methods require strict constraints on the geometry of detectors, which absolutely have to cover all the azimuth projection angles around the patient. 

In this regard, algorithms based on a phenomenological approach are less demanding and, above all, they make it possible to modelize the reconstruction of data with low counting statistics. These methods iterate a process aiming at optimising an objective function, for instance the verisimilitude function coming from the Poissonian nature of the data recorded by the tomograph. In this field, let us mention the maximum likelihood expectation maximization (MLEM) algorithm and its variant using ordered subsets expectation maximization (OSEM). Bayes’ theorem can also be used in order to introduce  a priori information into the image to be reconstructed. In this case, the objective function is penalised by a constraint determined by a wanted property of the image to be reconstructed. This constraint may for instance take the expression of a Gibbs distribution involving a canonical – in the statistical mechanics sense – description of the image’s pixels. An important consequence of the iteration process is that it needs high calculation power. Fortunately, thanks to the development of the grid, huge calculation resources massively distributed in this aim are likely to appear. Yet, it has to be noted that it is more difficult to predict the result of an iterative process than the result of an analytical one, and that Monte Carlo simulation is very often a key element to study and optimise this kind of approach. 

It finally has to be noted that a tomographic reconstruction library, STIR 

(Software for Tomographic Image Reconstruction), is available on the Internet: http://stir.irsl.org. This library is the fruit of two successive European projects dedicated to tomographic reconstruction for PET: HARMONY and PARAPET. STIR is written in C++ and benefits from the modularity of object-oriented technology. It allows both analytical and phenomenological approaches (Figure 9). 
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Figure 9 Simulation and reconstruction of a Derenzo mini-phantom in the ClearPET® using GATE (Crystal Clear, University of Lausanne). 

12. Conclusion 

Today medical imaging makes it possible not only to visualise each and every organ of the human body in an extremely detailed way, but also to understand how the main diseases affect the organism. 

At the same time, thanks to such innovations in the field of biology as, for instance, the decoding of the human genome, tremendous prospects in terms of diagnosis and therapy have been opened, which justifies the need for a new technique: multimodal molecular imaging. Today, this technique is based on isotopic imaging coupled with X-ray or magnetic resonance imaging; it shall provide increasingly precise images and also make it possible to analyse and quantify the main metabolic functions at the cellular level. Indeed it is necessary not only to detect diseases, but also to identify them, to estimate how serious they are and how they respond to a given therapy so as to optimise it. It is also necessary to help surgeons, allowing them to devise an operation strategy based on virtual images of their patient and then to follow the moves of their instruments in the complex environment of the human body on a real-time basis. 

All these improvements cannot be developed without focused, multidisciplinary and co-ordinated action. The new generation of instruments is based on significant breakthroughs resulting from technological jumps in physics, materials science, optics, electronics, information sciences, as well as in the field of molecular biology or medical sciences. 
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SEMICONDUCTOR DETECTORS IN RADIATION MEDICINE: RADIOTHERAPY AND RELATED APPLICATIONS 
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Abstract. Semiconductor radiation detectors play an important role in radiation instrumentation. They have many advantages due to their small size, outstanding energy resolution in nuclear spectroscopy, easy pixilation for high spatial resolution and ability of integration with readout electronics. Advancement in microelectronic industry made silicon one of the most popular material for radiation detectors in medicine with applications in diagnostic and cancer treatment. Radiation therapy is one of the part of radiation medicine associated with cancer treatment. Today almost half of cancer patients are treated by radiation. Clinical outcome of radiation therapy depends on accurate delivery of radiation to the tumour while sparing the normal tissue. Detectors for  in vivo real time radiation dosimetry and understanding of radiobiological properties of radiation are crucial for improvement of clinical outcome of treatment. In this chapter presented state-of-the-art in development and applications of silicon semiconductor radiation detectors for quality assurance in radiation therapy including integral dosimetry in photon, electron and neutron therapies, new silicon detectors for microdosimetry in hadron therapy and mini-dosimetry for synchrotron radiation therapy. Applications in external beam therapy and brachytherapy have been covered. Amorphous silicon imaging detectors for portal imaging of medical LINACs and other solid state miniature radiation detectors like fiber optic dosimetry and OSL dosimetry for radiation therapy have been reviewed shortly. 
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1. Introduction 

Application of semiconductor radiation detectors in radiation medicine has been growing dramatically during the last decade. They are applied in all fields of radiation medicine nuclear medicine, radiology and radiation therapy. Development of research on radiation semiconductor detector based instrumentation for High Energy Physics (HEP) experiments has produced an essential boost in medical imaging instrumentation where silicon pixilated and strip detectors compete effectively with photomultipliers. These devices are applied to SPECT, PET, CT, digital mammography and dosimetry instrumentation. 

In this paper we will overview only semiconductor radiation detectors in radiation therapy applications and related fields. This will also include new approaches to radiotherapy dosimetry that is recently being tested or under development. Application of them in radiation therapy for absorbed dose measurements and biological dosimetry are crucial due to their extremely small size and possibility of real time application. Previous experience on nuclear spectroscopy with silicon detectors has translated to radiation therapy application for dosimetry in neutron therapy, silicon microdosimetry and recently to new approach in mini-dosimetry for brachytherapy. 

Another class of radiation semiconductor detectors are based on the change of electrical characteristics of the device due to radiation defects introduction or ionization of dielectric layers in a device and suitable for integral dosimetry in radiotherapy. One device is the MOSFET detector which found wide application in conventional radiotherapy and recently for dosimetry in synchrotron micorbeam radiation therapy (MRT), allowing to obtain unique spatial resolution of the order of 1 micron and less in conjunction with real time application and simplicity. 

Application of PIN diodes in ionization mode for conventional photon and charged particle radiotherapy dosimetry are well known for many years. However their application in radiation damage mode and ionizing mode simultaneously provide excellent opportunity to measure simultaneously in real time gamma and neutron dose components in a fast neutron therapy with a single miniature detector. 

Many years of development in silicon radiation detectors and their application in radiation therapy show that they compete well with film dosimetry on spatial resolution as well as with ionizing chambers on 2D 

real time dosimetry. Fast development of silicon nanotechnology is promising in substitutions of bulky TEPC microdosimeters with silicon 
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microdosimetry and opening of new era of radiobiological quality assurance in radiotherapy. 

In this paper we will refer on most recent publications and mostly our experience in the field. I apologize for superficial coverage of many aspects of applications of semiconductor radiation detectors in radiation therapy and related areas but I was aiming rather to provide the scope of existing and potential opportunities for silicon radiation detectors in radiotherapy. 

2.  Integral semiconductor dosimetry in radiation therapy Conventional therapy is based on treatment of cancer with photons and electrons which are produced by medical LINACs or from radio-isotopic sources like in brachytherapy. Accuracy in delivery of dose on a target usually is required 2-3% [1]. Modern radiation therapy, for example, Intensity Modulated Radiation Therapy (IMRT) able “dose painting ” of the target with high accuracy that is leading to steep dose gradient and requirements of high spatial resolution dosimetry in a phantom studies. 

Verification of skin doses is very important in breast, head and neck treatments that require dosimetry at depth of epithelial layer that is about 0.07 –0.1mm that limits the type of suitable detectors. Finally new concepts of QA like in image guided radiotherapy (IGRT) require real time dose verification. 

Semiconductor dosimeters are an excellent choice for such an application due to the following advantages: 

x A much higher sensitivity (18000 times) than ionising chambers (IC) of the same volume due to a higher density and ionisation energy that is approximately 10 times smaller than what is required in a gas. 

x A small dosimetric volume size leading to satisfaction of the Bragg-Gray cavity theory, high spatial resolution dosimetry and the possibility of placement within a confined space of a body or phantom. 

x Good mechanical stability. 

x The possibility to operate in passive (like TLD) and active mode (like IC) on-line. 

The three main semiconductor detectors for accumulated type dosimetry that will be considered in this section are silicon diodes, diamond detectors and MOSFET (Metal Oxide Semiconductor Field Effect Transistor) detectors. All of them have advantage in photon and electron therapy due to tissue equivalency. It is achieved due to the mass collision stopping power ratio (silicon-to water being almost energy independent for electron energies in conventional MV therapy. However with decreasing of photon energy when range of secondary electrons can be less then characteristic size of sensitive dosimetric volume the ration of mass energy absorption 
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coefficients became is important. In this case silicon based detectors also have advantage due to constancy of this ratio for particular medical radiation sources or very small sensitive volume like in a MOSFET 

detectors (less then 1 micron) leading to satisfaction of Bragg-Gray theory up to tens of keV range photon sources. 

Diamond detector has advantage in comparison with other semiconductor detectors in tissue equivalency due to it Z (Z=6) close to the muscle. 

Most of radiation semiconductor detectors are p-n junctions. The theory of P-N junction is well known and can be found at [1]. Advantage of the p-n junction is in build in electrical field on a boundary between p-and n-type semiconductors and ability to collect charge from the bulk of material produced by ionizing radiation due to diffusion electron and holes to the p-n junction region. This phenomena is a basis for operation of P-I-N diode in a passive mode as a dosimeter of ionizing radiation. Amount of charge collected is determined by diffusion length of the minority of charge carriers or size of the base of the detector what is large. Taking into account that an energy of 3.6 eV is required for the production of e-h (electron-hole) pair in silicon it is possible to show that the electron-hole pairs generation constant for silicon is 4.2x1013 pairs/cGycm3. Measurements of current through the diode will provide dose rate and integration of the current –

absorbed dose in silicon. 

The response of the diode in a current mode is complicated and can be effected by dose rate, temperature, radiation defects and initial material. 

Changing the dose rate of ionizing radiation effects the injection level and recombination properties of charge carries in a base of the detectors. Long term irradiation of the diode during the application in a phantom or in vivo is leading to accumulation of radiation defects and reducing of diffusion length and as a result sensitivity of the detector. Changing of temperature is effecting recombination activity and response of the diode. All these factors make diodes very complicated devices to characterise for dosimetry of ionizing radiation. 

Many different approaches have been implemented to reduce the effect of the dose rate dependence on the response of the diode. Some of them are reducing the resistivity of the base of the diode, application of p-Si rather then n-Si and preliminary irradiation. For all consideration should be taken into account that dose rate on a medical LINACs is very high due to pulsed nature of radiation, while average dose rate during the treatment is about 200-400 cGy/min the actual dose rate is of the order x104 cGy/s. More detailed analysis the effect of initial parameters of Si, preliminary irradiation and technology on dose rate effect can be found in [2,3]. 

Radiation degradation of the sensitivity of the dosimetric diode depends on energy of medical LINAC and increases with energy. Reducing degradation of sensitivity of the diodes can be achieved for p-type diodes, 
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preliminary irradiation of diode or reducing of initial life time by diode base doping. The typical lost of sensitivity in a commercial diodes are 20-25% 

for accumulated doses about 1 Mrad on electron and photon beams [4]. 

The variation of sensitivity with temperature was observed in arrange 0.02-0.28%/0C for Scanditronics, Sun Nuclear and PTW respectively and was reported in [3,5,6] and depends on prehistory of diode and initial material. This instability can effect accuracy of dosimetry when detector is placed on the patient body [6]. 

Diodes play an important role in radiation dosimetry for measurements in vivo of entrance and exit doses for plan verification as well as 2 D dose distribution using array of diodes in IMRT. They have good spatial resolution about 1-2mm and the main application them is in relative dosimetry for depth dose verification and beam profile in a phantom. In spite of their small size commercial diodes can not be used for surface dosimetry due to their build up for electronics equilibrium. 

Figure 1 shows typical dosimetric diodes with different build up for radiation therapy. Usually for 1-4 MeV photons build up is Al or Cu, for 4-6 MeV photons bras is an option and for 12-25 MeV photons tungsten is used. 

Figure 1 Typical packaging of dosimetric diodes for conventional therapy with different energies. (from K.T.Welsh, L.E.Reinstein, Med.Phys. 28, 844-849, 2001). 
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Diodes have found application in proton therapy relative dosimetry due to it low size, however still exist some disagreement between amplitude of Bragg peak relative to entrance dose derived with ionizing chambers and measured with diode in a water tank. This 2-3% disagreement possibly due to increasing of LET of protons and related to them changing of injection level in a diode leading to different recombination properties in comparison to entrance conditions. 

Last two decades additionally to Si diode dosimetry the diamond detectors are used in conventional radiotherapy. Diamond detector is almost energy independent and has very low dark current less then diodes that are main advantages. Disadvantage of diamond detector is in polarization effect. Preliminary irradiation with electrons stabilizes sensitivity of diamond detector making accuracy of relative dosimetry in a water phantom about 1% for doses 5Gy. The readout equipment is electrometer and the same as for the diode [10,11]. 

Figure 2 shows packaged diamond detector for radiotherapy application produced by PTW. 

Figure 2 Diamond detector for radiation therapy produced by PTW Freiburg Germany (copied from http://www.ptw.de/ptw_htm/index.htm). 

3. MOSFET 

detectors 

MOSFET detectors are relatively new for dosimetry in radiation therapy in comparison with the diode dosimetry. Actually application of MOSFET for dosimetry originally was proposed for monitoring of space radiation doses to predict integral dose effect for electronics on satellite. [12]. Main idea behind of operation of MOSFET detector is charging of the gate of the MOSFET detector with build up charge produced by ionizing radiation. 

Figure 3 shows principal of operation of the MOSFET detector. 
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Figure 3 Schematic diagram of n- MOSFET detector. Build up charge in the gate oxide is produced by ionizing radiation. 

The principle operation of MOSFET dosimetry is based on the generation of hole-electron pairs in the oxide of MOSFET structure (gate oxide) due to ionising radiation. The energy production of one e-h pair in silicon oxide is about 18eV. The positive charges move in the direction of the Si/SiO2 interface where they are captured on traps and hence create a positive charge build up charge QT. The positive charge sheet formed effectively changes the current in the channel and leads to corresponding change of the gate bias voltage 'Vth (ie. a shift in the threshold voltage) to ensure a given constant current flow through the channel. The current in the channel is very sensitive to the charge QT as it is physically located very close to the channel. MOSFET detector can be used in a passive mode (zero bias on the gate during the irradiation) and active mode (positive bias on the gate during the irradiation). Biasing gate of the MOSFET detector is increasing electrical field in the gate leading to reducing of recombination electron hole pairs created by ionizing radiation and increasing sensitivity of the MOSFET and linearity of the response. The sensitivity of the MOSFET detector is proportional to t 2, 

ox  where tox is the gate oxide 

thickness. More detailed information on the response of the MOSFET 

detector can be found at [13]. 

In application for dosimetry in radiation therapy MOSFET detector has many advantages: 

x Extremely small size of dosimetric volume, which is impossible to have with other detectors; 

x Similar to thermoluminescent dosimeters (TLDs) they have the ability to permanently store the accumulated dose and additionally, can be readout without deterioration of the dose information like OSL 

detectors; 
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x They are dose rate independent up to 108Gy/s. 

x Their sensitivity can be adjusted by gate bias, which makes them suitable in many applications in radiotherapy. 

x It can be readout after irradiation or in real time making possibility for real time QA or dose profiling in a water phantom. 

x They are currently relatively cheap and can be disposable utilizing “one dose” principle. 

All above mentioned advantages of the MOSFET detector make them useful for dosimetry in the field of strong electronic disequilibrium like on the surface of the body or anatomical cavities and in build up regions of depth dose curves in case of irradiation on MV range X-rays on medical LINACs. Centre for Medical Radiation Physics, University of Wollongong (CMRP) is developer of clinical MOSFET dosimetry systems and has got extensive experience with their applications on different radiation oncology modalities. In this paper we will present overview of these applications and findings. 

MOSFET clinical dosimetry system was investigated was investigated in electron and photon radiation field of VARIAN 2100C at 100cm SSD 

with various beam configurations: field size from 2x2 cm to 40x40 cm, with 10mm Perspex block tray and 15q wedge. The MOSFET detector was situated in the central axis of the beam on a surface of solid water phantom followed by measurements in the same field by TLD and ATTIX chamber. 

For all fields the agreement between ATTIX, TLD and MOSFET in percentage of surface dose relative to Dmax was better than 1% [14]. These results were obtained for 6MeV and 18MeV phantom fields and 6, 9, 12, 16, 20 MeV electron fields. The most impressive application of MOSFET 

detector is in a surface dosimetry. 

Neither TLD nor diodes can be used for direct reading of the surface dose due to their size of dosimetric volume. In high-energy electron fields the TLD detector systematically showed 2% surface dose more than the ATTIX chamber while our MOSFETs were in an excellent agreement with ATIX chamber and Monet Carlo simulations. Ability to measure the surface dose utilizing advantages of the MOSFET detector depends on packaging of this detectors. It is exist trade off between protection of the MOSFET from environment factors and effective depth of measurement 

[15]. Most producers of MOSFET detectors have a KAPTON or thin PC 

board carrier with epoxy bubble on the top of MOSFET detector. For the TN MOSFET the chip is mounted on a KAPTON carrier and covered by 1mm epoxy coating. The equivalent depth in water for TN MOSFET 

sensors was 0.8 mm for the flat-sided dosimeter and 1.8 mm for the round  
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sided dosimeter (epoxy bubble side) that was 35.6% and 56.1% instead of 16% in relation to dose in Dmax[16]. A similar effect of packaging of MOSFET chip with 0.2mm TE carrier covered with 0.3mm epoxy bulb (REM RADFET) was observed in surface dose measurements in breast hemi-cylindrical solid water phantom of 7.5 cm radius irradiated with 6MV 

x-rays in comparison with GaF film [17]. 

Figure 4 shows comparison of n-MOSFET detector response with different detectors accepted in radiotherapy. 

The temperature dependence of the response of the MOSFET detector GVth (T) which is driven by temperature dependence of concentration and mobility of the charge carriers in the gate channel, is an important factor for in vivo dosimetry especially when temperature of the detector can be changed during the time between initial readout and readout after irradiation when MOSFET can be heated by the patient body. 
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Figure 4 Dose depth curve derived by MOSFET in comparison with ATTIX chamber and Monte Carlo simulations. Measurements were done on 6MV LINAC in a solid water phantom, radiation field 10x10 cm 2, SSD=100cm. 

Figure 5 shows relative dependence of the p-MOSFET (REM) response irradiated under different temperatures covering the range of possible in vivo temperatures in clinical situation. Data obtained with CMRP CSDS 

and presented at [18], similar results were demonstrated for n-MOSFET for temperature range (-60-+60)oC [19]. It is clear that sensitivity of the MOSFET is independent of temperature, this means that a calibration 
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Figure 5 Temperature dependence of the response of the MOSFET detector irradiated under different temperatures. (picture taken from [18], courtesy of A/Prof M.Butson, ICCC, Australia). 

coefficient can be used independent of changes in ambient temperatures relevant to clinical applications. It is important for in vivo real time application for patient treated on LINAC when measurements can be taken within 30-40 seconds when the temperature during irradiation is constant. 

In TN MOSFET dosimetry system for compensation of temperature instability of the threshold voltage the dual MOSFET approach has been used [20]. 

In many radiotherapeutic applications outstanding spatial resolution in dose profile measurements is paramount. Very few radiotherapy dose planning systems have the correct measurements of penumbra and particular in such treatment as IMRT and tomotherapy where dose gradient can be high (20% per mm). This is because large volume ion chambers are used. A point detector such as a MOSFET would provide much more accurate penumbra data. In spite of fact that MOSFET detector is small less then 1mm it can introduce error in dose measurements with dose pattern less then 1mm. In this case edge on MOSFET is advantage and this method of dosimetry was introduced at CMRP for microbeam radiotherapy [21,22]. 

Additionally to high spatial resolution application edge on MOSFET 

detectors can be used in real time dose rate profile scanning mode in a water tank using computerized SCDS and developed at CMRP MOSPLOT 

software. For verification of the spatial resolution of the edge on MOSFET 

in conventional clinical application the penumbra has been measured on superficial X-ray machine in free air geometry. The set-up of the penumbra measurements in the superficial radiation beam is illustrated in Figure 6 a. 

Measurements were taken in the 120kVp beam of a superficial/orthovoltage





SEMICONDUCTOR DOSIMETRY IN RADIOTHERAPY 

121

irradiation unit (Siemens Stabilipan II). This superficial beam was chosen as the lateral range of the secondary electrons is of the order of 10Pm and does not contribute significantly to a widening of the penumbra. 

(a)

(b)

Figure 6 a) Schematic diagram of experimental set up for measurements of penumbra with scanning MOSFET; b) Measured and estimated penumbra using geometrical scaling law for different distances MOSFET detector –led. 
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The beam was collimated using a metal cone with a field size definition of 8 x 10 cm2 at 30cm distance from the focal spot. A 3mm thick lead sheet was placed at 30.2 cm distance from the focal spot to create a sharp beam edge at the field centre. Lead of 3mm thickness attenuates the beam to less than 1% of the incoming intensity. The penumbra was scanned in both directions (from beam to out of beam and reverse) at three different distances from the lead sheet (0.5cm, 10cm and 20cm) in anode-cathode direction. The scanning step was 0.1mm/s that was determined by water tank scanning system. Figure 6b shows results of measured penumbra and estimated using geometrical scaling law. From the difference between the theoretical and the measured penumbra at close distance to the lead shield one can estimate the spatial resolution of the edge on MOSFET detector to be better than 0.1mm. More details on this experiment can be written in our paper [23]. 

Similar research on possibility of real time application of MOSFET 

detectors for studies properties multi-leaf collimator for IMRT. 

Measurements were performed under the closed leafs of a 120 leaf MLC 

(Varian) mounted at a distance of 55cm from the target on a Varian 21EX 

medical linear accelerator. The nominal radiation energy was 6MV and the dose rate at isocenter approximately 6 Gy per minute. 

Figure 7 Schematic diagram of MLC and scanning directions with edge on MOSFET. 
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(a)

(b)

Figure 8 a) Response of the MOSFET detector scanned under the leafs in direction A (see Fig. 7). 
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Figure 8a shows the results of the detector scan in parallel to the MLC 

leaf moving direction (scan A in Figure 7), i.e. inter leaf leakage. The full width half maximum (FWHM) of the Lorentzian fit was 2.5mm. The maximum dose rate between the two leafs is of the order of 15% of the dose in the respective open radiation field that match well to data obtained by others [24]. 

Figure 8b shows the results of the dosimetric scan of interleaf leakage (scan B in Figure 7). The raw data points show the change of gate voltage with accumulated dose. As the detector scan speed is constant, the relative position is also proportional to the overall dose received due to the radiation background under the closed MLC, i.e. leakage and transmission. It shows that MOSFET detector is sensitive enough to measure the interleaf leakage. 

The data was fitted using a sinusoidal function. The best fit had a period of 4.82mm which is well compatible with the leaf width of 5mm. Compared to the dose rate in the open field, this indicates that the interleaf leakage is at least 3% of the open field dose, a measurement that would be extremely difficult to obtain with any other technique. More detailed analysis of the spatial resolution real time scanning MOSFET SCDS is presented in our papers [23,27]. 

Micron spatial resolution of the MOSFET detectors was also proved for synchrotron microbeam radiation therapy (MRT), which is a very promising new radiation modality. This modality is utilizes high dose rate array of synchrotron microbeams with microbeam width about 25-30 

microns and pitch 200-400 microns [25,26]. Dosimetry of within single microbeam with micron and submicron resolution and in accurately measuring the microbeam dose in the peaks and valleys is an important parameter to determine the quality of microbeam treatment. 

While Monte Carlo simulations are valuable tool for prediction of dose in MRT experimental verification of simulations is important [27-30]. Edge on MOSFET dosimetry in MRT is another example of high spatial resolution of semiconductor detectors in modern radiation therapy. 

Comparison of experimental results obtained with MOSFET dosimetry with GAF film and simulations is a subject of continuous collaboration between CMRP and ESRF. Figure 9 shows example of dosimetry of three subsequent microbeams of MRT array obtained at ESRF with edge on MOSFET detectors and automatic scanning system. Figure 10 shows the response of gafchromic film (GaF) for the same array of microbeams measured in the Perspex phantom Fig. 11 shows one of the CMRP SCDS. 
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Figure 9 Relative response of edge on MOSFET CSCD measured in scanning mode with 5 

Pm steps at ESRF MRT facility, beam line ID17 for three consecutive microbeams 25 Pm width and 400 Pm pitch scanned. This result is a collaborative research between CMRP and ESRF. 

Figure 10 Dosimetry of array of synchrotron microbeams at ESRF MRT facility with GaF 

film. Two regions are presented are corresponding to array of microbeams with pitch 400Pm and 200 Pm the beam width is 25 Pm. Readout of the film was done by high spatial resolution optical imager. Courtesy of Dr Elke Brauer-Krich, ESRF. [32]. 
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Figure 11 Real time scanning MOSFET clinical dosimetry system (SCDS) developed and produced by CMRP. 

Previous discussion of semiconductor detectors were limited to high dose applications relevant to in direct radiation therapy beam however CSDS MOSFET also found useful in peripheral dosimetry on medical LINACs outside of the radiation field where doses are in the dose range 2-10 cGy demonstrating accuracy slightly better then TLD detectors [33]. 

A lot of work in the last ten years has been done on MOSFET detectors in conventional radiation therapy by other colleagues and useful information can be found in papers referred in [30,33,34] as well as mostly in Medical Physics Journal, Phys. Med. Biology, Int. J. Radiation Oncology, Physics and Biol. and using Medline search system for MOSFET dosimetry. The scope of this paper does not allow review all publications in this field and all aspects related to MOSFET dosimetry. 

Additionally to electron and photon therapies MOSFET detectors reveal themselves useful in neutron therapies. In Boron Neutron Capture Therapy (BNCT) application of dual MOSFET detectors with one of them covered with B-10 converter useful for measurements of thermal neutron flux distribution in a phantom [35]. This was possible due to very high sensitivity of the MOSFET to alpha particles irradiation. Figure 12 shows the response of the MOSFET detector to alpha particles from low intensity alpha source. However the effect of high LET particles on build up charge in the gate oxide still under consideration. 
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Figure 12 The integral response of an n-MOSFET with a thick oxide layer about 1 micron to 5.48 MeV alpha particles from 241Am with a fluence of about 4x103 cm-2s-1. 

Concept of application of MOSFET detectors for simultaneous integral dosimetry and microdosimetry at the same point of phantom in FNT was introduced in [36] and became original concept for development of proportional silicon microdosimetry. Recently was demonstrated that application of MOSFET detectors can be useful for gamma integral dosimetry in mixed gamma neutron field which exist in Fast Neutron Therapy in conjunction with PIN diodes that will be discussed later. 

4.  Semiconductor radiation detectors in hadron therapy 4.1.  INTEGRAL DOSIMETRY IN NEUTRON THERAPY WITH PIN DIODES 

Radiation semiconductor detectors considered in the previous section were operating on the ionization energy loses (IEL) principle. 

Bulk radiation damage in semiconductor devices is proportional to Non Ionizing Energy Losses (NEIL) leading to displacement of atoms from their sites. Change in the electrical characteristics of devices affected by atomic displacement is a suitable monitor of NIEL. One can measure the effects of NIEL by monitoring the change in lifetime, diffusion length, or concentration (compensation) of charge carriers. This approach formed a special class of silicon radiation detectors suitable for neutron and proton radiotherapy. The forward bias voltage drop change in special silicon diode is a good monitor of NIEL. General theory of the response of p-i-n diodes with a long base to fast neutron radiation was considered in details in 

[37,38]. It was demonstrated that permanent degradation of lifetime and concentration of the charge carriers due radiation defect is a reason for 
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increasing of the forward voltage drop in a diode. Sensitivity of such detector is proportional to W2, where W is base length and increasing with increasing of the readout current and affected by initial resistivity of the material [38-40]. Advantage of this detector is a minimal response to gamma and proton radiation damage in comparison with fast neutrons in terms of the same amount of tissue absorbed doses. The factors which should be considered in application of these detectors for radiation therapy is linearity of the response, dynamic range, spatial resolution room temperature annealing and dose rated dependence. While silicon was quite good tissue equivalent relative detector in case of IEL detection the tissue or water equivalency of such detector is a particular energy range of the neutrons depends on constancy ration of silicon displacement KERMA to water/tissue KERMA. 

Figure 13 shows the ratio of Si displacement KERMA to ICRU 

composition tissue KERMA. From this picture possible to see that in certain energy intervals silicon can be a good neutron dosimeter. 
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Figure 13 Ratio of silicon displacement KERMA to tissue KERMA for neutron in a wide energy range. 

During the last two decades efforts were put to design of optimal Si P-I-N detectors for dosimetry in FNT. Initial approach was based on development of bulk Si diodes with a base length 1-5mm and sensitivity (1-70)mV/cGy [37, 41] while later the planar Si P-I-N diodes proved themself as a suitable option [42]. This approach essentially simplified development 
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of such detectors due to flexibility in base length, i.e. sensitivity, suitable shape and multi-dynamic range capability in a single detector. Figure 14 

and 15 show example of developed detectors as described in [42]. 

Figure 14 Circular planar diodes type C-1 and C-2. For C1 the diameter of the P+ region is 1.5 mm, thickness of n+ ring is 0.5 mm and the radial base length (labeled “a”) is 0.5 mm. 

For diode C2, a=1.4 mm, the diameter of  the  P+  region  is  0.5  mm,  thickness of

n+ ring is  

0.1 mm. 

Figure 15 Planar  p-i-n  diode array type-L suitable for multi-range application by choosing one of the p+ region. The thickness of all planar neutron diodes is 0.35mm. All sizes are in mm. Diode were manufactured by SPA BIT under design of CMRP. 
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Characterization of gamma and neutron components in FNT beam in a water phantom is an important part of QA because their radiobiological properties are different. Traditionally a paired detector method is applied for separate dosimetry of in mixed gamma neutron radiation fields which is based on TE ionizing chamber and miniature Geiger-Müller (G-M) counter. 

First detector has sensitivity almost equal to gamma and neutrons while second one most sensitive to gamma radiation. However, the results obtained with TE/ G-M pair detectors have an inaccuracy of up to 8% 

resulting from the error in estimating the neutron sensitivity ( K

) value of 

U

the G-M counter.[44]. 

The application of the diodes to characterize d(48.5)+Be fast neutron beams produced at superconducting cyclotron in Harper Hospital [43] have shown results that are very comparable with those obtained with the traditional pair detector method, which is time consuming. In the measurements of the lateral beam profile, the diodes have shown a very good agreement with the profiles obtained with pair detector method. The superior spatial resolution of the diode produced a sharper penumbra compared with the bigger size ionization chamber. For central axis depth dose measurements, both diodes showed an excellent agreement with the results obtained with pair detector method .  All diodes were calibrated at depth 5 cm in a water tank with well known fast neutron dose, all diodes were encapsulated in TE A150 plastic with thickness enough for charge particle equilibrium. 

Figure 16 shows example of the neutron response of planar C-1 and C-2 

neutron detectors measured under condition as above. The accuracy of these measurements were 2%. Automatic portable readout system was developed at Harper Hospital and CMRP similar to MOSFET CSCD to present data in a real time. 

Figure 16 Response curves for C-1 (left) and C-2 (right) neutron detectors with geometry as on Fig. 12a under different readout currents. Error bars was 2% for presented experimental measurements. 
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Bulk and planar neutron integral detectors can be used to derive neutron doses in radiation fields with different contribution of gamma dose. 

Different depths and attenuation conditions produced beams with gamma contribution to the total dose ranging from 4 to 16.6%. The diode demonstrated a good accuracy in terms of measuring neutron and total dose. 

In measuring gamma component, the diode was accurate to within ± 2.5 

cGy. Measurements of neutron dose with bulk neutron diode in different radiation fields are presented in Tabl.1. 

Agreement in dosimetry with paired detector method is within 7% that is within uncertainty of paired method as mentioned above. Good agreement has been achieved between for planar diodes as well. 

Figure 17 shows example of neuron depth dose distribution in a water phantom measured with C-1 planar diode and derived from two paired methods based on TE/G-M tube and TE/Mg chamber. 

One advantage in the application of Si diode is its much higher spatial resolution than is achievable with ionizing chambers. An example of measurements of the lateral neutron dose profile using a scanning Si diode system in comparison with paired method is presented in a Fig. 18. Left side of 10x10 cm2 field was scanned with a bulk diode and right side with edge on planar C-2 diode. In both situations penumbra derived by Si detectors is steeper then obtained from paired ionizing chamber methods and certain pattern can be observed. It is clear that application of Si detectors for integral neutron dosimetry in FNT has advantage realized in very fast measurements with single detectors only. For more details on this development the reader is referred to our published papers [42,45,46]. 
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Figure 17 Measured neutron depth dose curves using C-1 diode, TE/G-M, and TE/MG 

ionization chambers. The measurement was made along the central axis in water in 10 × 10 

cm2 field size. 
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Table 1 Neutron dose measured at different depths in 15 × 15 cm2 field and 30 × 30 cm2

field partially blocked with equivalent of 93.5 mm tungsten Neutron dose (cGy) 

Field  Depth Diode Paired 

detector 

% 

Difference 

15 × 15 cm2 

2.5 cm 

95.9 ± 2.1 

97.7 

1.91 

5.0 cm 

87.4 ± 3.1 

87.5 

0.05 

10.0 cm 

68.4 ± 1.8 

66.6 

2.70 

30 × 30 cm2 

2.5 cm 

14.4 ± 0.4 

15.3 

6.15 

5.0 cm 

14.2 ± 0.8 

13.2 

7.00 

10.0 cm 

10.3 ± 0.17 

9.9 

4.70 

(a)

(b)

Figure 18 Measured neutron dose profile using: a) C-1 planar diode, TE/G-M, and TE/MG 

ionization chambers and b) bulk diode 1 x1.2x1.2mm3. The measurement was made at depth of 5 cm in water and 10 × 10 cm2 field size. 
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Single planar Si p-i-n diodes can be used as dual detector in mixed gamma neutron field measuring independently gamma and neutron dose rates at the same point. It can be achieved by combination of IEL and NIEL 

readout from the same detector. NIEL are related to neutron dosimetry as was demonstrated in this paper. IEL component measured by induced radiation current with the same diode in a water phantom is not representing gamma dose only. Neutron component of the field is making contribution to IEL through recoil protons. While calibration of IEL response of C type planar passive “vertical” diode (p-n junction between P+ core and rear n+side) connected to electrometer was carried out on Co-60 source at Harper Hospital with accuracy better then 2%, it can be attributed to protons due to slightly different ratio of stoping power electrons and protons in water to silicon. Another factor is related to different mode recombination of charge produced by protons and Compton electrons having in mind that plasma track density form proton much higher then from electron. This is why separate calibration of Si planar diode in IEL 

mode to neutron is required. Using two modes of readout: forward voltage change and current (IEL) mode the paired detector method can be arranged with a single planar Si detector. Figure 19 shows schematic approach of this method utilizing planar Si detector with multi dynamic range capabilities. 

Figure 19 Dual Si planar detector for simultaneous measurement of neutron and gamma components of neutron field. Subsequent readout of collected charge and change of the forward voltage from single detector substitute in real time the paired detector method. 

(Developed at CMRP and realized in collaboration with Harper Hospital, USA. 

Figure 20 shows one of the initial results of gamma and neutron doses measurements with a single detector in FNT and comparison them with paired method. 
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Measurements were done at Harper Hospital, USA. 

Detailed consideration of this novel method of radiation detection in neutron therapy can be found at [47,48]. Real time correction of IEL 

radiation response degradation of planar Si detector in neutron field has been taken into consideration [48]. 

4.2.  SPECTROSCOPY MODE SILICON RADIATION DETECTORS IN 

RADIATION THERAPY 

Excellent spectroscopy performance of ion implanted semiconductor detectors under room temperature found many applications in radiation medicine and radiation therapy particularly. In this mode of operation of the silicon detector energy deposited in a detectors is analysed event by event. 

One of the application of them is in neutron therapy, where they were used for determination of thermal neutron flux distribution in epithermal BNCT 

at BNL BMRR medical reactor and Kyoto research reactor [49,50] as well as effect of thermalization of neutrons in FNT leading to boron neutron capture enhancement in FNT (BNCEFNT) if patient administered with B-10 isotope. 
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Silicon mini-detector 3x3 mm2 with U-235 converter (99.25% 235U

enrichment) was used for thermal neutron flux measurements due two reasons:

x fission fragments are high energy particles with total energy released 162 MeV that is well above energy deposited by gamma radiation or recoil protons in a detector; 

x spontaneous irradiation of alpha particles with energy 4.5 MeV allow real time monitoring of the detector performance and accurate measurements of amount of 235U isotope used in simulation of efficiency of the converter to thermal neutron. Thermal neutron flux was measured by total number of counts above 4.5 MeV and was in a good agreement (within 5%) with Monte Carlo simulations in case of BMRR at BNL. Kyoto reactor BNCT channel thermal neutron flux distribution after filtering with a heavy water was measured in a head phantom. These results were used for dose planning system and optimization. Measurements in FNT allow to show absorbed dose enhancement for 50ppm B-10 about 5% at depth 10 cm [50]. Paired method was used for thermal flux measurements in Cf-252 therapy by using pair of Si mini detectors one of them with B-10 converter and another one without converter. Certainly S/N ratio of this method is less then with 235U converter due to less energy of emitting alpha particles and Li and difficulties in separation from gamma photons contributions. 

Other demonstrated use of miniature Si detector with 10B converter in spectroscopy mode for monitoring of thermal neutron fluence on BNCT at Kyoto Research Reactor [51] and deposited “boron” dose monitoring by spectroscopy of gamma line 470 keV from the reaction 10B(n, D J) Ge detector. [52]. 

5.  Semiconductor radiation detectors for microdosimetry in radiation therapy

Previously discussed radiation detectors were developed for measurements of absorbed dose or particle fluence which can be converted to absorbed dose. However absorbed dose, which is a deterministic quantity, is not always correlated with outcome of cancer treatment. For example, hadron therapy where primary or secondary charged particle are high Linear Energy Transfer (LET) radiation the concept of absorbed dose only is not anymore suitable for prediction of biological cell surviving. Clearly, the measurements of radiation quantities in sites of comparable size to the cell or even the chromosome interaction distance are required. This case of radiation detection of stochastic deposition of energy in cellular and less 
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sizes characteristic volumes well known as  microdosimetry. Of utility in such measurements was the development in the early 1950s of the low-pressure proportional counter (TEPC), commonly called the Rossi counter after its pioneer [53]. More detailed information on microdosimetry concepts can be found in [54,55]. 

In microdosimetry we are doing spectroscopy of events of deposited energy from single particle in a small sensitive water/tissue equivalent volumes. By introduction of lineal energy as a y=E/<l>, where E is a deposited energy and <l> is an average chord of the sensitive volume, possible conversion of MCA spectra to microdosimetric spectra f(y) vs y. 

Microdosimetric measurements are a valuable supplement to radiobiological studies in the characterization of Relative Biological Effectiveness (RBE) of therapeutic beams. The traditional experimental tool for microdosimetric measurements is the tissue equivalent proportional counter (TEPC). The TEPC does however have several shortcomings outlined in [55]. Recent developments have been made which propose the use of silicon based microdosimeters as a viable alternative to the TEPC 

[55-59]. 

A silicon based microdosimeter must satisfy the following criterion: it must possess a well defined charge collection volume, be of a small size to simulate the biological cell, be able to measure LET down to 1 keV/Pm or less, be able to provide tissue equivalent (TE) measurements and an array of microdosimeters is needed to maximise counting statistics. 

A prototype silicon microdosimeter has been produced at the Centre for Medical Radiation Physics (CMRP) which presents a viable alternative to the TEPC. The device consists of an array of microscopic planar p-n junction diodes manufactured by Fujitsu Research Laboratories. The diodes are connected in parallel and are reverse biased. Charge collected by the device from a passing ion is indicative of ion LET. SOI (silicon-on-insulator) technology precludes charge collection from beneath the junction, facilitating a well defined charge collection region. The wafer thickness’ currently available are 2, 5, and 10 Pm. Several diode sizes are available and to date those tested on high LET radiation therapy beams have an area of 10 x 10 Pm2, with 120 x 40 = 4800 diodes in the array. To a first approximation, the sensitive volume has a Right Angled Parallelepiped (RPP) shape, hence the chord length distribution will differ from the spherical TEPC. The issue of tissue equivalence has also been addressed in the literature [56]. Readout of such silicon detector required usual nuclear spectroscopy set up. Portable version of CMRP silicon microdosimeter show on Fig. 21. 
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Figure 21 Low noise microdosimetric probe with Lucite TE material and aluminum shield absent. Left chip is SOI microdosimetric chip as described in our papers. Small size low noise hybrid charge sensitive preamplifier A250 and shaping amplifier were mounted on a board close to microdosimeter and demonstrated good performance. 

Testings of silicon microdosimeters were performed on different radiation oncology modalities including in reactor based BNCT (Kyoto University Research Reactor (KUR), Japan and BMRR BNL, USA) and accelerator based Boron Neutron Capture Synovectomy (BNCS) (Laboratory for Accelerator Beam Applications (LABA), MIT, USA), Proton therapy (Northeastern Proton Therapy Center, NPTC, Boston, and Loam Linda University Medical Centre, LLUMC, USA), and Fast Neutron Therapy (Harper Hospital, Detroit, USA). 

For BNCT microdosimetry, microdosimetry measurements are performed with a boron coating on the microdosimeter, or with boron introduced directly into the microdosimeter. Advantage of the silicon SOI microdosimeter for BNCT that 10B uptake by cell can be modelled in a silicon cell (p-n junction of array) by P+ implanted region, by choosing of p-type base of SOI device or with a 10B converter above chip. It can model different spatial distribution of 10B uptake in a cell that is impossible to do with TEPC. For the presented microdosimetric spectra here, the boron concentration already present in the p+ region of the device was used as a crude analogy to boron uptake in the cell nucleus, as in [60]. Silicon 2D 

microdosimetry as described allow to model such radiobiological effects as a cross fire between cells in BNCT by producing adjacent silicon cells with and without 10B, for example. 

Below presented as an example lineal energy (microdosimetric) spectra obtained with SOI microdosimeter at KUR BNCT facility and BNCS 

facility at MIT. Both reactor BNCT beam (KUR), and accelerator based BNCS beam measurements were performed using the 2 Pm SOI device, at similar depths in a water phantom. 
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The KUR reactor is a 5 MW reactor, running continuously at full power 

[14]. For BNCT, the reactor may be operated in three modes depending on combinations of heavy water, boral, and cadmium filters [14]. Each mode has a characteristic neutron energy spectrum and thermal neutron flux depth distribution. The first mode is "thermal", with no boral and cadmium filters and some attenuation with heavy water. This mode is used for superficial tumours. The second is "mixed mode", a thermal neutron mode without filters for higher thermal neutron flux and is aimed at tumours 1-2cm depth. 

This mode is used for present clinical trials and for the present experiments. 

The final mode is "epithermal", predominantly aimed for deep seated tumours. 

A cylindrical water head phantom was used, with its axis aligned with that of the beam. The low noise microdosimeter probe was positioned on the central axis of beam and measurements were performed at 1cm depth using the 2Pm and 5Pm SOI devices reversed biased to 10 V. 

Measurements were also performed at the accelerator based BNCS 

facility at MIT. Neutrons were produced by bombarding a beryllium target with 1.5 MeV deuterons via the 9Be(d,n)10B reaction. The beam is then moderated from its initial 1 MeV using heavy water. Accelerator based BNCT possesses a high recoil proton component relative to reactor based BNCT. 

The target was located within a 9 cm diameter 23 cm length cylindrical heavy water moderator encapsulated in an 18cm thick graphite reflector which improves the target dose rate [11]. The detector was placed at a depth of 1.5 cm, on axis, in a 28.5x28.5x21.5 cm3 water phantom. 

Microdosimetric measurements were performed using the 2 Pm microdosimeter with the two readout electronics assemblies differ by noise. 

A qualitative comparison between the relative quality of BNCT 

modalities was made via comparison of microdosimetric spectra and presented on Figs. 22a) and 22b). 

In contrast to the KUR results (Fig. 22a) the thermal neutron component (lineal energies greater than 120 keV/Pm) is very small in comparison with the proton component for BNCS MIT facility (Fig. 22b). The proton peak originating from nitrogen capture is also absent in Fig. 22b as it is negligible compared to the recoil components. These features reflect the differences in neutron energy spectra of reactor based BNCT and accelerator based BNCS with much higher component of fast neutrons in accelerator based BNCT. It makes difference in biological dose while absorbed dose can be the same. For more details on development and investigation of silicon detectors for microdosimetry in radiation therapy can be found in our publications and papers referred in these publications. 

[36,65-71]. 
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Another important application of silicon detectors for microdosimetry is in verification of Monte Carlo simulations in hadron therapy where contribution of elastic and inelastic reaction generating high LET particles in a phantom is due to direct beam interaction. Modeling of the response of silicon microdosimeter by used Monet Carlo transport code followed by experimental verification is a reliable QA for accepting of Monte Carlo based dose planning. Measurements in FNT and proton therapy demonstrated usefulness of this approach [68,74]. 

(a)

(b)

Figure 22 Microdosimetric spectra obtained under the same condition in a water phantom - 

a) under mixed mode irradiation at KUR at depth 1cm in water - b) BNCS MIT facility. 

6.  Application of scintillator based detector in radiation therapy Scintillators play an important role in radiation therapy QA. It is a wide area of research with many groups involved. The scope of this paper does not allow detailed discussion of all aspects of the principles and design of such detectors but rather we will be limited to a short discussion of important tools in radiation therapy: Fiber Optical Dosimetry (FOD) and amorphous silicon imaging plate for IMRT and image guided therapy QA. 
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The main principle and advantage of FOD is in tissue equivalency of plastic scintillators, small size and passive mode of application similar to conventional diode dosimetry. The light generated in a scintillator, which is proportional to the dose rate, and delivered through the fiber optic to the photodetector and converted to the readable signal. The main principles of such detectors and dosimetry were firstly described in [75,76]. The main challenge of this detector is a low signal generated in a small volume of plastic scintillator and possible losses of signal on the interface scintillator –

FO as well as Cherenkov radiation contribution to the signal related to electrons scattering on a high energy beam of medical LINACs. Essential improvement of light collection by innovative optical coupling of plastic scintillator and FO as well as reduction of Cherenkov radiation effect was achieved recently by University of Sydney group that make this dosimetry suitable for high dose rate application in radiation therapy [77,78]. 

Recently another approach to FOD based on real-time radioluminescence and optically stimulated luminescence (OSL) from Al2O3:C

crystals to determine the real-time dose rate and dose, respectively. [79] 

During irradiation of the fibre dosimeter, electrons in the Al2O3:C

crystal are excited into the conduction band, from which they either immediately recombine with holes in the colour centers, producing radioluminescence (RL), or the electrons are trapped at defect sites in the crystal. In the latter case, the trapped electrons can be re-excited into the conduction band by stimulation using a green laser producing OSL signal. 

Irradiation with a green laser can be done after total irradiation or after each or groups of radiation pulses. The OSL signal is proportional to the accumulated dose and OSL measurement allows the verification of the real-time estimated dose. 

During the irradiation pulse, the probes yielded an RL signal, and the OSL was read out after the irradiation pulse. It can be achieved by gating from medical LINAC, providing pulsed radiation In this case it is possible dual verification of delivered dose in a real time by integrating RL signal and readout of OSL signal. Taking into account that OSL signal is readout between radiation pulses or group of pulses the Cherenkov effect is illuminated. The principle of this dosimetry is presented in Fig. 23. The largest OSL material supplier and developer is Landauer Ltd. 
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Figure 23 Schematic of the principle of OSL based FOD using Al2O3 OSL material and gated readout system. (Courtesy of Dr Claus E.Andersen, Risø National Laboratory, Denmark). 

Another example of application of scintillation radiation detectors for QA in radiation therapy is megavoltage X-ray Electronic Portal Imaging Devices (EPID) which are so important in IMRT and image guide radiotherapy. Until recently verification of accuracy of delivered doses could be done using film dosimetry media in particular planes of the phantom followed by comparison of planned fluence map to measured 2D 

response of the film. This method is accurate however can’t be utilized in a real time and demand optical scanning for film readout. 

Recent development in amorphous silicon p-i-n photodiode (a-Si:H) pixelated detectors with readout JFET situated close to the p-i-n pixel on the same wafer. These detectors optically coupled with scintillator has opened new era in QA in radiotherapy [80]. Used scintillators and phosphorous should match spectral sensitivity of a-Si:H photodiodes with maximum light photons sensitivity in the range of 550-650 nm. The application of CsI(Tl), CaWO4 and Cd2O2S:Tb scintillators provide total light efficiency up to 50%. Megavoltage EPID must be able to correctly predict integrated dose image for the correctly delivered fluence. Design of such EPID and conversion of signal from amorphous silicon p-i-n diodes to water equivalent dose is quite complicated due to non water equivalency neither scintillators nor other overlayers used in megavoltage EPID and 
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outside of this paper. Relevant information can be found in [81,82] and references in these papers. Varian EPID and other have a large size and suitable for dosimetry of 40x40 cm radiation field and spatial resolution in dose imaging better then 1mm. Dose measured with ionising chamber in solid water phantom and film and obtained with EPID was in agreement within about 2% [88] that make these new devices extremely efficient in radiation therapy QA. Figure 24 shows 2D dose distribution measured with EPID which in a conjunction with dose planning system able to compare plan and delivered doses in IMRT for any linear scan through the dose image. 

Figure 24 Dose image of a intensity modulated radiation therapy beam from a linear accelerator obtained using a commercial (Varian) a-Si electronic portal imaging device. 

Software allow obtaining on the dose line which can be compared with a planning dose for QA. 
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7. Conclusion 

Radiation detectors in radiation therapy which is an essential part of radiation medicine are vital for dose verification to guaranty that delivery of radiation to the target is going according to the plan. Semiconductor detectors have many advantages in this application due to their small size, possibility of real time readout, separation of component of mixed radiation fields, biological dosimetry on a cellular level and dose imaging on medical LINACs. 
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Abstract.  The Crystal Clear Collaboration has designed and built a family of high resolution small animal PET scanners. These were designed to be used in research laboratories and provide maximum modularity and flexibility. The source code of the data acquisition and reconstruction software is freely available to the users. The design is based on the use of the Hamamatsu R7600-M64 multi-anode photomultiplier tube and an LSO/LuYAP phoswich matrix with one-to-one coupling between the crystals and the photo-detector. A complete system has 80 PMT tubes in four rings with a minimum inner diameter of 137 mm and an axial field of view of 110 mm. The detectors are rotating over 360 degrees so that partially filled ring geometries can be used. This greatly simplifies the combination of PET with other imaging modalities. Single gamma interactions are recorded in list mode format and coincidences are found by software. 

Keywords: PET, small animal imaging. 

1. Introduction 

Small animal PET scanners are an important tool in new drug development, and in imaging gene expression [1, 2]. It is possible to perform small animal studies using clinical PET scanners, but dedicated small animal scanners will allow a much better spatial resolution and sensitivity. 

Moreover, performing animal studies on clinical scanners is usually impractical, and may not be allowed. In comparison with autoradiography, the PET technique will require less animals. This answers a social concern, and is a major advantage when using animals with limited availability, e.g. 

genetically modified animals. For all these reasons many biomedical research groups and pharmaceutical companies are interested in acquiring dedicated high-resolution small animal PET scanners. 

The Crystal Clear Collaboration was set up in 1990 with the aim of studying gamma ray detection methods for use in basic research in subatomic physics. This project was quite successful and several among the new detection methods and new scintillating materials developed are now widely used in fundamental research. In 1995 the focus of the collaboration shifted towards gamma ray detection in biomedical applications. The collaboration now concentrates on developing improved detection methods for PET. Besides doing generic studies on detection methods for PET, the collaboration also builds special purpose scanners for the academic research groups. 
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The aim of the ClearPET project is to develop small animal PET 

scanners with a high sensitivity and resolution, and offering a maximum of flexibility and modularity. The scanner should easily be adaptable to the particular needs of each research project. A total of 5 different prototypes have been built, and several more scanners are under construction. One of these prototype devices is ClearPET Neuro. This machine is intended for studies on mall primates, and such studies require a system where the animal can be imaged in a sitting position. No commercial system offers this possibility. A rodent version (ClearPET Rodent) and a version for imaging plants (PlanTIS) of the same system were also built. In addition, 2 

technical prototypes with only a limited number of modules were built. 

These were used for technical studies and performance evaluation. In the present paper we mainly describe the ClearPET Neuro and the ClearPET 

Rodent. The two instruments are very similar, and the differences will be pointed out where appropriate. 

2.  Description of the ClearPET scanners

2.1.  GENERAL DESIGN CONSIDERATIONS AND OVERALL LAYOUT 

The ClearPET scanners are based on the use of the multi- channel photomultiplier tube (PMT) HAMAMATSU R7600-M64. This tube is a matrix of 8x8 individual small photomultiplier tubes in one housing, and was chosen because it allows one-to-one coupling of the crystal pixels to the photo-detector pixels, thus providing the best possible resolution for a given size of crystals. The PMT's have a sensitive area of 18.1x18.1mm2

consisting of 8x8 individual readout pixels with a pitch of 2.3 mm. The crystals are assembled in a dual layer phoswich matrix [3] consisting of 8x8 

LSO and 8x8 LuYAP [4] crystal elements. The LuYAP used is a mixed lutetium/yttrium perovskite doped with about 1% of cerium. In the present prototypes we use LuYAP with about 65% of lutetium and 35% of yttrium. 

Using LuAP with 100% of lutetium would give a larger sensitivity, but difficulties in finding a supplier forced us to compromise and go for a mixed crystal with a lower stopping power. The LuYAP used has about 1/3 

of the light yield of LSO and has two components in its decay: one fast component with 20ns decay time and a slow component with approximately 200 ns decay time. The LuYAP crystals were produced in the Bogoroditsk Technochemical plant in Russia. The LSO was obtained partly from CTI [5] and partly from Photonic materials [13]. The electronics can distinguish interactions in the LSO and the LuYAP using the time profile of the pulse, and in this way reduces the degradation of the resolution due to the parallax effect. 
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Figure 1 ClearPET module comprising an LSO/LuYAP array packed in Tyvek and glued directly to a photomultiplier tube. 

Each pixel has one crystal of LSO and one crystal of LuYAP, both measuring 2x2x8 mm3 and 2x2x10 mm3 for the ClearPET Rodent and ClearPET Neuro respectively. The pitch of the crystal matrix is 2.3 mm and matches the pitch of the PMT. To optically separate the crystals ~0.3 mm Tyvek paper is used (Fig. 1). This material has good reflecting properties, only slightly worse than Teflon tape, and is strong and easy to handle. In a new design (Fig. 2) the 64 LSO matrices and the 64 LuYAP matrices are glued together with a glue loaded with a large amount of BaSO4 powder. 

This method is less labor intensive and has very similar performances as the Tyvek solution. The crystal matrix is glued on the photomultiplier tube. 

Between the crystal matrix and the PMT there is a 50 micrometer thick mask with square openings corresponding the centre of the 64 pixels. This mask serves two purposes: 1) it reduces the cross talk between the pixels, 2) it compensates for the pixel-to-pixel variation of the sensitivity of the PMT [12]. This last function is obtained by adjusting the size of the openings in the mask, and the result is that the pulse heights of all the 64 

pixels become approximately equal. Each PMT needs a mask tailored to the sensitivity variation of its pixels. 

It is also important that the light yields of the two types of scintillator in the scanner have a similar response for a 511 keV gamma ray. It is therefore necessary to attenuate the light yield of LSO. This is achieved by inserting a thin sheet of absorbing material between the LSO and LuYAP 

crystal, in the Tyvek solution, and by inserting a mask with openings of the correct size in the BaSO4 solution. 
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Figure 2 New design of the detector module. The LSO and LuYAP matrices are glued together with a BaSO4 loaded glue. The equalisation masks are also shown. 

The complete ClearPET prototype contains 80 modules, arranged in 4 

rings of 20 modules each. This results in a crystal ring inner diameter of 137 mm, an animal port of 120 mm and an axial field of view of 110 mm. 

Four modules together with the associated readout electronics are assembled in one cassette (Fig. 3). This modular design will allow easy construction and maintenance. 

The 4 modules in each detector cassette are aligned in the axial direction. The centre-to-centre distance between two PMT's is 28.5 mm. 

Due to the size of the PMT there is a gap of 8.5 mm between the crystal arrays in the axial direction. Every other cassette is therefore shifted axially by 7.125 mm relative to its neighbouring cassettes in order to have a more homogeneous sensitivity over the field of view [6]. The gantry allows rotation over 360 degrees of the detectors around the field of view. This rotation is achieved with a stepper motor (Phytron ZSH-87). A belt transmits the motor rotations to the gantry wheel. The position encoder is in direct mechanical contact with the rotating gantry. The animal bed motion is also controlled by a stepping motor. Three lasers allow accurate positioning of the animal. 



154

E. AUFFRAY  ET AL. 

Figure 3 Complete detector cassette containing 4 modules and the associated readout electronics. 

2.2. ELECTRONICS 

The electronics consists of 20 identical cassettes, 10 identical data receiving boards in the data acquisition computers, and a clock and reset pulse generator sending clock and reset pulses to all the cassettes. Fig. 3 shows a detector cassette with the external cover plate removed, and Fig. 4 shows a functional diagram of the same. 

Each detector cassette contains the following components: four detector modules each consisting of a PMT with 64 LSO and 64 LuYAP crystals, four bleeder sockets, four decoder blocks, one board carrying a XILIX 

XCV300-6 FGPA, and a slow control board. 

The HAMAMATSU R7600-M64 photomultiplier tube has 64 anode outputs corresponding to the 64 pixels, and one common dynode output giving the analog sum of all 64 channels. The decoder block is a closely packed unit of six boards which is connected to the PMT. It bears 64 

comparators connected to the PMT anodes, an address decoder and an amplifier for the signal of the dynodes. This dynode signal, after amplification and filtering to satisfy the Nyquist theorem, is continuously sampled by a free running 12 bit ADC at a sampling rate of 40MHz, and is stored in a shift register. The 64 anode signals of each PMT are compared 
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to a computer controlled threshold. An event trigger is generated whenever one or more of the 64 anode signals exceed the threshold. The threshold can be set individually for each PMT by the DAQ program. When an event trigger occurs, the corresponding 16 samples of the dynode signal are saved. The 40 MHz clock pulses from the clock board control the ADC 

sampling, and also ensures all the cassettes have a synchronised internal clock with a least-count of 25 ns. For each event trigger the FPGA sends 40 

bytes of data over the optical link to the data acquisition computer. These 40 bytes contain the following data: 16 amplitude samples of two bytes each, a time stamp of four bytes, and the anode numbers of the first and the last anode exceeding the threshold (two bytes). If only one anode exceeds the threshold, these two bytes contain the same number. The processing of one event in the FPGA board takes approximately 700 ns leading to a dead time of 700 ns per trigger for each cassette. 

The slow control board contains a microcontroller (Analog Devices ADUC812). This controller communicates with the master PC using a serial RS232 interface. The PC addresses each individual cassette by an address code set by a dip switch on the board. This board performs the following monitoring and control functions: controls the voltage of the four PMT's using DC-DC converters (PICO 12SMV/1000 DC-DC), sets thresholds for the event trigger in the four decoder boards, reads the temperature of a sensor placed close to the crystals, and monitors the supply voltages and the PMT high voltages. Additionally the slow control board works as an interface for the optolink. This optolink is a piggyback board placed on top of the slow control board. It is an optical transmitter/receiver unit and allows the bidirectional parallel transfer of 36 bit at a rate of 33 

MHz (GigaSTAR ING TRF, Inova Semiconductors, Munich). Only the sender of the board is used and only 16 bits are transferred at 10 MHz. In latest version of this board the GigaSTAR is replaced by the HotTXv21. 

The data from four cassettes are received by one slave PC. One slave PC holds two interface boards and two I/O boards. The interface board has been designed to fit into a PCI slot in order to use the computer power supply and to save space. It is equipped with two GigaSTaR piggyback boards, this time using the receivers only. An additional FIFO buffers the data, which are then fed into the 32-bit I/O card (DIO 6533, National Instruments) in the neighbouring PCI slot. The 32-bit port of the I/O card is configured in two independent 16 bit ports. Thus, one card is able to receive the data from two cassettes. Finally the cards write the data via direct memory access (DMA) into the PC memory. More details on the ClearPET 

data acquisition can be found in reference [10]. 
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Figure 4 Functional diagram of a detector cassette. 

Figure 5 Overall layout of the data acquisition. 

2.3.  THE DATA ACQUISITION 

A schematic overview of the data acquisition system (DAQ) is shown on Fig. 5. It consists of a master PC, a data storage PC and 5 slave PC's. The communication betweens the computers is realised by socket connections using the TCP/IP protocol at 1Gbit/s. 

The master computer runs a Labview process that manages the user interface, starts and stops the process on the slaves PC's and the data storage PC, and controls the movement of the gantry wheel and the animal bed. Every 50 ms the position of the gantry wheel and the value of the cassette clock are read and stored in a file. The stepping motors are 
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controlled with a Phytron TMC 93-70 MINI Programmable Stepper Motor Controller, or a Siemens SPS Stepper motor controller, for the ClearPET 

Rodent and ClearPET Neuro respectively. 

The five slave computers run the same Labview process and control the data flow from four cassettes each. These data are received with the NI6533 

data acquisition board. One NI6533 card receives the data from two cassettes. The process on the slave computer checks for valid events and calculates the energy, event time, and the type of crystal where the gamma interaction took place (i.e. interaction in the LSO or LuYAP crystal) for each event received: 

x The energy is given by the sum of all 16 samples after baseline subtraction. The first sample is assumed to give the baseline. 

x The clock time corresponding to each event trigger is recorded in the FPGA, but this time measurement has a least count of only 25 ns. To obtain a more accurate event time, the time delay of the pulse relative to the time of the first sample of each event is obtained by calculating the intersection of the line of steepest ascent through any two successive data points with the baseline of the pulse, thus providing an efficient interaction time interpolation (see Fig. 6). In the output data the event time appears as a 38 bit number with 0.3906 ns least count. 

x The type of crystal where the gamma interaction took place is derived from the ratio of the last sample of the pulse to the total sum of the 16 

samples after pedestal subtraction [7]. This simple method works very well with LuYAP mixed crystals, because of the presence of a significant slow component. In a separate contribution to this book (Investigation of crystal identification methods for a ClearPET 

phoswich detector, D. Wisniewski et al.) it is show that LuAP:Ce, LuYAP:Ce, GSO:Ce, and LSO:Ce can all be separated with 97% or better efficiency using a slightly more elaborate method based on neural networks. 

A valid event requires that only one anode exceeds the threshold, or that the two anodes exceeding the threshold correspond to adjacent pixels. Only the address of the first and the last anode crossing the threshold is transmitted. If these two anode numbers have the same value, there was only one anode above threshold. If these 2 anode numbers correspond to 2 

adjacent anodes, either direct or diagonal, we will assume that these were the only 2 anodes having a signal. If the 2 anode numbers correspond to two non-adjacent anodes, the event is discarded. The rate per cassette is limited to 450 kcps due to the NI6533 card. Each slave computer sends 8 

bytes of data per event to the data storage computer using TCP/IP. There is 
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a separate socket for each cassette, so the data appear as 20 time ordered streams in the data storage PC. 

The data storage PC runs a C program that finds the time coincidences, the gantry position corresponding to the event time, and stores the events on its hard disk in List Mode Format. For debugging purpose it is also possible to store all the single events. 

Amplitude

line of steepest ascent

25 ns

Time

Calculated event time

Figure 6 Principle of the event time calculation. 

3.  Measured performance and comparison with Monte Carlo simulations

The scanners were only recently completed, and some performance measurements could not yet be done with the complete and finished systems. The performance measurements below were therefore not all done with the same setup. 

3.1. DATA RATE 

The data rate was determined with the ClearPET Neuro by inserting a cylinder filled with 11C and measuring the data rate as a function of time. 

The result is plotted in Figures 7. An ideal system should measure an exponential decay with a half-life of 20 minutes, and this would correspond to the straight line in the plot. The saturation in the experimentally measured rate at §9 Mcps correspond to the limit of the NI6533 card. At high rate, but less than 9 Mcps, the acquired rate remains somewhat below the straight line corresponding a dead time less system. This difference is perfectly described by a dead time of 700 ns in each cassette. After 120 

minutes the rate tends to approach constant, and this constant value corresponds to the natural radioactivity of lutetium. 
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Figure 7 Measured data rate with a 11C source as a function of time. The dotted horizontal line corresponds to the natural radioactivity of lutetium. The solid line corresponds to the measured rate after subtraction of the lutetium background. 

3.2. ABSOLUTE SENSITIVITY 

The sensitivity was measured with a 22Na point source stepped trough the scanner along the central axis. This measurement was performed on a prototype where the distance between the two crystal surfaces was 141 mm, slightly larger than in the final design. Whenever the source was exactly between two diametrically opposite detector modules the coincidence rate between these two modules reaches a maximum. The corresponding measured sensitivity was 0.068% and is in good agreement with a simulation based on GATE (0.070 ± 0.001). Using the same gate code we expect for a full scanner with 80 modules a sensitivity of 4.42% for the modules based on Tyvek, and 8 mm long crystals. 

3.3. SPATIAL RESOLUTION 

The resolution was measured on one of the prototype set-ups with 18 

modules in 3 rings and LSO and LuYAP crystals of 8 mm long. Radial 
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(Fig. 8) and tangential (Fig. 9) FWHM spatial resolutions were measured up to 4 cm from the scanner axis and compared to Monte Carlo simulations using GATE [11]. These measurements of the spatial resolution were performed with a 3.2 MBq 22Na point source whose diameter is about 0.8 

mm. The duration of the acquisition for each source position is 60 s. Images are then reconstructed by the 3D reprojection algorithm [14] implemented in STIR [15]. For the normalization we used random coincidences obtained from a cylindrical uniform phantom of 68Ge centred in the FOV. In the case of a perfectly centred uniform phantom, all detector modules are irradiated similarly, so that the randoms, after being resorted into 3D sinograms, provide a sufficient normalization scheme of 3D data sets. 

The images were reconstructed and then fitted by a Gaussian distribution. FWHM spatial resolutions range from 1.3 mm on axis to 2.6 

mm at 4 cm from the axis. Excellent agreement is observed between the measured and simulated spatial resolutions, which attests for efficiency of DOI identification performed by the phoswich detector modules. 

Figure 8 Measured and simulated FWHM radial resolution. 
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Figure 9 Measured and simulated FWHM tangential spatial resolution. 

3.4. TIME RESOLUTION 

The time resolution was measured for the ClearPET Rodent using a 22Na point source in the centre of scanner. If the time difference between two randomly chosen events from two diametrically opposite detectors is plotted, a uniform random event density is obtained with a peak at a time differences close zero. This peak corresponds to true coincidence events. 

The average time difference for true coincidence events between any couple of opposite detectors can vary by one or two ns because of differences in the electronics or PMT transit time. A constant transit time correction for each electronics channel brings all these average time differences to zero. Figure 10 shows this time difference summed over all events after applying the above correction. 
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Figure 10 FWHM time resolution; solid black line: experimental data, grey line: Gaussian fit to the central part of the data. This fit corresponds to a FWHM time resolution of 5.93 ns. 

4. Image 

reconstruction 

The images presented in figures 11 and 12 were obtained with the ClearPET Neuro. After sorting the data into 3D sinograms, the fully 3D 

Ordered Subset Expectation Maximisation (OSEM) reconstruction algorithm is used, with 20 iterations and 4 subsets. The algorithm is based on STIR (“Software for Tomographic Image Reconstruction”), an object-oriented Open Source software consisting of classes, functions and utilities for 3D PET image reconstruction [15]. Because of the unconventional scanner geometry with large gaps in the axial direction between the sensitive areas and the axial shift for every other detector cassette, it is essential to use an appropriate sensitivity image [9]. The images shown are based on a calculated sensitivity image. Figure 10 shows an image of a Derenzo phantom together with the phantom itself. Figure 11 shows the image of a 400 gram rat injected with 0.5 mCi of FDG. 
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Figure 11 Right: Derenzo phantom with capillary tubes of various diameters; left: reconstructed image obtained with the ClearPET Neuro. 

Figure 12 Image of the brain of a 400 gr. Rat injected 0,5 mCi of FDG. 

5. Conclusion 

The ClearPET system is a very flexible tool to construct high resolution and high sensitivity PET scanners that can be adapted to the needs of specific research projects. If a full ring scanner with 20 cassettes is assembled, the performances are comparable to the best commercial small animal systems available. 
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1. Introduction 

The novelty of the ClearPETTM scanner1-3 is the concept of shifting many signal processing functions traditionally accomplished in PET scanners by electronic hardware (such as finding the coincidences) into software. This way the scanner gains flexibility and capability of easier reconfiguration. 

The functions of the remaining electronics are limited to front-end processing of the PMT-based scintillation detectors signals and transforming them into digital data by free-running ADCs sampling at 40 

MHz.4,5

To small animal PET imaging the importance of high sensitivity and spatial resolution is even greater to that in human.6-8 The use of longer crystals to achieve higher sensitivity causes a degradation of the spatial resolution due to parallax errors increasing progressively with the distance from the centre of the scanner field of view. In order to prevent this effect the depth-of-interaction (DOI) information has to be extracted and taken into account.9 Although a number of detector designs with DOI capability have been proposed,10-16 so far only 2-layer phoswich detectors have found commercial PET implementation.17

A word “phoswich” as an abbreviation of “phosphor sandwich” have been introduced by Wilkinson18 who invent this kind of detector more than half a century ago. The phoswich is a structure consisting of two or more scintillators or phosphors with distinctive emission pulse shapes. The subsequent layers of such detector are optically coupled to each other and to a common PMT (or PMTs), photodiodes or other light detectors. Various phoswiches have been developed to fit particular needs of a broad diversity of scientific,19-24 medical,25-28 and industrial29,30 applications. The DOI information, if required, can be obtained by identification of the phoswich layer in which interaction with incoming radiation occurs. It is typically carried out by electronic pulse shape discrimination.31

For ClearPETTM phoswich detector32 modules however, the crystal identification has to be performed by software. It uses data sets consisting of 16 samples per recorded PMT signal pulse. The detector modules are built of a double layered 8x8 scintillating crystals matrix mounted on a position sensitive (64 channel) PMT. The upper layer contains 64 lutetium yttrium orthosilicate (LYSO) crystals measuring 2x2x8 mm3 while the bottom layer consists of 64 lutetium yttrium aluminate perovskite (LuYAP) crystals of the same size, optically coupled to the PMT window. Both materials are cerium doped. Pixels are separated by a highly reflective 
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Tyvek of 0.3 mm thickness. Within each pixel the light attenuating inserts are placed between the crystals to reduce the intensity of LYSO scintillation light reaching PMT photocathode down to the level characteristic for LuYAP. DOI information is extracted on the emission pulse shapes comparison basis. The LuYAP crystals used at present in ClearPETTM

prototype scanner are characterized by the presence of slow component with decay time constant of about 200 ns in addition to the fast (about 22 

ns) main component of scintillation. This slow component allows for a very simple identification method based on analysis of the value of last (16th) sample of recorded signal pulse. This value is normalized by dividing it by the sum of all the samples (all samples corrected for the value of the pedestal). Obviously this “normalized last samples” have larger values for the material with long component in scintillation decay, e.g. for LuYAP in the described case. 

While LSO and LYSO are commercial products, LuYAP is still a material in the development phase.33,34 Various attempts are made to enhance its parameters, and a light yield35 (LY) in particular. Most of them are focused on growing technique improvement or finding the best Lu/Y 

ratio and Ce doping level. It usually affects not only LY, but decay time constant of one or more scintillation components as well. Some of the new LuYAP crystals of higher LY have been reported to have a lower level of slow components. Consequently these crystals are likely to be harder to distinguish in phoswich configuration with LYSO when the present method of identification is used. One of the aims of this work was to check this assumption. It has been done by testing phoswich detectors build of standard LYSO and these old and new LuYAP crystals. The detector modules were tested in the setup resembling electronics used in the ClearPETTM scanner. A few different types of LuYAP crystals (varying Lu/Y ratio, Ce content, length etc.) have been examined. Various crystal identification methods using very simple as well as more advanced (such as neural networks) data processing have been developed and tested. Their results are compared to the “normalized last sample” method presently used in ClearPETTM. 

As the candidates for future PET scanners with DOI capability LYSO/LuAP and LYSO/GSO phoswiches have also been tested and found to work well. 

2. Measurement 

setup 

The complete phoswich detector modules as well as a detector reduced to only one layer of crystals were tested in the setup employing a “front-end electronics cassette” functionally identical to those used in the ClearPETTM
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scanner (the only difference was in the method of data transfer from the electronics to PC). Within this cassette, developed by a group from ZEL in Forschungszentrum Julich (Germany), the scintillation pulse recording is performed by a free-running Analog-to-Digital Converters (40 MHz, 12 

bits) that continuously sample the signals from multi-anode photomultipliers.4 The digitized samples are sent continuously to a ring buffer within a field programmable gate array (FPGA). To obtain the position of the event, each anode is connected to a comparator. Whenever an anode signal exceeds an adjustable threshold the comparator output indicates the corresponding channel. In addition to pulse buffering, the FPGA is also used for the generation of the time mark and for data transfer to the PC by means of a fast PCI I/O interface (PXI-6533 from National Instruments). 

The cassette is placed in a light-tide wooden box together with temperature sensor, heater, and a small fan used to ensure uniform temperature inside the box. The temperature was stabilized at the level of 45 oC to secure the same environment as in the real ClearPETTM scanner. 

The need for temperature stabilization is due to the fact that light yields and decay time constants of scintillator crystals used to build detectors are somewhat temperature dependent. Above the room temperature the LY of LuYAP increases and the LY of LYSO decreases with rising temperature. It allows to benefit from power dissipation in the scanner electronics, and to set the temperature at relatively high level since the LYSO light has to be attenuated anyway down to the level typical of LuYAP to equalize the light outputs of both layers of the phoswich detector. 

To provide the excitation gamma photons, a source containing 22Na isotope of about 90 kBq (2.4 PCi) activity was used. It emits gamma photons of energy of 511 keV and 1275 keV. The source was placed inside the box at the distance of about 1 cm from the top of tested detector. 

The data acquisition software has been developed in LabVIEW and allows to control this readout system and to store the incoming events on an event-by-event basis. For each event 16 consecutive samples of the PMT 

cathode pulse as well as pixel position and time data were recorded. The results of the fixed-time acquisition were saved in ASCII file. 

3.  Crystal identification methods 

The DOI capability of a ClearPETTM detector is based on the crystal layer identification (of the particular pixel) inside of which the interaction with a 511 keV photon occurs. This information has to be extracted by a numerical processing of 16 data samples of each recorded PMT signal pulse. Figure 1 

presents such pulses for studied scintillator materials reconstructed by 
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averaging the data over a few thousands events. For each pulse the baseline was determined (as the value of a first sample) and subtracted, subsequently the whole pulse was normalized such way that the sum of all bias-corrected samples is equal to 1. This normalization is obviously conducted by dividing each of pedestal-corrected samples by the sum of all pedestal-corrected samples of that particular pulse, accordingly with the following formula:
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where  ak is the  k-sample of the recorded pulse “as measured” and v k is the normalized value of that sample. 

Figure 1 The pulse shapes of PMT signals for LYSO and various LuYAP, LuAP and GSO 

scintillators. The symbols correspond to data points averaged over a few thousands events and the solid lines are plotted for eye guidance only. A thick line was used to accent LYSO 

and Russian LuYAP presently used in the scanner. 

The negative values reached at the end part of LYSO pulses are due to properties of the front-end amplifier which causes that for fast pulses the signal finally goes below the pedestal level – it is so called “undershot”. It should be also pointed out that individual pulses can significantly vary from the averaged ones. It is primarily due to electronic noise and photon 
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statistics of relatively low intensity light pulses reaching the PMT 

photocathode. 

In the subsequent parts of this section, methods to determine the crystal layer in which the interaction with gamma photon occurs are presented using LuYAP/LYSO phoswich as an illustration. The procedures described, are however valid also for other studied phoswiches. All data processing and analysis was accomplished with use of Mathematica software (www.wolfram.com). 

3.1. NORMALIZED-LAST-SAMPLE METHOD 

The normalized-last-sample (NLS) method is a solution presently adapted in the ClearPETTM scanner for crystal layer recognition in LYSO/LuYAP 

phoswich. The presence of a slow component in the scintillation of Russian-made (Bogoroditsk Technochemical Plant) LuYAP crystals leads to a slower decay of the corresponding signal pulse in comparison to that of LYSO. Consequently, the value of the last, 16th, sample is larger for LuYAP than for LYSO. After normalization described above (Eq. 1), the last sample values (i.e. values of  v16) of the LuYAP pulses are approximately Gaussian-distributed around the mean value of 0.017, while these characteristic for LYSO around 0.017. The histograms of NLS 

values for typical currently used LYSO/LuYAP phoswiches are presented in the experimental section in Fig. 2 (part B, a, b). A value of 0 has been chosen as a boundary value between events typical for those two materials. 

All the events with NLS values below 0 are considered as LYSO events, and values above 0 are presumed to indicate LuYAP events. 

Due to a relatively large variation of distinct pulses some events might not be identified correctly. To evaluate the identification efficiency an individual procedure has been developed. It uses results of measurements made for a complete phoswich detector and a detector with the LYSO layer removed. The histograms of NLS values of pulses recorded for a detector consisting of a LuYAP layer only are made separately for each detector pixel and fitted with single-Gaussian curves. Accordingly, the histograms of NLS values of pulses recorded for a complete, two-layer detector are fitted with double-Gaussian curves, but this time not all Gaussian parameters are fitted. In fact only the parameters of LYSO peak ( A1, x1, s1) and amplitude ( A2) of LuYAP peak are fitted, while the position ( x2) and width (s 2) parameters of LuYAP peak are taken from previous single-Gaussian fit results. This way the fits of “better appearance” but having no actual meaning are avoided. If the NLS boundary value (E) between events typical for the studied materials is not established otherwise, it can be found as  the  NLS  value  at  intersection  of  Gaussian  curves  with  parameters         
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 A1, x1, s1 for the first scintillator and  A2, x2, s2 for the second one. The true identification ( TI) ratios can then be computed separately for LYSO (Eq. 2) and LuYAP (Eq. 3) events, as well as for events in the whole two-layer pixel (Eq. 4), accordingly with the following formulas: E
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3.2. NORMALIZED-PEAK-SAMPLE METHOD 

The averaged pulses presented in Fig. 1 differ also significantly in the area close to the maximum of pulses. It suggests that this feature could be also used for crystal layer recognition. For particular pulses however, a position of the maximum varies and can be found at 5th, 6th or 7th sample position. 

These fluctuations unfortunately prevent the effective use of samples at fixed position numbers. As a solution to that problem, the normalized-peak-sample (NPS) method has been developed. It uses the same normalization procedure as NLS method, but it looks for the normalized sample of the highest value for each particular recorded pulse and does not pay any attention to the sample number. Histograms of NPS values also have single-and double-Gaussian shapes for the one crystal layer and complete phoswich detector, correspondingly. In consequence, the same method of true identification coefficients computing, as well as the E parameter determination technique as for NLS method can be used. 
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It should however be taken into account that for NPS in opposite to NLS method, the values of samples evaluated are larger for LYSO than for LuYAP. As a result their peaks in the histograms are in the reverse order and when Eq. (2)-(4) are used, the index “1” stands at this time for LuYAP 

and “2” for LYSO. 

3.3. NEURAL NETWORKS 

Artificial neural networks (NN) with their remarkable ability to derive meaning from complicated or imprecise data have been recognized as versatile and powerful tools for pattern recognition and classification systems for raw data analysis. In a field closely related to this work, NN 

have been successfully used for extracting interaction position information for scintillation blocks observed by a set of light detectors.36-38

The phoswich crystal layer identification can be viewed as a classification problem, where a function  F needs to be constructed which maps the 16 elements vectors  V = ( v1,...,  v16) containing the pulse samples onto the layer in which the interaction occurred. According to universal approximation theorem39 such a function  F exist, and can be defined as: M
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where: )(x) is so-called activation or transfer function,  M  is a specific integer;  i = 1,…,  M;  j = 1,…,16;  and  D i,  bi, and  wij are real constants. 

Finding the set of above quoted parameters can be done by means of artificial neural network use. The function  F1 can be implemented as a multilayer perceptron network with 16 neurons in input layer and  M

neurons in a single hidden layer. The   wij constants represent synaptic weights of interconnections between the  j th input neuron and the  i th hidden neuron, and each  bi constant stands for a bias of the  i th hidden neuron. The input layer receives the data values to process. These values multiplied by synaptic weights  wij are passed to the next layer. The hidden layer neurons perform a non-linear transformation of the sum of its inputs and an additional bias. The transfer function )(x) used by hidden neurons is a typical sigmoid function: 
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The optimal number of neurons in hidden layer can be determined experimentally, but for this studies the  M = 5 was arbitrarily chosen. Finally the values generated by the hidden layer are again multiplied by weights D i
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and passed to the output layer with single neuron. As a result, the NN 

output is computed as a weighted sum of hidden layer neurons outputs. 

Although the classical NN described above is relatively simple, when employed to identify crystal layer in phoswich detector it was producing very good results. However an even simpler one was found to produce results which are good enough in most cases. It is the NN with no hidden layer. The input layer, as previously, consists of 16 neurons which receive the values of 16 samples of each recorded pulse. These values multiplied by the synaptic weights ( wj) are summed together with a bias value ( b), and the output neuron performs the nonlinear transformation of that value using the same transfer function )(x). In this case, the classifier   F2 is therefore defined as: 
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To use the function  F1 or  F2 for crystal identification, all the weights of the connections, as well as the bias values have to be known. The process of finding these corresponds to NN training. It is done by presenting to the network a set of data for which the outputs are known. Using a back-propagation algorithm, the NN adjusts the synaptic weights in such a way that the error between the desired and the actual output is as small as possible. The Levenberg-Marquard learning algorithm available in the Neural Network application package for Mathematica was used in this work. 

For NN training the results of acquisitions conducted with the scintillation detector reduced to a single layer of LuYAP or LYSO crystals were used. The data acquisition for LuYAP layer only is made after removing the LYSO layer. It can be done without any difficulties since these crystals are simply inserted into Tyvek matrix and not fixed in any other way. The acquisition for LYSO layer requires dismounting the whole detector module and assembling only the LYSO crystals without gluing them to PMT window. It also requires placing an individually chosen light attenuating filter between the crystals and PMT window in order to reduce the intensity of LYSO scintillation light reaching PMT photocathode down to the level characteristic for the equalized phoswich module. 

In the next step the data set containing 100,000 of LuYAP events and the same number of LYSO events was prepared. To each group of 16 

samples representing a particular event, a number denoting the desired NN 

output was attached. A value of this 17th number was 0.05 (close to 0) for  
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LYSO events and 0.95 (close to 1) for LuYAP events. To improve the NN 

learning efficiency all the events were then placed at the random order. 

Before presenting to the NN the data was additionally preprocessed. Three distinct preprocessing procedures were tested: 

1.  The pedestal is not subtracted. A normalization of signal samples is defined by the following equation: 
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2.  The pedestal is computed in a recurrent way as the average value of first samples of all previously analyzed pulses. The normalization is performed as described by Eq. (8) where instead of raw data samples  aj the pedestal-corrected values are used. 

3.  The pedestal is computed in the recurrent way as in the procedure (B). 

The normalization is performed so that sum of all pedestal-corrected samples of each pulse is equal to 1. With the exception of the pedestal determination technique this procedure is very similar to described by Eq. (1). 

The preprocessed set of data was finally divided into two equal parts of 100 thousands events each. One of them was used to train the NN, and the other to test the ongoing training to avoid so-called overfitting. The overfitting can happen when the NN is trained to long and starts to fit the noise structure in the training set of data. In such a case the global root means square (RMS) error, computed after an each training iteration, still keeps diminishing for training data set but comes to plateau or increases for test data. The training process has to be stopped at this moment since overfitting reduces the generality of NN. 

The training process can be time consuming, but once trained the NN 

works very fast. In fact, once all the parameters needed to generate the classifier  F are known, it is no longer necessary to use the NN procedures. 

Computing the  F( v1,…,  v16) value gives exactly the same results. It is especially simple in case of  F2 classifier. It corresponds to a calculation of weighted sum of 16 preprocessed signal samples and applying this sum as an argument of a sigmoid transfer function ). Such procedure will generate a value close to 0 if it recognizes LYSO pulse and a value close to 1 if it recognizes LuYAP pulse. For pulses of less evident origin the intermediate values are generated. In-depth calculations confirm the intuitive, placed half way between 0 and 1, boundary value of E = 1/2. 
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To test the identification efficiency, the procedure based on modified Eq. (2) and (3) can be used. As a replacement for Gaussian curves in the mentioned equations one should obviously use real histograms of F( v1,…,  v16) values computed for the data sets acquired for a detector reduced to a single layer of LYSO or LuYAP crystals, correspondingly. 

4.  Experimental results  

4.1. NORMALIZED-LAST-SAMPLE AND NORMALIZED-PEAK-SAMPLE 

METHODS RESULTS 

This section presents the results of the NLS and NPA methods of crystals identification applied to two phoswich detectors. The first phoswich detector has been build with the LuYAP layer assembled of an assortment of 8 mm long, Russian-made crystals of the type presently used in ClearPETTM prototype, and a few grown by Photonic Materials Ltd (UK) LuYAP (type 1, 2, and 3) and LuAP crystals of 10 mm length placed at known pixel positions. The subsequent phoswich layer was assembled of standard 8 mm and 10 mm LYSO crystals positioned in a manner to get an uniform overall thickness of the detector. The second phoswich detector has been build with the use of Hitachi-made, 8 mm long GSO crystals in the layer next to the PMT window, and 8 mm long LYSO crystals in the second layer. 

In part (A) of a Fig. 2 the histograms of NLS values for selected pixels of a detector consisting of LuYAP layer only are presented (as points) together with single-Gaussian fits (lines). With the exception of the LuAP 

histogram, which is somewhat asymmetrical, all the other histograms follow the Gaussian shape very accurately. The position of the mean is however different for each of presented materials. The histogram for the Russian-made LuYAP (a) is placed most to the right, at highest NLS 

values. It is a clear consequence of high level of slow component in a scintillation of this material. For PML-made LuYAP crystals of type 1, 2 

and 3, the histogram curves (b, c, and d) are gradually shifted toward smaller NLS values as the contribution of slow component decreases. 

Finally for LuAP with no Y added (e), the NLS histogram is shifted the most. It should be noted however that histograms for PML type 1 and Russian LuYAP are relatively close to each other. 
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Figure 2 Histograms of normalized-last-sample (NLS) values for selected pixels of a detector consisting of LuYAP layer only (A) and for a complete, two-layer LuYAP/LYSO 

phoswich detector (B). Points represent a histogram data, and solid lines correspond to curve fits. In part (A) of a figure a thick line is used for single-Gaussian fit for Russian LuYAP, and thin lines are used for other materials. In part (B) thick lines are used for double-Gaussian fits, and thin lines are used for single-Gaussian components of these double-Gaussian fits. The individual traces represent selected detector pixels, made with use of typical Russian-grown LuYAP (a); PML LuYAP crystals of type 1, 2, and 3 - traces (b), (c), and (d), correspondingly; and PML LuAP (e). The histograms in part (B) are shifted in vertical scale to aid the presentation. 
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Figure 3 Histograms of normalized-peak-sample (NPS) values for selected pixels of a detector consisting of LuYAP layer only (A) and for a complete, two-layer LuYAP/LYSO 

phoswich detector (B). Points represent a histogram data, and solid lines correspond to curve fits. In part (A) of a figure a thick line is used for single-Gaussian fit for Russian LuYAP, and thin lines are used for other materials. In part (B) thick lines are used for double-Gaussian fits, and thin lines are used for single-Gaussian components of these double-Gaussian fits. The individual traces represent selected detector pixels, made with use of typical Russian-grown LuYAP (a); PML LuYAP crystals of type 1, 2, and 3 - traces (b), (c), and (d), correspondingly; and PML LuAP (e). The histograms in part (B) are shifted in vertical scale to aid the presentation. 

The described relocation of the LuYAP parts of the NLS histograms results in their gradual merging with the LYSO parts in the NLS histograms of the complete LuYAP/LYSO phoswich detector. The corresponding histograms are presented in part (B) of a Fig. 2 together with double-Gaussian fits made with use of the procedure described in section 3.1. 

Unfortunately the fits do not follow precisely the histogram points in the 
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area close to the NLS boundary value (E). It may possibly produce some errors in the results of true identifications ( TI) fraction calculations. The origin of this effect is not clear. It might be caused by the non-Gaussian shape of the distribution of NLS values for LYSO. At least partially, it might be due to simultaneous excitation of scintillators in both phoswich layers by gamma photon which undergoes the Compton scattering in one layer, and then is absorbed in the other one. In such a case, the resultant light pulse is a mixture of pulses characteristic to both layers. The probability of scattering and absorbing the scattered gamma photon in crystals belonging to the different layers of the same pixel is rather low with the exception of a case of incident photons traveling along the axis of the particular pixel. In such a case however, the incorrect identification of the pixel layer does not influence the spatial resolution of the detector. 

Figure 3 shows the histograms of normalized-peak-sample (NPS) values for selected pixels of a detector consisting of LuYAP layer only (A) and for a complete, two-layer LuYAP/LYSO phoswich detector (B). Also at this instance the single layer histograms for Russian and PML type 1 LuYAP 

crystals are very close to each other, and for other PML crystals one can observe shifts of the LuYAP parts of NPS histograms and their increased merging with LYSO parts. This time however, the histogram peaks occur in reverse sequence, and consequently with the decrease of long component contribution, the LuYAP NPS mean value increases. The degree of observed merging is much higher than in case of the NLS method. For PML-made LuAP and type 3 LuYAP the NPS method seems to be useless, since most of the events for these materials cannot be distinguished from LYSO events. Presented in the Fig. 3, single- and double-Gaussian fits follow the histogram data points very accurately. In consequence, the results of  TI percentage calculations for NPS method are highly reliable. 

The NLS and NPS histograms for a complete GSO/LYSO phoswich detector are presented in Fig. 4. The corresponding single-layer histograms (not shown in the figure) were used to find the single-Gaussian fit parameters for GSO, and have been used in the course of a double-Gaussian fitting. Similarly to previously presented cases, the single-Gaussian fits of the GSO part of histograms are very accurate for both identification methods, and the double-Gaussian fit is somewhat more reliable for the NPS method than for the NLS method. The overlap of the single-Gaussian components seems to be smaller for the NPS method, which indicates superiority of this method for the GSO/LYSO phoswich layer recognition. 
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Figure 4 Histograms of normalized-last-sample (NLS) and normalized-peak-sample (NPS) values for selected pixels of the GSO/LYSO phoswich detector. Points represent a histogram data, and solid lines correspond to curve fits. Thick lines are used for double-Gaussian fits, and thin lines are used for single-Gaussian components of these double-Gaussian fits. 

The results of this kind of fits have been used to compute the true identification coefficients for all studied phoswiches by means of the procedure described in section 3.1. For every pixel of the detector, the separate fits were made for both identification methods, and separate  TI coefficients were computed for events in each layer and for events in the whole pixel as well. These values were then averaged over all pixels of the same type, if multiple pixels were available. For each combination of phoswich/identification method the single boundary value E was established to provide the highest possible averaged  TI values. In case of PML crystals, only 2-4 specimens of each material were available and single pixels of particular phoswich types have been chosen for presentation. The  TI percentage values for all discussed phoswiches are presented in Table 1. Due to already mentioned discrepancy between histogram points and fit results for NLS method, the values presented in corresponding table part are probably somewhat too optimistic. The approximate, upper level of possible errors is about 2-3%. 
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Table 1 The values of true identification ( TI) ratios computed for phoswiches of LYSO and LuYAP, LuAP, and GSO crystals. The  TI values for NLS are approximate – up to about 3% 

deviation from the real values can be expected 

xyz layer of

NLS method  TI ratio [%] 

NPS method  TI ratio [%] 

xyz/LYSO phoswich 

total LYSO  xyz  total LYSO  xyz 

LuYAP   Russian 

>99

>99 99  99 99 95 

LuYAP   PML type 1 

>99

>99 98  97

98 93 

LuYAP   PML type 2 

98

>99 93  92

96 77 

LuYAP   PML type 3 

97

99 86 88

98 31 

LuAP      PML 

88

95 66 85

98 23 

GSO       Hitachi 

94

98 80 97

98 95 

The values presented in the table generally confirm the tendencies exposed in the histograms examination. Results for Russian and PML type 1 LuYAP are nearly identical in a case of the NLS method and very similar for NPS method. It validates the possibility of a mutual exchange of these materials. The observed merging of the LuYAP type 2, 3, and LuAP parts of the histograms with LYSO parts undeniably makes these crystals more difficult to distinguish in phoswich configuration. The  TI coefficients gradually decrease when increase of the merging level happens. For phoswich of LYSO and LuYAP PML type 2 the results of NLS method are still very good. For type 3 crystals, with the total  TI coefficient equal to 97%, the results still appear good. However, since the PET scanner records coincidence events, the cited value implies that almost 6% of coincidence events in PET are not identified correctly. And the value of  TI = 86%  for LuYAP means that up to 28% of these coincidence events, which engage LuYAP event as one of their components, are not identified correctly. The possibility of the discussed 2-3% error occurrence in NLS  TI calculations may additionally increase the total number of incorrectly identified coincidences up to 10-12%. It is still acceptable, but close to the sensible limit. The NLS results for LuAP in practice exclude this method/phoswich combination from use in PET. 

For the NPS method the  TI coefficients are usually somewhat lower, but its values are much more reliable since the fits follow the experimental data much better. Consequently the NPS method can be considered as an alternative method for crystal identification in a phoswich of LYSO and Russian or PML type 1 LuYAP. For the other LuYAP and LuAP crystals studied, the use of the NPS method is rather ineffective since the NLS 

method definitely works better for them. 
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Contrary to the other phoswiches evaluated in this work, for GSO/LYSO phoswich the NPS method gives much better results than NLS. 

These results are good enough to consider GSO/LYSO phoswich and NPS 

method as an efficient combination for PET applications. 

4.2.  NEURAL NETWORKS RESULTS 

This section presents the results of NN application for identification of the studied crystals in phoswich configurations. In fact, once the NN is trained it can be used as a standalone classifier. The NN training is time-consuming mostly due to training data preparation which requires an examination of single-layer detectors before assembling them into a complete phoswich detector. If such a procedure had to be repeated for each individual PET 

detector unit, it would altogether take enormous amount of time. In view of that, one of the aims of this work was to test the generality of the once established identification algorithm. The identification efficiency of a classifier  F, found for a particular phoswich detector at specific experimental conditions, was then examined for other detectors and/or modified settings. Since in most cases the simplest possible NN, represented by classifier  F2 (see Eq. 7), was efficient enough for PET 

application, the presented results will be normally limited to this case. 

The NN network was initially trained for a LuYAP/LYSO phoswich similar to the one described in section 4.1. The LuYAP layer was glued to PMT window and consisted of 58 Russian-made, 8 mm long crystals and 6 

PML-made, 10 mm long crystals – 4 of type 2, and 2 of type 3. In the LYSO layer crystals of 10 mm length were used, and for the duration of training data acquisition, a thin (0.075 mm) gelatin filter was placed in between the crystals and PMT window to attenuate the LYSO scintillation pulses to the level typical for complete, equalized phoswich detector. The collected training data was then preprocessed in accordance with procedures A-C described in section 3.3. 

The values of the synaptic weights and a bias, computed during the course of learning process separately for each of the preprocessing methods, were then used to construct  F2 classifiers. These functions in turn were implemented independently outside the NN software to verify the results on larger sets of data (since only 100,000 events were actually used to train NN). The data sets for altered detectors and/or modified experimental settings were also analyzed using these externally implemented classifiers. The  TI percentages were computed for each pixel of the detector and then averaged over all pixels build of the same material type. The results of that practice are summarized in a Table 2. 
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Table 2 The true identification ratio values computed for studied phoswiches with use of NN 

generated classifiers  F2. The  TI results are presented for three method of data preprocessing (A, B, and C) and in some cases for NN retrained at specific conditions. The table “part no.” 

describes groups of results congregated on some common features basis (see text) Part

Material Details 

True identification ratio [%] 

no. 

A B C Retrained 

1 

LYSO  10 

mm 

99.3 99.4 99.3 > 

991



LuYAP  Russian, 

8mm 

98.9 99.4 99.2  





PML type 2, 10 mm 

98.1 

98.3 

98.2 







PML type 3, 10 mm 

92.3 

92.3 

93.1 

> 981

2 

LYSO  10 

mm 

99.3 99.4 99.3 99.6/99.82



LuYAP  Russian, 

8mm 

98.6 99.1 98.9  





PML type 1, 10 mm 

97.6 

98.2 

98.0 





LuAP 

PML, 

8 

mm 

34.0 28.1 34.9 93.5/97.02

3 

LYSO 

8 mm, Tyvek, not glued 

94.2 

96.3 

96.5 

> 993





10 mm, BaSO4, 

not 

glued 

97.4 99.0 98.5  





10 mm, BaSO4, 

glued 

99.7 99.7 99.6  





10 mm, Tyvek, not glued 

98.0 

99.2 

98.8 







10 mm, Tyvek, glued 

99.8 

99.7 

99.6 





LuYAP 

Russian, 10 mm, BaSO4, 

not 

glued  95.8 94.4 94.1  





Russian, 10 mm, BaSO4, 

glued 

98.5 98.8 98.6  





Russian, 10 mm, Tyvek, glued 

98.7 

99.2 

99.1 



4 

LYSO 

Acq. threshold ~ 250 keV 

99.8 

99.8 

99.7 







Acq. threshold. ~ 170 keV 

99.5 

99.7 

99.6 







Acq. threshold   ~ 85 keV 

95.3 

98.4 

97.6 







Acq. threshold   ~ 40 keV 

77.5 

91.9 

88.2 



5 

LYSO 

HV = 950 V 

99.8 

99.7 

99.6 







HV = 900 V 

99.3 

99.6 

99.5 







HV = 850 V 

98.9 

99.6 

99.4 







HV = 800 V 

87.5 

97.5 

94.8 



6 

LYSO  8 

mm 

97.7 98.4 95.2 99.34



GSO 

Hitachi, 

8 

mm 

97.9 98.5 96.1 99.34

7 

Average 

performance 

96.7 98.2 97.7  

1 The NN was retrained using only PML type 3 LuYAP and LYSO data. The  TI values were computed on basis of  F2 classifier use for A, B, and C preprocessing methods. 

2 The NN was retrained using only PML LuAP and LYSO data. The  TI ratios were computed using  F2

classifier (the simplest NN - lower  TI values) and  F1 (the NN with 5 neurons in hidden layer - higher  TI values). 

3 The NN was retrained using only Russian LuYAP and LYSO data for 8 mm long crystals. The  TI values were computed on basis of  F2 classifier use for A, B, and C preprocessing methods. 

4 A single hidden layer with 5 neurons was included to the NN which was then retrained for preprocessing method B. 
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The part (1) of this table presents the  TI ratios computed for the complete data sets acquired for scintillator materials which the NN was trained to identify. The results do not seem to depend much on data preprocessing method. All  TI ratios for a particular material are more or less the same, and they fall in the ranges having a fraction of percent widths. With the exception of PML LuYAP type 3 all the other  TI  ratios are higher than 98%. It should be pointed out however, that somewhat worse NN performance for the type 3 set of PML crystals is due to the fact that in the training set this particular type of LuYAP was represented only by 2 

crystals among 62 others. Retraining the network on data for these two particular crystals (and all LYSO crystals) leads to an instant improvement of these crystals recognition. In such instance, as presented in the last column of the Table 2, the  TI values for type 3 LuYAP increase to above 98% for all preprocessing methods, and for LYSO the  TI ratios are still above 99%. 

In the part (2) of Table 2 the results for a phoswich build of the same LYSO and Russian LuYAP crystals recuperated after disassembling the former one are presented. The previously used PML crystals were replaced by 4 specimens of PML type 1 LuYAP and 2 specimens of PML LuAP. 

The crystals were mounted on the same PMT, but Russian LuYAP 

specimens were placed at random new positions, while the LYSO remained on the exactly the same positions as before. The  TI ratios were computed using  F2 classifiers established for the previous phoswich, presented in part (1) of the table. Not surprisingly the results for LYSO are exactly as in the previous experiment. The  TI ratios for Russian LuYAP are however about 0.3% decreased. It may be a consequence of crystals relocating (new crystal/PMT-pixel assignment) or other factors which are beyond the precise control (crystals/PMT-window optical contact, gamma source position, etc.). For PML type 1 LuYAP crystals the  TI values are up to 1% 

lower than for Russian LuYAP, but all of them are about 98%. It confirms the possibility of mutual exchange of these two types of crystals, even to the extent of application of the identification algorithm found by NN 

training on one class of crystals for usage on the other one. 

The identification efficiency decrease dramatically for PML LuAP 

crystals which is a clear consequence of the large difference of this scintillator pulse shape in comparison with pulse shapes of materials used for training the NN. Retraining the NN using a LuAP/LYSO phoswich data leads to a huge improvement of LuAP recognition. The  TI ratio for this material rises from about 30% to 93.5% for the simple NN represented by classifier  F2. Additionally, the LYSO  TI ratio increases slightly. Making use of more advanced NN with 5 neurons in a single hidden layer to find the function classifier  F1 furthermore improves the identification efficiency. 
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The  TI ratios increase to 97.0% and 99.8% for LuAP and LYSO, respectively. 

Part (3) of the Table 2 shows results of experiments designed to test the influence of crystal length, presence of optical coupling, and type of reflecting material in the detector matrix. The  F2 classifiers formerly generated for phoswich detector presented in part (1) were used to identify crystals. All the data, processed to find the  TI ratios, were collected using the same PMT specimen, yet different from the one used in parts (1) and (2). 

The results for a set of LYSO crystals of 8 mm length are a few percent worse than for 10 mm long crystals used to train the NN. The difference is largest (5.1%) for data preprocessed accordingly with procedure (A). It is probably due to a strong dependence of LYSO light output on the crystal length. In procedure (A) the pedestal is not subtracted and NN has to take it into account. The strong perturbation of pedestal/pulse-signal relation may cause incorrect identification of the signal pulse. The cause of about 3% 

decrease of  TI results for procedures (B) and (C) remains however more difficult to deduce. There is some possibility of non negligible discrepancy of crystal parameters for the sets of 8 and 10 mm long crystals, since they were not cut from the same boules. The alteration of PMT parameters might affect the results as well. The NN retraining on the data for 8 mm long LYSO and Russian LuYAP crystals leads to the identification efficiency higher than 99% for all of the preprocessing methods. 

All the other LYSO  TI results presented in the part (3) of the table are computed for an individual set of 10 mm long crystals. This set is however not the same one as the set used to train the NN. Initially these crystals were assembled in a matrix with use of resin containing BaSO4 (such arrangement is considered as an alternative for Tyvek matrix in the future ClearPET scanners). As usually, the LYSO matrix was mounted on PMT 

without any specific optical coupling. The  TI  values determined in this case are better than for the set of 8 mm crystals, definitely very good for PET 

applications, but still 0.4 – 1.9% below the results obtained for the set of crystals used to train the NN. As it might be expected, the highest discrepancy of the results is observed for preprocessing procedure (A). 

Gluing the described LYSO matrix to the PMT window using the optically coupling glue (normally used to fix LuYAP layer) improves the  TI results to the level even slightly above the results obtained for training set of crystals. In the next step the resin matrix was disassembled, and the LYSO 

crystals retrieved and used again to build typical Tyvek matrix. The  TI ratios for this arrangement are slightly better than for non-glued resin matrix, but still 0.2 - 1.3% lower than for training set of crystals. As 
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anticipated, an optical coupling improves the results to the level above those obtained for training set of crystals. 

A similar sequence of experiments was conducted for set of Russian LuYAP crystals of 10 mm length. At first they were tested assembled in a resin BaSO4 matrix without gluing them to the PMT window (which is out of the ordinary practice). The  TI results were in the 94 – 96% range, which is about 3 to 5% worse than for the training set of Russian 8 mm long crystals. Gluing the matrix to the PMT window improved optical contact as well as identification efficiency. At that moment, the  TI ratios were in the range from 98.5 to 98.8% - only a fraction of percent lower than for training set. Finally, after the transfer of crystals to Tyvek matrix and gluing it, an additional fraction of percent increase of  TI values was observed, and the ultimate results were almost identical with those obtained for the training set. 

Part (4) of the Table 2 describes the dependence of the  TI ratios on the acquisition threshold. This test was carried out for (exactly the same as in part 3) a set of 10 mm long LYSO crystals assembled in a Tyvek matrix and glued to the PMT window. As before, the  F2 classifiers generated earlier for the phoswich detector presented in part (1) were used. For the acquisition threshold equivalent to 250 keV, which roughly corresponds to the half of energy of gamma photons generated during electron-positron annihilation, all the  TI ratios were close to 100%. At the beginning the identification efficiency decreases slightly for lower thresholds, but it is still very good, even for 85 keV. It gets substantially worse for very low thresholds only – far from the range of practical meaning. The decrease of TI ratios for low acquisition thresholds may be explained by a growing number of low intensity pulses, which were otherwise excluded in training data sets (recorded for thresholds typical for PET application). As expected, it demonstrates the relatively strongest impact on results for the method (A), what is due to a perturbation of pedestal/pulse-signal proportion. 

An analogous effect was anticipated and actually was found for a decreased PMT power supply voltage. The comprehensive results are presented in part (5) of the Table 2. The same PMT, set of crystals, matrix assembly, and  F2 classifiers were used, as in the experiment represented by the preceding part of this table. An acquisition threshold was adjusted for each supply voltage to be equivalent to about 250 keV. Similarly to the previous test results, the  TI  ratios do not change much for a fairly large range of supply voltages. The identification efficiency starts to decrease considerably at the moment when the signal gets really low. It happens at about 800 Volts. As previously, the  TI results for the preprocessing procedure (A) are affected the most, and for (B) the least. 
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The results from parts (4) and (5) of the Table 2 showed that the NN 

generated  F2  classifiers are to the large extent non vulnerable to even quite serious pulse intensity variations. Another test was carried out to evaluate the vulnerability to pedestal variation. The data was artificially altered by an addition of a fixed value to all the pulse samples, preprocessed accordingly with procedures (A), (B), and (C), and finally evaluated with use of the corresponding  F2 classifiers established at an earlier time. Of course, it could not have an effect on results for methods (B) and (C) since their  F2 classifiers evaluate data after pedestal correction. The results for procedure (A) were however affected to a large extent. For the pedestal increased by 2, 4, 8, and 15% the  TI ratio decreased about 2, 5, 10, and 52%, respectively. 

In the part (6) of the Table 2 the results for LYSO/GSO phoswich are presented. The  TI ratios are somewhat higher for the first two preprocessing methods which use the same data normalization scheme defined by Eq. (8). 

These results are better than for NPS method and still can be improved. 

Including the hidden layer with 5 neurons and retraining the NN leads to the  TI ratios above 99% for both scintillators. 

Finally in the part (7) of the Table 2 the average  TI values were computed for all the results in columns (A), (B), and (C) (excluding results for LuAP). It was done to compare the overall effectiveness of corresponding preprocessing procedures in combination with NN use. 

Although all of them show similar level of efficiency, the slight differences put them in the following order (starting from the best one): (B), (C), and (A). Additionally, it should be remembered that the utilization of the procedure (A) makes the NN generated classifier highly sensitive to the changes of pedestal level. Since this level can certainly be different for each particular detector electronics unit, it would in consequence require the NN 

training separately for each unit. It leaves the procedures (B) and (C) as primary alternatives for application in PET. 

5. Conclusions 

Results of the presented studies confirmed the normalized last sample (NLS) method as the most reasonable choice of crystal identification technique for LuYAP/LYSO phoswich solution currently adapted in the ClearPETTM scanner. This method combines an unbeatable simplicity with a very high efficiency reached for presently used scintillator materials. 

Unfortunately this efficiency begins to deteriorate when LuYAP crystals with reduced slow component are used, and the method fails completely for LuAP. 
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The normalized peak sample (NPS) method, developed as a matter of fact for GSO/LYSO phoswich, was actually found to work for presently used combination of LYSO and Russian LuYAP equally well as the NLS 

method. The NPS method is however more vulnerable to alteration of crystal pulse shape parameters. Both methods confirmed the possibility of a mutual exchange between Russian LuYAP and one of the PML-made LuYAP materials. This in fact takes place, since the commercial version of ClearPETTM scanner, which is under construction at the moment, employs this new material. 

A comparison of the results summarized in Table 1 and Table 2 shows that for all studied phoswiches the identification algorithms generated even by the simplest NN are at least for one of the preprocessing procedures as good as the NLS method. In fact the NN results are better in most cases, especially if the possibility of NLS efficiencies overestimation is taken into account. The superiority of NN use is particularly evident for these phoswiches for which the other methods fail. Within reasonable limits, the NN generated algorithms are insensitive to variations of crystals light yield, length, acquisition threshold, PMT properties and supplied voltage, presence of optical coupling, type of reflecting material used to construct detector matrix, etc. The algorithm created for one set of crystals should be possible to use with high efficiency for other detector units in the whole scanner, providing that similar material is used to build all detectors. 

The phoswiches of LuAP/LYSO and GSO/LYSO have been identified as promising candidates for future applications in PET scanners with depth of interaction capability. While for the former of mentioned phoswiches the NN generated identification algorithm should be used, for the later one also the NPS method works well. 
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DIRECTIONS IN SCINTILLATION MATERIALS RESEARCH 
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 Faculty of Applied Sciences, Delft University of Technology, Mekelweg 15, 2629 JB, Delft, Netherlands 

Abstract.  An overview on the directions in scintillation materials research is presented including the historic developments, the current trends and, possible future directions. Attention is focussed on Ce3+ activated scintillators for detection of X-rays and gamma rays at energies between 10 

keV and several MeV; the energies of interest for medical diagnostics. 

Keywords: scintillators, Ce3+, energy resolution, light yield 1. Introduction 

Inorganic scintillator research activities can be divided into two main areas: 1) scintillators for the detection of X-rays (10 keV - 140 keV) and relatively low energy gamma rays (60 keV - 2 MeV) and 2) scintillators for the detection of very high energy particles (1 GeV - 10 TeV). The first area is meant for instrumentation in medical diagnostics, safeguarding, radiation monitoring etc. The second is for experiments in high energy physics. 

A requirement that each scintillator must fulfill is that radiation interacts efficiently with the scintillator and that the energy of radiation is dissipated and converted efficiently into photons. The density of the scintillator must be as high as possible for efficient interaction with gamma rays. The photon output Yph of the scintillator, to be expressed in the number of photons emitted upon total absorption of 1 MeV gamma ray energy, must be as high ______
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as possible without statistical fluctuations from event to event to obtain a low energy resolution. A short scintillation decay time Ĳ is needed for fast detection, and combined with a short rise time and high photon output small time resolution can be achieved. 

In this work the historic developments, current status, and future directions in scintillator research are reviewed. Ce3+ is the most popular activator ion in scintillation research and this work is therefore devoted to Ce3+ doped scintillators. At this moment LaCl3:Ce3+ and LaBr3:Ce3+

discovered a few years ago are the best scintillators available.1,2 They combine reasonable density with excellent energy resolution, excellent photon yield and especially LaBr3:Ce3+ excellent fast decay and timing resolution. The properties are very close to the theoretical limits that apply for those host crystals.3 The question arises whether and to what extent we can improve the scintillation properties even further and what direction of research one then needs to take. In this work I will first discuss the theoretical limits on the photon yield, energy resolution, decay time, and density of Ce3+ activated scintillators. Once that has been defined one can specify what type of host compounds are needed in order to develop better scintillators. 

2. Historic 

developments 

Figure 1 is reproduced from the work by M.J. Weber and it shows the history of the discovery of inorganic scintillators.4 Scintillation crystal research started after the discovery of the photomultiplier tube after 1940 

and soon the scintillators NaI:Tl and CsI:Tl were discovered. Even after more than 50 years these are still the most widely used scintillators. 

Nevertheless, new demands have led to new scintillators. More dense scintillators were developed like Bi4Ge3O12 and PbWO4. Past 15 years Ce3+

has become very popular as activator ion in scintillators. The reason is the much shorter intrinsic decay time of the Ce3+ 5d-4f emission as compared to for example that of Tl+. The decay time of Ce3+ varies between 17 and 60 ns whereas the decay of Tl+ in NaI is 230 ns5 Many Ce3+ doped oxides were discovered that are nowadays applied in instruments for medical diagnostics. 
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Figure 1 History of the discovery of important scintillators (reproduced from M. Weber, J. Lumin. 100 (2002) 35). 

Past 10 years our group at Delft University of Technology started to study new classes of Ce3+ doped compounds; first chlorides, later bromides and currently the iodides are actively studied. Eventually this led to the discovery of LaCl3:Ce in 2000 and LaBr3:Ce in 2001.1,2 For LaBr3:Ce with a density of 5.3 g/cm3 we measured a photon yield of 75.000±7000 

photons/MeV with an energy resolution down to 2.6% at 662 keV.6 With 10% Ce3+ doping a scintillation decay time of 16 ns is obtained and with 30% doping optimum timing resolution of 165 ps against a BaF2 scintillator with 511 keV positron annihilation gamma rays was demonstrated.7 All these properties are close to the theoretical limits,3 and the question arises what improvements we can still make. To answer that question we first have to explore the theoretical limits and from that define future directions of research. 

3. Fundamental 

limits 

3.1.  LIMITS ON THE SCINTILLATION SPEED 

The speed of scintillation basically depends on 1) the speed of transfer of free electrons and free holes from the ionization track to the luminescence center and 2) the lifetime of the emitting state of the activator. Let us suppose that we can find compounds where the speed of transport is smaller 
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than say 1 ns. The fundamental limit is then determined by the decay rate ī=1/Ĳ of the emitting state which can be written as3
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where  n is the refractive index of the crystal and Ȝem the emission wavelength.  f and  i denote the final state and initial state respectively. The matrix element connecting both states via the dipole operator  µ is only of appreciable size when the two states are of different parity. This is the case for transitions between 5d and 4f as in Ce3+, Pr3+, Nd3+, and Eu2+ and also for transitions between p- and s- configurations as in Tl+, Pb2+, and Bi3+. 

Note that in Fig. 1 precisely these same activators played an important role in the history of scintillation discovery. Besides different parity of the initial and final states, the transition should also be spin allowed. This is not the case for the so called s2 ions Tl+, Pb2+, and Bi3+ leading to relatively long decay times for these activator ions. The same applies for the 5d-4f transitions in the lanthanides with more than half filled 4f shell like Er3+, Tm3+, and Yb2+. 

What remains as candidate ions for fast scintillator development are Ce3+, Pr3+, Nd3+, and Eu2+. Eq. (1) shows that the decay rate also depends on the inverse third power of the wavelength of emission and the 5th power of the refractive index. Let us first consider the implications for Ce3+. The wavelength of emission of Ce3+ depends on the type of compound. The emission tends to shift towards longer wavelengths when the host lattice changes from an ionic compound to a compound with more covalent character. For example the emission may vary from the ultra violet at 300 

nm in ionic fluorides to the red around 600 nm in the covalent sulfide compounds.3 Based on the wavelength alone one would expect an increase in the lifetime by a factor of 8. However, the change of compound from ionic to covalent also tends to increase the refractive index and that compensates the effect of the longer wavelength. This is further illustrated in Fig. 2. 

The curves in Fig. 2 show the relation between the decay time Ĳ and the refractive index of the compound as function of the wavelength of emission (300 nm, 400 nm, 500 nm, and 600 nm) to the ground state of Ce3+. A constant value for the matrix element in Eq. (1) was assumed. The emission in fluorides is usually around 300 nm with refractive index between 1.4 and 1.6. The emission in oxides varies between 340 and 540 nm with refractive 
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Figure 2 The relationship between emission wavelength, refractive index, and decay time of Ce3+ 5d-4f emission. S, fluoride compounds V, oxide compounds z, sulfide compounds. 

index between 1.6 and 2.0. The relatively slow decay of 62 ns for Y3Al5O12

(YAG) is directly related with its exceptionally long wavelength (535 nm) of emission. YAlO3 with relatively short wavelength (345 nm) of emission is much faster (17 ns). The emission in the three sulfide compounds of Fig. 2 ranges from 450 to 505 nm (CaS) with refractive index above 2. 

When the wavelength of emission shifts to the red also often the refractive index increases. This means that fast decay is still possible for long wavelength Ce3+ emission. 

Figure 2 and Eq. (1) learn us that with Ce3+ doping the shortest lifetime can be found in high refractive index materials with relatively short wavelength emission. This is the case for LaBr3:Ce. Due to the bromine anions the refractive index of  n=1.95 is large and due to a small crystal field splitting of the 5d levels, which is related to the crystal structure, the emission is at relatively high energy (358 nm). The 16 ns lifetime for the Ce3+ 5d state in LaBr3 is the shortest lifetime reported for Ce doped compounds. 

The 5d-4f emission of Pr3+ is always at 1.50 eV higher, and that of Nd3+

at 2.82 eV higher, energy than that of Ce3+ when these three lanthanides are doped in the same compound.8 Using Eq. (1), this implies that the decay time of the 5d-4f emission in Pr3+ is around 2 times faster than that of Ce3+, and that of Nd3+ is again faster. 
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The main 5d-4f emission of Nd3+ is always observed at wavelengths shorter than around 200 nm which makes Nd3+ unsuitable for scintillator applications with photomultiplier read-out or photodiode read (PD) out. The situation with Pr3+ is more advantageous and its emission can be detected well with PMT read-out. Currently research activities on Pr3+ scintillators are going on and it may provide efficient and fast scintillators in the future. 

Nevertheless, nowadays most research activities are still devoted to Ce3+

activated materials. The wavelength of emission is very suitable for detection with either a PMT or with a PD. Also the efficiency of luminescence can be very high (close to 100%) because contrary to Pr3+ and Nd3+ non-radiative relaxation from the 5d state to lower lying 4f states is not possible. Considering all above Ce3+ is the best activator ion when aiming for high light output and low energy resolution scintillators. In the rest of this contribution I will therefore exclusively deal with Ce3+ activated materials. 

3.2.  LIMITS TO THE LIGHT OUTPUT 

The fundamental limit on the light output of scintillators is determined by the number of electron-hole pairs  neh created in the ionization track of the gamma particle (energy  EȖ) which is related to the band gap  Eg of the compound3-5

 E

 n

J
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 eh

E  Eg

where ȕ is a constant close to 2.5. 

Figure 3 compiles data on the absolute photon yield of scintillators as function of the band gap of the compound. When each electron hole pair creates a photon the theoretical limiting value is reached. It is evident that in order to obtain high light output scintillators host compounds with small band gap are needed. The values of 75,000±7,000 photons/MeV for LaBr3:5% Ce3+ and 54,000±5,000 for LaCl3:10% Ce3+ are at the fundamental limit which demonstrates that the transfer efficiency of excitation energy from the ionization track to Ce3+ and the intrinsic efficiency of 5d-4f emission are very close to 100%. 
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Figure 3 Relationship between the absolute photon yield of scintillators and the bandgap of the host crystal. The solid curve is the fundamental limit using ȕ=2.5. S, scintillators developed at Delft University of Technology.  , traditional scintillators. 

Based on diagrams as in Figure 3, I predicted a few years ago that scintillation light output beyond 100,000 photons/MeV should be possible with Ce3+ activated small band gap (<4 eV) compounds.3 With the recently discovered scintillator LuI3:Ce3+ this prediction has come through.9 Coupled to a photodiode we recorded with LuI3:5% Ce3+ a record high electron-hole pair yield of (92±9) 103 e-h pairs/MeV, and with PMT readout we find a scintillation light output of (100±10) 103 ph/MeV.10

Figure 3 shows that the light output of 26,000 ph/MeV for commercial Lu2SiO5:Ce3+ (LSO), a popular scintillator for medical diagnostics instruments, is still far from the theoretical limit. Kapusta  et al.  11 recently reported a yield of 31900 ph/MeV for an LSO sample at room temperature and 39500 ph/MeV at liquid nitrogen temperature. It demonstrates that slight improvements in light output are still possible but also that part of the emission is quenched at room temperature. 

3.3.  LIMITS TO THE ENERGY RESOLUTION 

The fundamental limit on the energy resolution for gamma ray detection is determined by Poisson statistics in the number  Ndph of detected photons. 

The smallest observable energy resolution  R for scintillators coupled to a PMT is given by 
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where  ǻE is the full width at half maximum height of the total absorption peak in gamma ray pulse height spectra and ȣ (M) is the variance in the photomultiplier gain which is usually of the order of 0.1-0.2. The number of detected photons is equal to the number of photoelectrons from the photocathode of the PMT. 

Figure 4 compiles data on the energy resolution at 662 keV as function of the number of photons detected with a PMT. The best reported energy resolutions with the popular scintillators NaI:Tl+ (5.6%) and Lu2SiO5:Ce3+

(7.9%) are much worse than the fundamental limit whereas the values for YAlO3:Ce3+, LaCl3:Ce3+, and LaBr3:Ce3+ are quite close to their limits. The difference is mainly caused by the fact that compared to YAlO3:Ce3+, LaCl3:Ce3+, and LaBr3:Ce3+ the photon yield of NaI:Tl+ and Lu2SiO5:Ce3+ is not proportional with the energy of the gamma particle. Non-proportionality in the response is known to deteriorate the maximal attainable energy resolution.3,11
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Figure 5 shows our "best result" 137Cs gamma ray pulse height spectrum. It was measured with a small crystal of LaBr3:5% Ce3+ and temperature stabilized avalanche photodiode. The energy resolution (FWHM) of the 662 keV total absorption peak is 2.5%. Note, that the characteristic X-ray escape peak is fully resolved from the main peak. 
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Figure 5 The 137Cs pulse height spectrum measured with a LaBr3:5% Ce3+ crystal and an avalanche photodiode. 

3.4.  THE ULTIMATE DENSITY 

The density of a scintillator is an important parameter when it is to be applied for gamma ray detection. A scintillator is a wide band gap insulating ionic material and is usually composed of anions and cations that are optically inactive. Usually they have closed shell electron configurations but Gd3+ with a half filled 4f shell can also be used. The available anions ( X) are the halides F-, Cl-, Br-, I-, the chalcogenides O2-, S2-, Se2-, Te2-, and to be complete we may include the nitrides with N3-. The cations ( M) must be of high atomic mass (A) to provide the scintillator with a high density. The candidates in order of increasing A are Cs+, Ba2+, La3+, Gd3+, Lu3+, Hf4+, Ta5+, W6+, Pb2+, Bi3+, Th4+, U6+. 

Figure 6 shows the (calculated) density of binary  MaXb compounds involving the cations Lu3+, Pb2+, Bi3+, U3+, and U4+. The fluorides are most dense amongst the halides, and oxides are most dense amongst the  
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chalcogenides. This is directly correlated with the ionic radius of the halide ions shown in Fig. 7. An iodine ion has much larger mass than a fluorine ion, but also a much larger ionic radius leading to smaller density of the compound. Clearly in the search for ultimate density scintillators the small anions F-, O2- and N3- must be selected. 
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Figure 6 Density (calculated) of various binary compounds. 
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The density of a compound is mostly determined by the mass contained in the cations. Therefore the cation concentration in the compound should be as large as possible. Of course each positive charge of a cation must be compensated by a negative charge of an anion. LuN (U=11.6 g/cm3) is for example much denser than LuF3 (U=8.3 g/cm3) because three fluorines are replaced by one nitride ion of only slightly larger size, see Fig. 7, than fluorine. For similar reasons oxide compounds are denser than the corresponding fluorine compounds, see Fig. 6. 

Figure 8 shows the ionic radii of the cations of interest for high density scintillators arranged according to their atomic mass and their charge. Note that the ionic radii depend much stronger on ionic charge than on atomic mass. The ionic radius of Lu3+ and Hf4+ is relatively small because of thè`lanthanide contraction'' of the completely filled 4 f 14 orbital. Note that a higher charged cation requires more anions to compensate for the charge in the final compound, and despite the smaller radius of the cation this does not always lead to denser compounds. Figure 6 shows that the Bi3+

compounds are less dense than the Pb2+ compounds despite the larger mass and smaller ionic radius of Bi3+. 
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Figure 9 shows the density of various Lu-based compounds. These compounds doped with Ce3+ have been studied for scintillator applications in the past. Especially LuAlO3, Lu2SiO5, and Lu2Si2O7 are fast, efficient and relatively dense scintillators. Unfortunately, Ce3+ does not emit in one of the densest compounds Lu2O3. Fig. 9 shows that admixture of other cations like Al3+, B3+, Si4+, or P5+ decreases the density as compared to the binary compound Lu2O3. Similar figures can be drawn for Bi-, Pb-, and U- based compounds where the binary compound is usually of highest density. 

PbWO4 is for example less dense than PbO. An exception is PbHfO3 with the small Hf4+ ions and with a density of 10.2 g/cm3. Also Lu4Hf3O12 is more dense than Lu2O3, see Fig. 9. 

The densest compounds are obtained when the cation with the highest atomic mass, uranium, is combined with the small N3-. UN has a (calculated) density of 14.3 g/cm3. Perhaps combining with Pb2+ or Hf4+

leading to more densely packed structures may further enhance the density. 

U3+ however does not posses a closed shell electron configuration and many unwanted absorption bands are present in U-compounds. Of course U is not suitable for scintillator applications because of its radioactivity. 
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4.  Directions in scintillation materials research 

The best scintillator commercially available today is LaBr3:5%Ce3+. The combination of the highest photon yield of 75±7 103 photons/MeV, the smallest energy resolution at 662 keV of 2.8% with PMT readout and 2.5% 

with APD readout, the shortest Ce3+ decay time of 16 ns without presence 
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of slow components, and a density of 5.3 g/cm3 makes this scintillator unequalled in its performance. It has created much excitement in the scintillator community and it undoubtedly will find widespread use as scintillator in future gamma ray detection instruments for medical diagnostics. 

The question arises: What is still to gain in Ce3+ activated scintillator research? Can we find other host compounds to further improve the light output and energy resolution or to produce denser compounds? A first step was made already with LuI3. With a photon yield of 100±10 103 ph/MeV 

the psychologically important 100,000 ph/MeV barrier has been reached.10

We have measured an energy resolution of 3.3% with APD readout and the density of 5.68 g/cm3 is somewhat larger than that of LaBr3:Ce3+. These numbers apply to laboratory sized samples and improvements are expected when more effort is devoted to better crystal synthesis. 

With APD readout of LaBr3:Ce3+ we have reached an energy resolution of 2.5% at 662 keV. The next barrier to cross is 2% energy resolution at 662 keV. Figure 10 is similar to Fig. 4 but with the number of detected photons on a logarithmic scale. Date points on LaBr3 and LuI3 scintillators coupled to APDs are also included. To answer the question about crossing the 2% barrier we first need to address the issue on the ultimate limit of photon yield with Ce3+ doped compounds. It is clear that by choosing a compound with increasingly smaller band gap in theory the light output may increase. For example, 200000ph/MeV is the fundamental limit for a 2 

eV wide band gap material. 
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There is however another aspect that needs to be considered. This is illustrated in Figure 11. It shows the energy Edf of Ce3+ 5d-4f emission as a function of the optical band gap of the compound, i.e. the energy of the fundamental absorption threshold Efa. In 10 eV wide band gap fluoride compounds the emission is found in the ultraviolet around 4 eV (310 nm) but in 3 eV small band gap compounds the emission shifts towards 2.0-2.5 

eV (550 nm). For the 2.0 to 3.0 eV wide band gap compounds Figure 11 

shows that the energy of emission approaches the band gap of those compounds. This is the area where one should aim to find the ultimate light output Ce3+ activated scintillator. 
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Figure 11 Relationship between the energy Edf of 5d-4f emission in Ce3+ and the fundamental absorption threshold of the host compound. 

Figure 11 teaches us that Ce3+ is still able to show 5d-4f emission in a 2.5 eV wide band gap compound. The emission is then anticipated around 600 nm and with Eq. (2) a theoretically limiting light output of 150,000 

photons/MeV is predicted. Such small band gap compounds can be found among iodide, selenide, and telluride based compounds. The emission at 600 nm falls beyond the maximum sensitivity of standard bi-alkali photocathodes. Even with red sensitive PMTs reaching an effective quantum efficiency of say 20% the ultimate resolution at 662 keV is larger than 1.7%. To this we have to add contributions from non-proportionality and inhomogeneities in light collection etc. It seems that, compared to LaBr3:Ce3+ with a yield of 75,000 ph/MeV, we might improve the light 
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output with a factor of two. However, the effective quantum efficiency for detecting those photons is probably also reduced be a factor of two, and significant improvements in the number of detected photons and the energy resolution are then not to be expected. 

The above demonstrates that the 2% energy resolution barrier will be tough to cross with Ce3+ doped scintillators readout by means of PMTs. 

Chances are much better with Si-photodiode read out. The almost 90% 

detection efficiency in the red part of the spectrum is depending on emission wavelength a factor of four to six larger than with PMTs. Already with LuI3:Ce3+ we measured 92,000 e-h pairs/MeV with APD readout,10

and Poisson statistics contributes only 1% to the total energy resolution. At this stage the quality of the crystal and the noise contribution from the APD 

provides the dominant contribution to the energy resolution. Clearly to break the 2% barrier with photodiode readout our focus must be on crystal quality and noise reduction in the photodiode. A first improvement is expected by using cooled Si-photodiodes in stead of APDs. 

The situation changes when dealing with the detection of X-rays of, say around 10 keV when the Poisson statistics in the number of created e-h pairs forms the dominant contribution to the energy resolution. Detecting 10 keV X-rays with a 90,000 e-h pairs/MeV photon yield scintillator a Poisson statistics contribution of about 8% is expected. 

What decay time can we expect for such ultimate resolution and high light output scintillator? Eq. (1) shows that both the emission wavelength and refractive index are important for the lifetime of the 5d excited state. 

The refractive index is determined mostly by the polarizability of the anions which increases in the sequence F, Cl, Br, I, and in the sequence O, S, Se, Te. In the same sequences the band gap decreases. Therefore even in the small band gap materials with red shifted Ce3+ emission fast decay time between 15 and 25 ns is possible. 

The combination of a short fast rising scintillation pulse with high photon yield is required for obtaining optimum time resolution. We concluded already that, compared to LaBr3:Ce3+, much improvement in the number of detected photons with PMT readout is not expected. LaBr3:Ce3+

is also unique because of its very short scintillation decay time of 16 ns, a combination that results in very fast timing possibilities with LaBr3:Ce3+

scintillators. At this stage drastic improvements on the timing resolution by developing new Ce3+ doped small band gap scintillators are not to be expected. 

Under the conditions that we aim for a high energy resolution Ce3+

doped scintillator in a 2.5-3 eV wide band gap compound we may ask the question; what is then the ultimate density of such compound? Figure 6 

shows that §6 g/cm3 is the maximum density that can be reached with a 
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iodide compound. A limit that has almost been approached by the introduction of LuI3:Ce3+ as new scintillator with a density 5.7 g/cm3. 

Selenides and tellurides are of higher density than the iodides and densities up to 8 g/cm3+ seems feasible. At this moment there are no reports on scintillation properties of Ce3+ doped selenide or telluride compounds and as future direction of research this is a virgin area. 

5.  Summary and Conclusions 

In this work the fundamental limits regarding photon yield, decay time, energy resolution, and density of Ce3+ doped compounds were explored. A study on the relationship between Ce3+ emission wavelength and bandgap of the host lattice revealed that Ce3+ is still able to luminesce efficiently in about 2.5 wide bandgap compounds. It means that there is room to enhance the photon yield towards about 150000 photons/ MeV when research efforts are devoted to small band gap compounds like iodides, selenides, or tellurides. In such compounds the ultimate energy resolution at 662 keV is estimated around 2% when readout is by means of a PMT. With Si-photodiode readout better resolution is possible when the noise contribution from the photodiode can be reduced sufficiently. The emission is such ultimate Ce3+ doped scintillator is anticipated in the 550nm to 600 nm region where scintillation decay times of around 20 ns seems possible. The ultimate density is around 6 g/cm3 for iodide compounds but for the selenide and telluride compounds densities up to 8 g/cm3 are possible. 

This work has shown that compared to the excellent scintillators LaBr3:Ce3+ and LuI3:Ce3+ there is still room for improvement and the fundamental limits have not been reached yet. 
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1. Introduction 

Inorganic scintillation crystals are widely used in equipment for medical diagnostics: positron tomographs, X-ray detectors for computer tomography, in gamma-cameras and other scanning devices. In such equipment, different scintillation materials are used as well as different designs, which meet the requirements of high spatial and energy resolution while being small in size and at an acceptable cost. The most important characteristics of position-sensitive medical apparatus, namely spatial and energy resolution as well as light collection uniformity, are conditioned by light propagation in the crystals. The ways of improving operational characteristics by simulation of a light collection process is considered in many publications as applied to scintillation crystals for medicine, high-energy physics, astrophysics, etc. These activities have recently been reported as the simulation code GEANT 41 developed at CERN, Monte-Carlo programs Litrani2,3, software available from the Nuclear Energy Agency – NEA4 and algorithms5. 

The most effective way of optimizing light collection consists of the optimal choice of the reflecting surface state (rough or polished) and of the outer reflector type. Besides, a possibility has also been discussed to improve the light collection uniformity by changing the shape of the crystal top opposite to the light-sensitive base (e.g.,5,6,7,10). For example in Ref.7, modeling was carried out of the light collection in BGO crystals of rectangular shape with dimensions up to 3u5u 20 mm3 designed for high-resolution positron-emission tomographs. Monte-Carlo calculations have shown that the best light-output uniformity can be achieved by using, a diffusive reflector with a large refractive index or a diffusive surface of the crystal side opposite to the photoreceiver. In addition, some modifications to the parallelepiped shape are said to increase light output. As mentioned before, the improvement of light collection uniformity by changing the shape of the crystal top opposite to a photomultiplier was achieved by a rectangular BGO prism on the base of Monte-Carlo simulations6. 

One of the most significant developments in the field of simulating light propagation in scintillation crystals is a Monte-Carlo program called, 

“Litrani”. This program is successfully applied to the modeling of emission, collection and detection of light in electromagnetic calorimetry CMS-ECAL2,3. Although “Litrani” is mostly intended for high-energy physics, it also has general applications. An important advantage of this program, compared with other known simulations, is the possibility to account for anisotropy of the refractive index and light absorption. In addition to, the program also includes a detailed account of wrapping characteristics, roughness of the crystal surface and of the fluorescent characteristics of the materials. As photoreceiversone can consider: Photo-tubes, APD, or any 
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general type of surface or volume detectors. The wavelength dependence of the quantum efficiency of the photo-cathode is also taken into account. 

In todays research, the optimization of operation characteristics is considered for the following scintillators: long Lu2SiO5(Ce) prisms for positron-emission tomographs; small prism-shaped CdWO4 crystals for X-ray computer tomography, and large thin NaI(Tl) plates for medical gamma-cameras. The optimization process involves the choice of the crystal shape, photoreceiver coupling and the type of the coating and the reflecting surface. This surface consists of polished and rough parts, and the latter can be made with a different degree of roughness. For given prism sizes, the axial distribution of light output can be controlled through the roughness degree of the reflecting top face, opposite to the photoreceiver. 

Unlike other publications, this paper uses light-collection calculations that were developed while taking into account the effective specularity (mirror constituent) of real scattering surface and its dependence on the incidence angle (Fig. 1)5. The calculations were performed on the base of light scattering indicatrix of a rough surface within a known geometrical approximation, which consists of the following. The rough reflecting surface is presented as a large set of smooth microareas, every one of which is oriented randomly with respect to the surface normal. It is assumed that each elementary area reflects specularly; the accompanying diffraction divergence of light is not accounted for, since it is too small compared with the total width of the scattering indicatrix (determined by the distribution function of microareas over the normal orientations). The calculations were based using the numerical solving method of Fredholm’s equation system with singular core5. In11 reflection from the diffusive surface is considered in the Buger microareas model (ideal plane with regular cavities of cylindrical shape, Fig. 2) and light collection calculation was conducted by the Monte-Carlo method. In the calculations, light reflection from the microcavities was accounted for in the approximation of geometrical optics. 

Figure 1 Intensity of light, reflected in the incidence plane from a rough surface at angle t, as a function of the variable (t +\) at fixed values of the incidence angle \= 0, 50 and 70q. 

Solid lines present experimental data12. Dashed lines are derived from the experimental curve \ = 0 with the use of the microarea model relationship5. 
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Figure 2 Modeling of the reflecting surface in the approach of the Burger microareas11. 

2.  Some features and regularities of light collection in scintillators 2.1.  MOTION OF SCINTILLATION PHOTONS IN THE COORDINATE AND 

ANGLE SPACES 

Optimization of main spectrometric characteristics of the crystal requires the calculation of the light collection coefficient and its uniformity as function of optical and geometrical parameters of a scintillation crystal. 

Before considering these dependences, it would be appropriate to analyze the main features and regularities of light collection in scintillators. 

Let us consider the light collection in a crystal with a height (axial dimension) larger than the linear dimension of the top face adjacent to the photoreceiver (this crystal top will be called light- sensitive). The efficiency of the scintillation light transfer to the photoreceiver is largely dictated by the motion velocity of scintillation photons along the vertical axis ( z axis). 

Only a small fraction of the scintillation energy comes directly to the photosensitive face (Fig. 3). The remaining light can reach the photoreceiver only after being reflected from the crystal’s surface. 

Figure 3 Movement of scintillation photons in the space of coordinates and space of angles between the photon velocity vector and the vertical crystal axis: a - fast movement in the coordinate space with minor angle variations; b - slow movement in the coordinate space and fast movement in the angle space. 
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In addition to, one should take into account the total internal reflection of the light, coming to the light-sensitive top at angles T, exceeding the total internal reflection angle T0 = arcsin 1/ n' ( n' is the relative refraction index at the crystalphotoreceiver boundary). Only these photons reach the photoreceiver, which are moving at angles T < T0 to the crystal axis, i.e., inside the solid angle : = 2S (1 - cos T0), T0= arcsin 1/ n.  This angle is a small fraction of the total solid angle 4S, within which the scintillation photons are emitted. Photons emitted outside the solid angle : can reach the photoreceiver only after changing their direction as a result of scattering resulting from the rough surface of the crystal. 

Thus, the larger part of light energy is transferred to the photoreceiver via simultaneous directed movement of photons in the coordinate space (along  z-axis) and diffusion movement in the space of angles between the photon velocity and the vertical axis (Fig. 3). A photon reaches the photoreceiver after getting to the region  z = 0, T < T0= arcsin 1/ n'. 

In the case of a scintillation crystal with rough surface and large  H/ D

ratio, the light energy transfer efficiency is limited by slow diffusion movement in the coordinate space (along  z-axis). At  H/ D ~ 1, diffusion along  z-axis is sufficiently fast, and the limiting factor is a slower diffusion in the space of angles. In both cases the transfer efficiency is limited by the fact that the photon flux is attenuated by absorption in bulk and by incomplete reflection from the surface. In other words, the diffusion length L of the photon trajectory before getting to the photoreceiver appears to be larger than the effective reabsorption length  L ab = 1/ [ N + (1-U)/ D]. Here, N, is a light absorption coefficient in bulk, U is a reflection coefficient from the surface, and N + (1-U)/ D is the effective absorption coefficient accounting for light losses in bulk and at the surface. 

The above statement is illustrated by the following examples, where calculated data for NaI(Tl) crystals are used (the calculations were carried out by the method described in5 ). 

Firstly, we consider the coordinate dependence of the light collection coefficient, putting for simplicity the reflection coefficient U equal to unity, so that the reabsorption length  L ab = 1/N is determined by the true absorption coefficient N. We will restrict ourselves to the case of cylinder-shaped crystals.  Let us  denote  by W  ( z) the light collection coefficient averaged over the transverse section of the crystal at a given  z. 

Figure 4 shows the axial distribution of light a collection coefficient W( z) for a NaI(Tl) crystal of a fixed height (N H = 0.05) at different  H/D values and different values for the average effective specularity of the reflecting surface  p :  p  = 0 (cosine reflector not existing in the nature),  p  = 0,75 

(usual rough reflecting surface) and   p  = 0.58 (the highest possible degree of roughness). 
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Figure 4 Axial distribution of the light collection coefficient (z) for a NaI(Tl) crystal of a fixed height (N H = 0.05) at different ratios of height  H to diameter D and different values of average effective specularity of the reflecting surface surface  p: p = 0 (the cosine reflection model),  p = 0.58 (maximum possible roughness),  p = 0.75 (usual rough reflecting surface) and  p = 1 (mirror reflector). The reflection coefficient is assumed to be equal to unity. 

Effective specularity   p  and geometrical parameter  H/ D affect the photon diffusion movement in the plane  z versus T. The larger the  H/ D is the smaller   p  becomes, the fastest is diffusion in the space of angles and the slowest is the movement over  z coordinate. In other words, increasing H/ D and decreasing   p , leads to the diffusion of length  L T (i.e., the photon trajectory length bringing it to the region T < arcsin 1/ n' ) decreases, and  L z, (i.e., the photon trajectory length bringing it to the light-sensitive top) increases. The total diffusion length  L, preceding the transfer of a photon to the photoreceiver, is determined by the largest of the lengths  L T and  L z :  L = 

max {  L T,  L z }. 
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In cases where T-diffusion is predominant over movements along the  z-

axis, i.e., at  L T <  L z, an enhancement of scattering results in an increase of  L z and  L, i.e., to a diminution of W. If T-diffusion is slower than the movement along the  z-axis, then an enhancement of scattering leads to a decrease of  L T

and  L so that W grows. As for the uniformity of the axial distribution of W, it is always improved when the movement along the  z-axis becomes faster, i.e., when  Lz decreases. 

Figure 4 illustrates this behavior. In the hypothetical case of cosine scattering (  p  = 0), T-diffusion is almost always much faster than the movement along the  z-axis. This leads to a decreasing  z-dependence of  W , with the decrease being stronger at greater  H/ D.  Moreover, increasing  H/ D

results in the whole  W -versus- z curve being lowered. 

At the highest possible roughness of reflecting surface (  p  = 0.58), the picture is drastically changed, the character of the  z-dependence of W is changed especially strongly with a great  H/ D. (This illustrates the inapplicability of the cosine approximation to scintillation crystals with H>>  D). 

As for the really rough reflecting surfaces (  p  = 0.58 and 0.75), these cases are rather similar. In both cases, when the  H/ D = 1 or 2 the effective specularity of a real reflector is sufficient to provide a predominance of movement along the  z-axis over T-diffusion. This manifests itself in a practically uniform axial distribution of  W and causes an increase in  W  with a decrease of effective specularity   p  of the reflector. In the case of H/ D = 8: A slower movement along the  z-axis as compared to T-diffusion leads to a decrease of z-dependence of  W ,with, its slope being enhanced with a decrease of  p , as well as a slight increase in  W  with  p . 

When the effective specularity   p  is approaching the value p = 1, the movement along the z-axis becomes predominant compared to T-diffusion, irrespective of the value of H/D. Correspondingly, the  W  =  W  (z) curves, related to different H/D ratios, approach each other. In the limiting case p  = 1, they coincide with a very small slope. 

2.2.  AVERAGE LIGHT COLLECTION COEFFICIENT AND ITS AXIAL 

NON-UNIFORMITY

For scintillation crystals of a stretched shape ( H/ D{  u >> 1), the advantages of one or other type of reflecting surface (rough, mirror or combined) should be inferred from the average light output and its spatial nonuniformity. Let us first compare different versions of reflecting surfaces from the standpoint of the average light collection coefficient  W . 

In Fig. 5  W  is shown as a function of  H/D for two values of dimensionless absorption coefficient N D  equal to 0.005 and 0.05, and for 
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three types of reflecting surface – rough, mirror and combined. Rough surface « rr» (  p =0.75) is denoted by short dashes, combined surface « rM»

(  p  = 0.75 for the top face) – by solid lines, and mirror surface « MM» – by dash-dotted lines. 

Figure 5 Average light collection coefficient of a cylindrical NaI(Tl) crystal (a) and a rectangular prism with base side  D (b) as a function of  u=H/D for two values of dimensionless absorption coefficient N D = 0.005 and 0.05 and for two types of reflecting surface: rough (short dashes), mirror (dash-dotted lines) and combined (solid lines or long dashes) at   p = 0.75. Long dashes present, for comparison, the case of rectangular prism with base side  D. 

From the standpoint of the average light-collection efficiency, as seen from Fig. 5, a combined reflector has advantages over rough reflector with a large  u= H/ D > 3.5, starting from a certain value of  u 0. As shown in Fig. 5, this limiting  u 0 value increases with increases in reabsorption: it is equal to 3.5 at N D = 0.005 and 5.3 at N D = 0.05. This is explained by a diminishing role of the rough top with increases in reabsorption, especially at a great u =  H/ D due to large light losses on the path to the rough top and the subsequent transfer to the photoreceiver. In this sense, reabsorption 
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Figure 6 Relative value, Gz, of the axial light-output nonuniformity for cylindrical NaI(Tl) crystals (a) and rectangular prism with base side  D (b) as a function of  H/D for different types of reflector at different fixed values of dimensionless absorption coefficient N D

(reflector types and N D indicated in the figure). Short dashes present, for comparison, the case of rectangular prism with base side  D. 

becomes already essential at N D = 0.05 in the region of  H/ D  >  3  (where N H > 0.15), and the scattering properties of the top opposite to the photoreceiver do not affect the light collection efficiency anymore. Thus, from the standpoint of the average light collection efficiency, the combined and mirror reflectors do not differ in the region of strong reabsorption and a large  u =  H/ D (N D > 0.05 and  u > 3.5). At N D > 0.05, combined and mirror reflectors are superior to the rough reflector only at  u =  H/ D > 5.5. This is related to low light collection efficiency in crystals with a mirror reflecting surface, where angular diffusion of photons is absent. 

Taking into account the axial light-output nonuniformity, the advantages of combined reflectors are more essential. This can be seen from Fig. 6, which shows relative values of the axial non-uniformity G z as a function of  u =  H/ D for different reflector types at fixed values of the dimensionless absorption coefficient N D. In the case of a rough reflecting surface, the axial nonuniformity G z becomes already too high at  u > 3, the region of acceptable  u values being narrowed down with an increase in N D. 

Combined reflectors provide a much weaker nonuniformity in the region of high  H/ D. A rough top in combination with a mirror side surface can even lead (at not very strong reabsorption) to the G z  sign  inversion  (positive        
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G z means that the effect of a rough top overcompensates for a decrease of light output while increasing distance of the scintillation point from the photoreceiver). 

Now let us compare rough and mirror reflecting surfaces from the standpoint of the highest axial uniformity of light output. Fig. 6 shows that a combined reflector ensures much lower axial nonuniformity than a mirror reflector, and this difference is greater and manifests itself in a wider N D

interval than the difference in average light output. Thus, it seems that at large  H/ D combined reflecting surface is always superior to a rough or mirror surface. However, as it has been shown in another paper5, this conclusion is valid only for rectangular-shape crystals which are characterized by high transverse light-output uniformity. As for cylindrical crystals, in view of significant radial nonuniformity of the light collection coefficient, advantages of a combined reflector are restricted to the region of sufficiently strong reabsorption. Thus, from the standpoint of the transverse light-collection uniformity there is an essential difference between cylindrical and prism-shaped crystals. 

As regard to the average value of light collection coefficient and its axial non-uniformity: A cylindrical crystal with a mirror side surface and base diameter  D practically does not differ from the prism-shaped crystals with the same reflecting surface, the same height and base side  D. To show this, in Fig. 5 and 6 related to cylindrical crystals, the corresponding case of a rectangular crystal with base side  D presented by long dashes. This curve practically coincides with the corresponding curve related to cylindrical crystal. 

The present considerations below will be illustrated by concrete results for scintillation modules for different types of medical diagnostic equipment. 

Since nuclear diagnostic medicine is distinguished by a broad variety of designs, crystal shapes and sizes, the calculations for scintillation crystals were conducted taking into account specific requirements of a given application. 

3.  Medical diagnostics instrumentation 

3.1.  X-RAY COMPUTER TOMOGRAPHS 

An X-ray tomograph provides the possibility to reconstruct the spatial distribution of the density of an examined object (human or animal organs or  tissues)  by  the  distribution  of  signals  at  the  output  of  an  array of scintillator crystals of a small transverse section. This is achieved by scanning the examined object by a narrow parallel beam of X-rays. 
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Solid-state X-ray detectors are optically coupled to silicon photodiodes, which convert the scintillation light signals in the 3001100 nm region into electric signals. One of the main requirements for the scintillation material is its short luminescence decay time (in a computer tomograph, a rate of about 1000 projections per second should be ensured) and absence of afterglow. 

The coordinate dependence of the light collection coefficient was calculated for the X-ray computer tomograph (CT), consisting of a large number of small CdWO4 (CWO) crystals shaped as rectangular prism optically coupled with a set of photoreceivers (e.g. photodiodes). In this case, the optimal combination of reflecting surface parts allows us to improve the main spectrometric characteristics (scintillation light output C 

and its nonuniformity įC) and obtain a uniform output signal (Fig. 7). 

Figure 7 Coordinate dependences of the light collection coefficient in scintillation module X-ray computer tomograph : rough reflecting surface (1); polished small face and rough rest of the reflecting surface (2); polished large face and rough rest of the reflecting surface (3). 

3.2.  POSITRON EMISSION TOMOGRAPHS 

More severe requirements are put on scintillation crystals used in positron emission tomography (PET)13-15. PET makes it possible to measure the spatial distribution of a specially introduced nuclide that emits positrons inside the human body. This is realized via detecting the 511 keV J  -

radiation generated by positron  electron annihilation. As a rule, the annihilation J-radiation is detected with a large number of small 
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scintillation elements coupled to a smaller number of photoreceivers. The spatial resolution can be substantially improved if each photoreceiver is coupled to only one scintillation element. Such a tomographic design can be realized using small-sized avalanche photodiodes (APD). Their demerit is a weak output signal, which results in worse energy resolution compared to photomultipliers. This demerit can be compensated by using crystals with a high light output, e.g., lutetium orthosilicate Lu2SiO5:Ce (LSO:Ce). 

In addition to high light yield, other requirements for scintillation materials for PET are high density and a high effective atomic number (absorption length of the 511 keV J-photons should not exceed 5 cm). 

Besides, the scintillation decay time should be sufficiently short so that the correlation between signals from different photomultipliers can be measured and used to determine the scintillation point. 

For a long time, NaI(Tl) and Bi4Ge3O12 (BGO) crystals have been used as scintillation materials for PET. Recently though an extensive search for new scintillation crystals more suitable for PET, resulted in the discovery of heavy oxide crystals doped with rare-earth ions (mostly cerium): Lu2S3:Ce, LuAlO3:Ce, Lu2SiO5:Ce, Lu2Si2O7:Ce, LuF3:Ce, LuBO3:Ce16. 

Among the oxide materials actively studied, some scintillators appeared to be especially promising for positron tomography, in particular, heavy oxide crystals based on lutetium. The most widely used are lutetium orthosilicate17 and orthoaluminate18, which were discovered in the early 1990-ies. These materials will probably be a base for the next generation of PET. Due to the presence of small quantities of 176Lu should not be an obstacle to using them in PET, since the counting rate of useful signals is usually much higher than the background. LSO was used in high-resolution PET for studies of the brain19, 20 and small animals20, 21, in combined cameras with single photon counting (SPECT)22. Since 1999, LSO-based detectors have been produced on an industrial scale. 

3.2.1.  Long LSO(Ce) Prisms for PET Tomographs 

Application of scintillation crystals in the form of long prisms with a small cross-section for positron emission tomographs requires a high spatial uniformity of light output. For given sizes of the prism, the axial distribution of light output can be controlled through the roughness degree of the long face of LSO pixel and the face opposite the photoreceiver. For that purpose, the coordinate dependence of light output for LSO crystals was calculated with allowance for the light scattering indicatrix, which depends on the surface roughness degree and light incidence angle (this method, applicable for arbitrary size relations, was verified via comparison with an experiment5). 





SCINTILLATION DETECTORS IN MEDICINE AND BIOLOGY 

221

As one can see from Fig. 8 and Table 1, light output uniformity depends strongly on the deviation from parallel orientation of long faces. 

Table 1 The dependence of light output uniformity on the deviation from parallel orientation of long faces and portion of scattered light 

Deviation from parallel 

Light output 

Portion of 

Light output 

orientation of long faces 

nonuniformity

scattered light 

nonuniformity

6º 23% 

5% 

6% 

0 0 

15% 

19% 

-6º -20% 

0 

0 

Figure 8 Light collection coefficient versus distance from the photoreceiver for a rectangular LSO pixel 2x2x30 mm3: a – at different deviations į from parallel orientation of long faces; values of į are given in the figure. b- at different portions  p of light, scattered from long faces; values of  p are given in the figures. 

Even a small deviation from parallel orientation of long faces causes a noticeable longitudinal nonuniformity of light output (see Fig. 8a). The effect of the roughness degree of long faces light output nonuniformity is illustrated by Table 1 and Fig. 8b. The same way it effects the roughness of long faces. A small roughness parallel orientation of long faces causes a noticeable longitudinal nonuniformity of light output. However, as shown in Fig. 9, the effect of the roughness of the small top face (opposite to the photoreceiver) on the light-output nonuniformity is weaker. 

As an example, Fig. 9 presents the axial distribution of light collection coefficient for the LSO prism 6u6u78 mm3 with a mirror lateral surface 
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(reflection coefficient is 0.95 and 0.75 for the top or lateral surface, respectively). The figure permits one to compare cases of the roughest and mirror top faces (solid and dashed lines, respectively). As seen from the figure, for a small absorption coefficient (ț= 0.005cm-1) a mirror top face provides a higher uniformity of light output but its mean value is somewhat lower. For a stronger reabsorption of light (ț = 0.02 cm1) a higher uniformity is provided by a rough top. An enhancement in roughness degree entails an increase in light output from the point on the crystal most remote from the photoreceiver and its ratio to the light output from the nearest point. 

This regularity can be used for diminishing the axial nonuniformity of light output even if the absorption coefficient is unknown and the conversion efficiency is nonuniform along the prism. The calculations show that the maximal change in the roughness degree of the top face (from mirror to the roughest surface) results in the 4% increase of light output from the point most remote from the photoreceiver relative to the nearest point. This quantity is independent of the transverse size of the prism, its length  l and light absorption coefficient ț within the region ț  l<0.16. 

Figure 9 Light collection coefficient versus distance from the photoreceiver for a rectangular LSO prism 6u6u78 mm3. Solid or dashed lines relate to a rough or mirror top face, respectively. 

For comparison Fig. 10 presents the mean value of light collection coefficient (a) and its axial nonuniformity (b) versus light absorption coefficient for the PWO prism measuring 2x2x23 cm3 (intended for electromagnetic calorimeter) with the top face being different degrees of  
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roughness: the maximal roughness (solid line), usual roughness (dotted line), and mirror surface (dashed line); (c) -axial distribution of light output for the PWO crystal with the top face of maximal roughness degree and different values of light absorption coefficient. 

(a)                                                                                                (b) (c)

Figure 10 Main value of light collection coefficient (a) and its axial nonuniformity (b) versus light absorption coefficient for the PWO prism measuring 2u2u23 cm3 with the top face of different degrees of roughness: the maximal roughness,  p  = 0.75 (solid line); usual roughness,  p  = 0.58 (dotted line), and mirror surface,  p  = 1 (dashed line). c- axial distribution of light output for the PWO crystal with the top face of maximal roughness degree and different values of light absorption coefficient (cm-1): 0.01 (solid line), 0.02 

(dotted line), 0.04 (dashed line). 

3.3.  NEW TRENDS IN THE DEVELOPMENT OF SCANNING DIAGNOSTIC 

EQUIPMENT

Regarding detecting systems for PET, a number of different versions have been proposed. Below, some examples will be described in short. 

For example, in 1999 at the Oncology Center of Texas University, a PET-chamber was developed with a view field of 32 cm in the brain/breast scanning mode and 55 cm in the whole-body mode. The spatial resolution 
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is varied within the field of vision, from 2.5 to 4.2 mm23. Such functional characteristics are ensured by 8 modules of position-sensitive detectors, each consisting of 16 blocks and every one of which, contains 49 BGO 

crystals. The tomograph is equipped with a complicated electronic system. 

Discovery of new heavy scintillation materials, combining fast response with sufficiently high light yield, stimulated optimization of the design of X-ray tomographs and PET scanners. Possibilities sprung up to create multifunctional devices and portable instruments. 

The next step involved multifunctional scanning systems by combining a single-photon emission computer tomograph (SPECT) with X-ray computer tomograph (CT) or positron emission tomograph (PET) with CT. 

In such systems, phoswich detectors are used, which are made up of two or three scintillators, which strongly differ in X-ray penetration depth and scintillation decay time. This provides the possibility to separate light signals coming from different layers and different ionizing particles. In the late 1990-ies, layer assemblies of LSO/YSO and LSO/NaI(Tl) were proposed for diagnostic equipment working either in the single-photon regime or by using the coincidence scheme (for example,24). In these instruments, the YSO or NaI(Tl) layer is used in the X-ray tomography mode or in the single-photon mode, and the LSO layer – in the PET 

scanning mode22. 

Later on, more and more PET scanners were developed using combined detectors as base, and now one can speak about a new ideology in designing multifunctional diagnostic systems. In most of these systems, LSO crystals are used as one of the layers. Such PET-scanner design can include a three-layer phoswich-detector that provides three levels of depth-of-interaction information. Phoswich detectors consist of small crystals LSO (entrance layer), GSO (middle layer) and BGO (exit layer) joined together optically end-to-end. The BGO exit layer is directly coupled with a miniature position-sensitive PMT. Crystal assemblies of two, three or even four layers are now commonly used in similar designs. 

A novel APD-based detector module for multi-modality 

PET/SPECT/CT scanners is proposed in Ref.24. The novel detector, suitable for measuring high-energy annihilation radiation in PET, medium-energy J-rays in SPECT and low-energy X-rays in transmission CT, consists of a thin CsI(Tl) film and GSO and LSO crystals. Such detector provides the possibility to visualize small objects with a high spatial resolution. The GSO  LSO pair provides the depth-of-interaction information for 511 keV 

photons in PET while the thin CsI(Tl) layer is used for detecting low-energy X and J-rays. 

Multi-crystal assemblies GSO/LSO/BGO/CsI(Tl) [25] contain four different crystals and avalanche photodiode (APD) used as a photoreceiver. 
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These scintillator layers have different decay times in the range of 40 to 1000 ns. The thickness of each layer intended for detecting particles of a specified type are matched to their free path length. Signals from different layers are separated by a pulse discriminator. For the upper layer, intended for detecting X-rays with energies below 140 keV, a scintillator is chosen with a high light yield and long-wave fluorescence spectrum combined with spectral sensitivity of APD. Lower layers are made of heavy crystals and are used for detecting high-energy radiation25. To meet these requirements, it was proposed25 to place a thin layer of CsI(Tl) on the upper side of the GSO/LSO pair and to coupling it to APD. The GSO/LSO pair is used in PET for detecting 511 keV J-photons. Such a system measures the high-energy annihilation radiation in PET, J-radiation of lower energies in SPECT and low-energy X-ray radiation separately within a standard X-ray tomography. 

The combined detectors find various applications. For example, a phoswich detector comprising of a plastic scintillator and a BGO crystal, was used in an instrument for blood studies. The signals from 68Ga introduced into blood are separated from the background J-radiation in the following way26. The fission of the 68Ga nuclide produces simultaneously J-and E-particles, the system records only the combined signals from J-photons detected by BGO and beta-particles detected by the plastic scintillator. As a result, the detection sensitivity was enhanced five times compared to a standard design. 

Energy and time resolutions of tomographs largely depend on the characteristics of the photoreceiver. Attempts have been made to develop a solid-state photoreceiver – silicon drift photodetector with a very low capacitance (60 fF) independent of the photoreceiver area27. This ensures low noise levels at short pulse formation times, which is important for a fast response especially when the coincidence scheme is used. On the other hand, the light-sensitive area can be made sufficiently large to be attached to an assembly of densely packed crystal. In Ref.28 both photoreceivers PMT and silicon PD were used, the calibration technique was developed, and now we are capable of measuring the depth of interaction of the detector module that consists of 64 LSO crystals coupled on one end to a PMT and on the opposite end to a 64 pixel array of silicon PD. The PMT 

provides accurate timing whereas the photodiodes identify the crystal of interaction and the total energy is the sum of the PMT and PD signals. The depth of interaction is determined by the ratio between the PD signal and the sum of the PD and PMT signals. 

Medical scanning equipment, where LSO crystals are used in an assembly of optically isolated from other elements, has been used from the late 1990-ies. Complicated detection systems were developed: For example 
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in Ref.29, a gamma-camera was reported with a scintillation element assembled from a narrow and long LSO crystals coupled with a set of photomultipliers by a light guide in the form of a hexagonal glass plate. A good spatial resolution was obtained in a broad energy ranging from 100 

keV to 100 MeV. In a design intended for astrophysical experiments at J-photon energies about 4 MeV, 5u5u75 mm3 LSO crystals are used. A positron tomograph (EJ =511 keV) uses shorter LSO crystals measuring 5u5

u30 mm3 (the light yield of such short crystals is noticeably higher, with better spatial resolution). 

Various designs based on LSO assemblies are commonly used now. For example, 64 optically isolated 3u3u30 mm3 LSO crystals are used in a PET 

detector containing 8u8 LSO array coupled on one end to a single photomultiplier tube and on the opposite end to a 8u8 array of silicon photodiodes28. As was mentioned above, the PMT provides an accurate timing pulse and initial energy discrimination, while the photodiodes identify the crystal interacting with a single J-photon. A good detector module performance was reported in28 with LSO assemblies: Such as at 511 

keV excitation the total scintillation pulse generates 3600 photoelectrons with pulse-height resolution of 25% FWHM, and 6 to 15 mm FWHM DOI resolution. 

The most significant project is the ClearPET LSO/LuYAP phoswich scanner: a high performance small animal PET system. The second generation of the ClearPET tomograph is under development by Crystal Clear Collaboration (CERN). A pilot batch of LuYAP crystals was grown, and more than 9000 scintillation elements (pixels) with dimension 2u2u10

mm3 were manufactured for a prototype of the small-animal PET30. High sensitivity and high spatial resolution were achieved by a phoswich arrangement by combining two different types of lutetium-based scintillation materials: LSO:Ce crystal and the crystal LuYAP:Ce containing lutetium and yttrium in the composition Lu0.7Y0.3AP. The energy resolution of the system was measured with a subset of PMT’s. Typically the energy resolution is 23.3% for the LuYAP layer and 15.4% for the LSO 

layer. The intrinsic resolution in Ref.30 was measured with a 18 F line source with an inner diameter of 1mm. The measured FWHM ranges from 1.37 to 1.62 mm (a mean value is 1.48 mm) without correcting for the point source dimensions. According to simulations based on GEANT3 and GEANT4, a system peak sensitivity is 4.2% related to an energy threshold of 350 keV. Energy resolution ranges from 17% to 24% and intrinsic spatial resolution ranges from 1.37 mm to 1.61 mm30. 
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3.4. GAMMA-CAMERAS 

Medical gamma-cameras are intended for the diagnostics of diseases which manifest themselves in the formation of nonuniformities in human or animal tissue. The principle behind the operation, common for all gamma-cameras, consists of the following: A small amount of a radionuclide emitting low-energy gamma-radiation is introduced into a human organism, the luminescence intensity recorded by a system of photomultipliers is not uniform along the human body, because the nuclide tends to accumulate in denser (harder) tissue (e.g., in tumors). Using signals emitted from the photomultipliers, the non-uniformity of the examined organ is reconstructed. 

Small gamma-cameras are used, for example, in scintimammographs for the diagnostics of breast cancer. Ref.31 presents a relatively cheap camera based on a CsI(Na) scintillator and the 99Tc source (140 keV) with spatial resolution of 3.5 mm and energy resolution of 10%. 

Recently, efforts were made to create a small-sized gamma-camera on the base of a semiconductor crystal CdZnTe. Such a gamma-camera is under development at CEA-LETI (France) in the frame of an exclusive joint program with SAINT-GOBAIN32. A 3-dimensional position-sensitive CdZnTe gamma-ray imaging spectrometer is being developed now at the Department of Nuclear Engineering and Radiological Sciences of the University of Michigan33. Semiconductor crystals CdTe and CdZnTe (CZT) are extensively studied as promising materials for many applications in the hard X-ray and low-energy gamma-radiation ranges. In Ukraine, good quality CdZnTe crystals are produced at the Institute for Single Crystals (Kharkov)34. A Sufficiently high atomic number (ZCd = 48, ZTe = 52) provides operations in the range of 10 to 500 keV. In the early 1990-ies, significant progress was achieved in preparation technology for uniform high quality CdTe and CdZnTe single crystals, which makes these crystals a promising material for the next generation of nuclear medical equipment. 

In Table 2, physical properties of these materials are presented in comparison with some well-known semiconductors. 

Table 2 Physical properties of CdTe and CdZnTe crystals in comparison with some other semiconductors (density, effective atomic number   Zeff, dielectric gap width  E gap, radiation length  X  35

0

Semiconductor Density, 

g/cm3 

Zeff

    E gap, 

     X 0, 

eV

cm

Si 

2.33 

14 

1.12 

9.37 

Ge 

5.33 

32 

0.67 

2.30 

CdTe 

5.85 

48.52 

1.44 

1.52 

CdZnTe 

5.81 

48 

1.6 
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Along with small gamma-cameras for the inspection of the brain, breast, small animals, etc. There are also large cameras, intended for the inspection of the human body as a whole, with rectangular or round plates of diagonals (diameter) up to 500 mm. At present, new designs for gamma -cameras, combining both applications, are under development (e.g.,36). For fabrication of such large plates, NaI(Tl) crystals are used. After its discovery in 1948, growth technology of this scintillator crystal has been continuously modified and improved, and at present NaI(Tl) single crystals of diameter and height of up to 800 mm can be produced36. At the Institute for Scintillation Materials (Ukraine, Kharkov), the technology has been developed for the production of large-sized rectangular NaI(Tl) plates with diagonals exceeding 500 mm. 

Usually, a gamma-camera is designed as a thin broad plate of NaI(Tl) coupled to a number of photomultipliers. As a rule it must be done through a plane-parallel light guide whose role will be explained below. On the opposite end, there is a collimation system in the form of a lead plate with narrow channels, which transmits X-rays only in the direction normal to the plate. The device is placed close to the human body. A small quantity of radionuclide, introduced into a human organism, emits low-energy J-radiation. The radiation intensity is not uniform along the surface of the human body contacting with the gamma-camera, since the radionuclide introduced into the organism is concentrated at disease seats (e.g. tumors). 

This nonuniformity is recorded as the number of signals from the photomultipliers to the analyzing unit. 

To directly reproduce the spatial nonuniformity of the human body serving as the J-source, a very large number of small-diameter photomultipliers would be required. In the existing gamma-cameras, multiples of ten (from 40 to 80) of photomultipliers of diameter 25 to 50 

mm are used. To avoid substantial distortion in the recorded information on the source nonuniformity, the processing of signals, coming from the photomultipliers, is needed (the linear measure of resolution should be much less than the photomultiplier diameter). In this way, the spatial resolution of the system can be improved. 

In first generation gamma-cameras, the processing of signals was carried out by an analog electronic system. The analog processing is based on the assumption of linear dependence of the signal amplitude on the distance between the photomultiplier and the source. Such an assumption is justified if the scintillating plate and photomultipliers are coupled through a light guide consisting of sufficient thickness. On the flip side, a thick light guide smears the source nonuniformity and worsens the spatial resolution of the system. 
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Therefore, in modern equipment the analog processing is replaced by a digital method, that determines the coordinates of each scintillation using the totality of the photomultiplier signals (the coordinates of all scintillations are stored in the computer’s memory, and then using a large number of recorded signals, spatial nonuniformity of the source is reconstructed). No assumptions on signal linearity are made, and thick light guides become obsolete. Without a light guide or with a thin light guide sufficiently powerful signals come only from several photomultipliers close to the scintillation point. These photomultipliers are, in fact, used to determine the scintillation coordinates. 

Thus, a problem arises concerning the optimization of the detecting system parameters to ensure the best spatial resolution of a gamma-camera. 

Putting it vaguely, this is a very complex problem. Here we will consider only one of its aspects – the choice of optimum thickness of the light guide that is placed between the crystal and the system of photomultipliers, in order to achieve, the best spatial resolution. Simultaneously, the corresponding linear spatial resolution will be obtained. 

Figure 11 The photomultiplier signal as a function of the distance  õ  in the plate plane from the scintillation point to the photomultiplier center in units of its diameter. The light guide thickness to the photomultiplier diameter ratio is:  z=0 (short dashes),  z=0.6  (long  dashes), z = 0.3  optimum (solid line). 

Let us consider this problem assuming that scintillation coordinates are determined by the ratio between the three strongest signals from the photomultipliers. Local spatial resolution depends on the scintillation point position with respect to these photomultipliers. The spatial resolution of a gamma-camera is determined by the worst local resolution, which takes place (as it will be shown below) at the center of any photomultiplier. 
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Output signals from the photomultipliers, used to determine the scintillation coordinates, are proportional to the light energy fraction reaching the photomultiplier, i.e., the light collection coefficient defined in respect to any photomultiplier. Below, calculation results are presented for the optimal light-guide thickness and the corresponding spatial resolution of the gamma-camera (the methods of light collection calculations are described in5). 

The spatial resolution of a gamma-camera with a thin scintillation plate depends on the ratio,  z, of the light-guide thickness in relation to the photomultiplier diameter. The character of this dependence is illustrated by Fig. 11, where the photomultiplier’s signal amplitude is shown versus the distance  õ  measured in the plane of the plate from the scintillation point to the photomultiplier’s center in units of its diameter. 

At  z=0, the signal is very sensitive to the scintillation point coordinates near the photomultiplier’s boundary, but approaching its center the sensitivity becomes very low and the local spatial resolution becomes correspondingly poor. Thus, at  z=0 (without light guide) local resolution is essentially nonuniform along the plate, and the worst local resolution (at the photomultiplier center) determines a bad spatial resolution of the system. In the case of a thick light guide ( z=0.6), the local spatial resolution is sufficiently uniform, but the signal from one photomultiplier is too weak, which lowers the measuring accuracy for the ratio of signals coming from different photomultipliers. The system resolution is the best at  z = 0.3 (in this case as seen from Fig. 12, a sufficiently high uniformity of local resolution is achieved simultaneously with a large enough amplitude of signals). 

The simplest mathematical treatment of the problem involves the light collection coefficients W1=W( x) and W2=W( L x) for two neighbouring photomultipliers separated by a distance  L and numbered by indices 1 and 2. The scintillation point lies on the axis passing through the centers of these photomultipliers, at a distance  õ from the one before ( x is expressed in units of the photomultiplier diameter  D PMT; for a thin plate, W does not depend on the transverse coordinate). The scintillation point coordinate  x can be determined from the ratio W1/W2  with error G( x). Here G( x) is the local spatial resolution defined as 
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' is the measurement error of the ratio W1/W2, which is determined by the energy resolution of photomultipliers  R  j( x) (i.e. by the smearing of the 
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signals W  j). The measurement error, 'W, of the value W  j at point  x is equal to W j( x)  R  j( x), with energy resolution  R  j( x) = R 0 [W0/W   j( x)]1/2 (since the signal amplitude is small, the contribution of statistical fluctuations to energy resolution predominates). Here  R 0=0.035 is a typical resolution of a photomultiplier at W0 = 0.7 for a NaI(Tl) scintillator. 

Taking this into account, the error of the measured ratio W1/W2 can be written down as 

1 / 2

1 / 2

' 

' 



' 



 x  W1 W 2

W 2 W1

W1W 2

W 2W1





 R 0 W 0

2

2

(2) 

W 2

W 2

Substituting Eq. (2) into Eq. (1), we can write down the local spatial resolution as: 
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W x W'  L   x W L   x W'  x The local spatial resolution depends on coordinates because of to the multiplier  G( x). The function  G( x) has a maximum at  x=0 (i.e., the local spatial resolution is the worst at the photomultiplier’s center) and the corresponding value  G(0) =  G 0 determines the spatial resolution of the system:
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The value of  G 0 reaches its minimum (when it is close to 3.2) at  z=0.25: Meaning that the optimum light guide thickness is equal to the photomultiplier’s diameter multiplied by 0.25. Additionally, the best spatial resolution value is close to 0.1  D PMT. 

These results are practically independent of the state of the plate surface opposite the photomultiplier (it is assumed that this surface is covered by a good reflector without an optical contact; it can be either polished or uniformly diffuse). 

4.  Thin scintillation films for biological microtomography Thin scintillation films have a rather broad field of practical applications: bioligical microtomography, monitoring of radionuclides emitting D- and E-particles, detection of neutrons in the background of other particles, detection of particles with different penetration abilities by phoswich-detectors. In this section, we will consider applications of thin scintillation 
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films in: Biology, radiology, medicine based on X-ray imaging techniques with micrometer spatial resolution. Thin-film scintillators are used to detect high-resolution X-ray images and to convert them into visible light that is projected by microscope optics onto a charge-coupled-device camera (CCD 

camera). 

The operation principle of such a microtomograph is illustrated by Fig. 12. The detector consists of a Y3Al5O12:Ce screen, microscope optics, a low-noise CCD camera, which is operated at x-ray energies between 10 and 50 keV. Good image quality is achieved if the depth of focus of the optical system is matched to: The X-ray absorption length or the thickness of the scintillator37-39. 

For this application, thin single-crystal films of Y3Al5O12:Ce (YAG:Ce) and YAlO3:Ce (YAP:Ce) were grown in 1980-ies by liquid phase epitaxy on the undoped substrate from the same substance. A relatively simple technology allows preparation of films of the required dimensions on inexpensive substrates (Lvov National University, Bicron - 

Saint- Gobain40,41). The spatial resolution of microtomography with such screens is determined by the thickness of the YAG(Ce) film, which cannot be made less than the path length of X-rays in the substance (the mentioned film thickness of 5 Pm is matched to the X-ray range from10 to 50 keV). 

Figure 12 X-ray microtomography with YAG(Ce) as a thin screen37,38: 1 – directed X-ray radiation, 2 – plane of the inspected object, 3 – luminescent single crystalline film of YAG(Ce) of 5 µm thickness, 4 – substrate of non-doped YAG of 1 mm thickness, 5 – 

focusing optical system, 6 – imaging plane recorded by CCD camera (charge coupled device). 

The spatial resolution of luminescent screens based on YAG:Ce films is limited by the following. To provide for sufficient absorption in the X-ray, energy ranges up to 60 keV. An YAG:Ce film having an effective atomic number  Z eff= 32 must exceed 10 Pm in thickness, which entails a correspondingly low spatial resolution. To achieve a high spatial resolution, 
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the film thickness should be reduced to 1  2 Pm, which is only possible for a film grown from a heavy substance with a large  Z eff. In addition, high scintillation yield is required. As usual for application in tomography, afterglow must be avoided. Besides, the maximum emission wavelength of the film should be near to the maximum efficiency of the photoreceiver. 

Koch et al.37,38 have considered ways to improve the spatial resolution of films for imaging screens and proposed to grow films from heavy materials on the YAG substrate. However, as will be shown below, the experimental realization of such an idea encounters an essential difficulty: A film containing heavy elements differs in the lattice period from the YAG 

substrate, which impedes the epitaxial growth of such a film on the substrate. 

4.1.  A BRIEF REVIEW: GROWTH AND PROPERTIES OF OXIDE 

SCINTILLATION THIN FILMS

Main pecularities of the growth process and properties of oxide scintillation films are summarized below (sections 4.1.1 and 4.1.2). Here the characteristics are analyzed of thin films grown by the liquid phase epitaxy method in Lviv National University by a group working under the supervision of Dr. Yu. Zorenko40-44. 

4.1.1.  Epitaxial Growth of Thin Films on the YAG Substrate The spatial resolution of scintillation films, serving as X-ray imaging screens, has been improved with the introduction of the heavy element lutetium ( Z=71)42-44. The difference in the lattice periods of the film and substrate has been reduced down to an acceptable level by an admixture of other elements introduced into the film simultaneously with lutetium. When doing so, it was taken into account that single crystal films (SCF) intended for application as X-ray imaging screens must combine: A high effective atomic number  Z eff necessary to reduce the film thickness, with a sufficient structure perfection providing its uniformity throughout the film. 

To meet these requirements, thin films were grown on the base of the composition Lu3Al5O12:Ce3+ with a heavy element of lutetium (Z=71). Ce3+

ions acting as luminescence centers42,43. The maximum of the luminescence spectrum, corresponding to the allowed transitions 5d  4f (2F5/2,7/2) in the Ce3+ ion, lies close to 2.4 eV within the spectral sensitivity region of both CCD cameras and photomultipliers (PMT). Lu3Al5O12 was doped with cerium by adding CeO2 into the melt solution. 

Unfortunately, the mismatch between the lattice periods of o

Lu3Al5O12:Ce and YAG ('  a=0.093 A ) is too large for a stable epitaxial growth of the film. To provide stable growth conditions, the mismatch '  a o

was reduced to 0.018  A by the substitution of Lu3+ ions at the dodecahedral 
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 c-sites, or of Al3+ ions at the octahedral  a- sites of the Lu3Al5O12:Ce3+ film by larger ions of an isoelectronic impurity. By doing so, two possibilities have been explored: Firstly, Lu3+ ions were substituted by La3+, Y3+ and Gd3+ ions, allocated exclusively in  c-sites, secondly Al3+ ions were substituted by Sc3+ ones which at concentration  x <0.3 per formula unit occupy the  a- and  c- sites but at higher concentrations are allocated predominantly at the Al3+-sites. 

To provide the maximum light yield, the CeO2-oxide concentration was experimentally chosen in the interval 9 12 mass.% relative to the total amount of garnet-forming components. Such concentration of cerium is sufficient for the trapping of almost all electronic excitations by Ce3+ ions. 

In Ref.42 the X-ray microanalysis of the composition of different SCF 

was carried out to evaluate the segregation coefficients of different ions. 

For example, the sample grown from the melt solution with Lu2O3, Al2O3, Y2O3 and CeO2 in concentrations of 16.2, 64.5, 7.4, 0.80 and 11.1 mol. %, respectively, had the composition close to Lu3.6Y0.18La0.035Ce0.04Al4.42O12. 

Note that the Lu3+ content exceeds the stoichiometric value of 3. This indicates a noticeable portion of Lu3+ ions located at the  a-sites of Al3+ ions, resulting in a decrease of the lattice mismatch without any additional conditions. This allows the stable growth of the Lu3Al5O12:Ce SCF from the melt solution containing Lu2O3, Al2O3 and CeO2 (14.5 mol. %) oxides and the preparation of samples of good quality. 

4.1.2.  Doped Single Crystal Films on an Undoped Substrate for Biological and Medical Microtomography. Best Versions of Lutetium-based Films and Their Properties 

Scintillation films of various compositions, providing the necessary decrease in lattice mismatch and stable growth of the film are examined and compared below. 

Table 3 presents the optical X-ray absorption and luminescence characteristics of the best versions of Lutetium-based films. Along with  Z eff and density U, the table gives the product  Z  4

eff U that determines the optimal 

film thickness (the absorption coefficient for X-rays with energy  E is mainly proportional to  Z  4

4

eff U/ E 3 37). Light yield and the quantity  Z eff U are expressed in relative units, with the Y3Al5O12:Ce film being used as reference. As can be seen from Fig. 13b, the luminescence spectra of Y3Al5O12:Ce film overlapped with the range of spectral sensitivity of the CCD cameras. 

In all cases presented in Table 3, Ce3+ ions act as luminescence centers. 

The scintillation decay time (e.g., 46 ns for Lu3Al5O12:Ce, 65 ns for Y3Al5O12:Ce) is sufficiently short for application in microtomography. The maximum of the luminescence spectrum corresponding to the allowed 
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transitions 5d  4f (2F5/2,7/2) in the Ce3+ ion, lies close to 510 nm, within the spectral sensitivity region of a CCD camera and photomultiplier (their spectral sensitivity is shown in Fig. 13a). A slight variation of the luminescence maximum position depending on the film composition is due to the crystalline field. Doping with a sufficient amount of cerium (10 to 15 

mol. % of CeO2 in melt) provides the trapping of almost all electronic excitations by Ce3+ ions. The films presented in Table 3 have good enough spectrometric properties. For example, Fig. 13c shows the pulse height distribution of scintillations produced by the 5.15 MeV D-particles (239Pu) in the Y3Al5O12:Ce film. The pulse amplitude spectra were measured by a standard method25, by using the PMT Hamamatsu R 1307 and the multichannel analyser MCA-03F. 

(a) 

(b) 

(c)

Figure 13. a- spectral sensitivity of PMT Hamamatsu R 1307 (solid line)45, Hamamatsu Si PIN photodiode S3590-18 (dots)46 and CCD camera (dashes); b-absorption (1) and luminescence (2) spectra of Y3Al5O12:Ce thin film. Curve 3 shows spectral sensitivity of the CCD camera; c – pulse height spectrum for a single-crystal film Y3Al5O12:Ce3+, coupled with the PMT Hamamatsu R 1307, under irradiation with 5.15 MeV D-particles of 239Pu (the left-hand curve). For comparison, the corresponding distribution of pulses is given for a thin CsI:Tl plate (the right-hand curve). 
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Let us consider in more detail the multiple versions of scintillation films listed in Table 3. Lu3Al5O12:Ce,Y,La thin films have a comparatively high light yield up to 1.4 (see version 1 in Table 3). The largest light yield is achieved when CeO2 is introduced into the melt solution of a concentration around 10 mol. %. However, due to a reduced content of Lu, this version is somewhat inferior in density and  Z eff. 

The Lu3Al5O12:Ce,Tb SCF with the Tb4O7 concentration of 0.33 mol. % 

(version 5 in Table 3) has the best scintillation characteristics, in particular, the luminescence spectrum best matched with the spectral sensitivity of the CCD camera. 

Attention should be drawn to the Lu3+xAl5-xO12:Ce SCF (version 3) where heavy Lu3+ ions partly substitute Al in octa-sites of Al3+. This SCF is superior to other versions in density and  Z eff. With a CeO2 concentration of 14.5 mol. % (in melt), this composition also provides a good light yield. 

High values of  Z eff and density entails an increase in the X-ray absorption coefficient by the factor of about 2.5 or 7.5 in the energy ranges 5 to 17 keV 

or 20 to 60 keV, respectively. This permits one to reduce the SCF thickness down to 12 Pm, according to the estimations of Koch et al.37,38, which provides the spatial resolution of X-ray screens in the range 0.8 to 1.2 Pm. 

Luminescence and scintillation characteristics of the obtained films are presented in Table 3. 

Table 3 Optical, X-ray absorption and luminescence characteristics of the best versions of Lu-based scintillation films 

Version

Composition of the 

 Z

4

eff Density UZeff

Absorption

Main

Relative

Number

film

U, 

(relative

maxima

emission

light

g/cm3

units) a

(nm) b

maximum

yield c

(nm)







Si-

PMT

PD

0 Y3Al5O12:Ce  

32 

4.55

1 

342.43     


534.31 1 1 

459.11

1 Lu3Al5O12:Ce,La,Y  58 

6.4 

15.2 

344.33     

510.12 1.40 

1.65 

450.76

2 Lu2GdAl5O12:Ce 

60 

6.53 

17.7 

343.38     

546.08 0.78 

0.82 

454.07

3 Lu3+xAl5-xO12:Ce 

63 

7.35 

24.2 

348.20     

505.96 1.07 

1.27 

449.13

Lu3Al5O12:Ce,Tb

4

0.16 mol. % Tb4O7

61

6.7

19.4

348.20

543.68

1.32

1.50

5

0.33 mol. % Tb4O7

61

6.7

19.4

450.76

543.68

1.48

1.70
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Table 3 Continued

Version

Composition of the 

 Z

4

eff Density UZeff

Absorption

Main

Relative

Number

film

U, 

(relative

maxima

emission

light

g/cm3

units) a

(nm) b

maximum

yield c

(nm)

6 

0.66 mol. %Tb4O7 

61 

6.7 

19.4 

348.20     

543.68 1.15 

1.30 

450.76

a The product U Z  4

EFF determines X-ray absorption (YAG:Ce is used as reference). 

b Corresponding to the transitions 2F

1

2

7/2o 5D ( EA ,  EA ) in the Ce3+ ion. 

c YAG:Ce is used as reference. 

The above-described high-resolution camera has various applications. 

For example, this camera was used to obtain projection images and tomograms in the absorption and phase contrast mode37,47. Phase contrast imaging gives additional contrast at the edges and interfaces in a sample, because of the phase shift of a coherent X-ray beam inside the sample. This presents the opportunity to image low-absorption objects such as organic or low-Z materials with sufficient contrast at room temperature and under normal pressure conditions. The significant advantage of this device is the possibility of imaging wet samples, which is an important issue in medical and biological applications. 

4.1.3.  Scintillation Films for Biological and Medical Microtomography: Some Other Heavy Materials 

To make the picture complete, one can mention polycrystalline films of other heavy materials having a sufficient light yield under X-ray excitation, which can also be used in high-resolution X-ray imaging systems. As an example, one can mention polycrystalline films of europium-doped gadolinium and lutetium oxide prepared by the sol-gel method. In48, the most important characteristics of such polycrystalline films are compared with a one of the commonly used single-crystal scintillators for X-ray imaging systems  Gd2O2S:Tb (GOS). As compared to GOS, gadolinium and  lutetium  oxides  are  very  promising  due  to  their  high  density (7.64 g/cm3 and 9.42 g/cm3 respectively) exceeding the density of Gd2O2

S:Tb equal to 7.34 g/cm3. An important advantage of gadolinium and lutetium oxides scintillators is the sufficient intensity of red luminescence components for visible-range-operating detectors. For lutetium oxide co-doped with terbium in extremely weak concentrations, light yield is enhanced by almost 60% with respect to Gd2O2S:Tb49. 

The relative light yield, estimated in Ref.48 from the photopeak position using NaI(Tl) as reference crystal, amounts to 19750±5000 photons/MeV 

for Lu2O3: Eu3+ and to18465±5000 photons/MeV for Gd2O3:Eu3+. 

238

M. GLOBUS AND B. GRINYOV 

These oxides typically have a noticeable luminescence afterglow, which hampers their application for X-ray imaging screens. However, it has been shown that some dopants (e.g., terbium) reduce afterglow without affecting other scintillation properties49. A high density and small crystallite size (varying from 30 to 150 nm) of the scintillators Gd2O3:Eu3+ and Lu2O3:Eu3+

allow for the increase in luminescence efficiency and also to minimize the patient X-ray exposure in medical imagery48. 

In recent years, the possibility has been discussed of using heavy hafnia and zirconia compounds as potential scintillation materials16,50,51. In Ref.16

these materials were considered along with well-known Lu-based compounds as promising host candidates for nuclear medicine applications (see Table 4). HfO2 and ZrO2 possess high densities (11.78 and 6.21 g/cm3, respectively) and high effective atomic numbers, required for efficient absorption of X-rays in a thin layer. 

Table 4 Parameters of some dense materials, promising for medical applications16, 50

Material Density, 

g/cm3 

Zeff. 

Lu2SiO5 

7.4 

66 

Lu2Zr2O7 

6.85 (calc) 

59 

Lu2Hf2O7 

8.71 (calc) 

71 

ZrO2 

6.21 



HfO2 11.7851 9.6850

5. Conclusions 

The optimization of operation characteristics of scintillation modules for nuclear medical diagnostic equipment was developed. Ways of improving spatial and energy resolution as well as light collection uniformity by simulation of light collection process are considered for the following scintillators: long LSO(Ce) prisms for positron emission tomographs; small prism-shaped CdWO4 crystals for X-ray computer tomography, and large thin NaI(Tl) plates for medical gamma-cameras. 

Even a small deviation from parallel orientation of long faces of LSO 

prism-shaped crystal causes a noticeable longitudinal nonuniformity of light output. The roughness degree of the long faces also affects significantly longitudinal nonuniformity. However, the effect of roughness degree on the light-output nonuniformity of the small top face opposite to the photopreceiver is weaker (for the given application its size is by an order of magnitude smaller than that of long face). 

The minimization of light output nonuniformity of the CdWO4 prism intended for X-ray computer tomography involves the choice of the type of 
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reflecting surface and the coating. The reflecting surface consists of polished and rough parts (the latter can be made with a different degree of roughness). Unlike the LSO pixel, for this case longitudional and transverse sizes of the prism differ by approximately double, and the axial distribution of light output can be controlled through the roughness degree of the reflecting top face opposite the photoreceiver. 

Light collection was considered in two opposite cases: large-area thin plate for gamma-camera and long pixels for PET. There exist general regularities applicable to arbitrary crystal shape: 

x the maximum light output and its high spatial uniformity can not be obtained using the same type of reflector. 

x for a highly transparent crystal, the maximum light output is provided by a rough reflector that diminishes the portion of scattered light. 

x for a rectangular prism, a high spatial uniformity is provided by the mirror reflecting crystal surface having no optical contact with the outer reflector. 

Optical and luminescence characteristics were analysed for doped heavy-oxide single-crystal films (Lu3Al5O12) on an undoped Y3Al5O12

substrate for high-resolution X-ray imaging. The liquid phase epitaxy growth of Lu3Al5O12:Ce on Y3Al5O12 substrates requires matching the lattice parameters of these garnets. The possibility to reach such a matching by means of embedding Lu3+ ions in Al3+ octa-sites is proven by the group working under the supervision of Dr. Yu. Zorenko (Lviv National University, Ukraine). The films containing Gd3+, Tb3+ and Eu3+ impurities provided the matching of the emission’s spectra of Lu3Al5O12:Ce films with the spectral sensitivity range of radiation detectors- CCD cameras. 
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Abstract.  Single crystal scintillators of Lu2SiO5:Ce (LSO:Ce) were first developed about 15 years ago and have been in commercial use in positron emission tomography systems for more than five years. Annual production now exceeds 10,000 kg. We review the development of LSO:Ce and its implementation in PET, and summarize the current understanding of the scintillation characteristics and mechanisms. In addition, we present the evolution of LSO:Ce detector design and consider the potential performance of future imaging systems. In particular, coincidence timing measurements are presented and time-of-flight systems that take better advantage of the timing characteristics of LSO:Ce are discussed. 

Keywords: scintillator; positron emission tomography; radiation detector 1. Introduction 

Thallium-doped sodium iodide (NaI:Tl) was discovered in 1948 by Hofstadter1 and rapidly became the scintillator of choice for radiation detection due to its high light output. The large light pulses are easily ______ 
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detected by photomultiplier tubes and processed by conventional pulse shaping electronics. The main disadvantage of NaI:Tl is its low detection efficiency for gamma rays above approximately 200 keV due to low density and moderately low atomic number. At the energies typically used in Single Photon Emission Computed Tomography, up to 140 keV, the detection efficiency of NaI:Tl is satisfactory, and it is used almost exclusively in that application despite the additional disadvantage of its hygroscopicity which has required the expenditure of a great deal of effort in the development of hermetic packaging to protect the material from moisture in the atmosphere. 

In the early years of positron emission tomography (PET), detectors were comprised of single crystals of NaI:Tl individually coupled to photomultiplier tubes. However, it has been replaced, for the most part, by scintillators with higher density and atomic number that give much improved detection efficiency for 511 keV gamma rays. 

In the late 1970’s bismuth germinate (Bi4Ge3O12  or BGO) was commercially developed following the initial studies reported by Weber and Monchamp2 in 1973. Despite low light output only 15% of NaI:Tl, its dramatically improved detection efficiency due to higher density and higher atomic number quickly made it a very popular choice for the detection of radiation above a few hundred keV in many applications including PET. In PET, the block detector became the most widely used detector design where a BGO crystal block is segmented into as many as 64 elements and coupled to four photomultiplier tubes3. Anger logic is used to identify the element that absorbs the gamma ray. 

In the 1980’s, scintillators with extremely short decay constants offered the possibility of time-of-flight PET in which opposing detectors measure the difference in the arrival times of a pair gamma rays. In this way, the location of the positron event can be localized along the line connecting the two detectors. Cesium fluoride (CsF) and barium fluoride (BaF2) were investigated for this purpose and full PET scanners were built. Cesium fluoride has very low light output and is very hygroscopic, and consequently has seen limited use despite its very short decay constant of 4 

ns. Barium fluoride has an even faster decay of less than one nanosecond, greater light output, and is non-hygroscopic; and in the early 1980’s it was used in several PET scanners4. However, due to its relatively low density and atomic number, it eventually gave way to BGO. 

Spatial resolution of a tomograph may be increased by use of detectors comprising multiple scintillator crystals with different decay constants. 

Pulse shape discrimination is used to identify the crystal element of interaction. Cerium-doped gadolinium oxyorthosilicate (Gd2SiO5:Ce or  
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GSO:Ce) crystals have been used in conjunction with BGO in this way to construct a high resolution tomograph5,6, and a tomograph design using GSO:Ce exclusively has also been reported7. The fabrication of GSO:Ce detectors is made more difficult by the presence of a weak cleavage plane in the GSO:Ce crystal structure, and consequently the acceptance of GSO:Ce for PET has been somewhat slow while special techniques have been developed to process the crystals. 

Cerium-doped lutetium oxyorthosilicate (Lu2SiO5:Ce or LSO:Ce), discovered in the late 1980’s8,9, offers high detection efficiency similar to BGO, high light output about 75% of NaI:Tl, and a fast rise time and single exponential decay for superior coincidence timing. In addition, it is non-hygroscopic and free of weak cleavage planes thus allowing handling under normal atmospheric conditions and simple cutting and fabrication techniques. Large scale manufacturing required the development of adequate refinement capacity for lutetium oxide and cost effective growth processes. 

In Table 1 we consider the requirements of scintillators used in PET, listed in order of decreasing importance considering both technical and practical factors. The table may differ somewhat from others where the emphasis is mainly on technical factors. LSO:Ce is the only scintillator available at this time that offers a density greater than 7, an atomic number above 60, decay time less than 50 ns, and light yield in excess of 30,000 

ph/MeV. Figure 1 shows the cross sections for gamma rays interacting with LSO. Note that roughly one third of 511 keV gamma rays are photoelectrically absorbed while about two thirds are Compton scattered. 



Table 1 Desirable properties of scintillators used in PET 

Criteria 

Required scintillator properties 

Comments 

High detection efficiency 

High density and atomic number 

ρ > 7 g/cm3, Z > 60 

Practical manufacturing 

Raw materials available at reasonable  Czochralski or 

at reasonable cost 

cost; large scale growth technique; 

Bridgman growth 

congruent melting; acceptable 

techniques are typical 

melting point; absence of phase 

transitions 

Chemical, mechanical, 

Inert/non-hygroscopic; light yield 

Can compensate for 

and thermal stability 

insensitive to temp.; low/uniform 

some hygroscopicity 

thermal expansion; no cleavage; 

with special packaging 

shock resistant 

High count-rate 

Short decay time 

T < 50 ns 

capability and 
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Table 1 Continued

Criteria 

Required scintillator properties 

Comments 

coincidence timing 

Good spatial resolution; 

High light yield 

Allows high ratio of 

good signal-to-noise 

crystal elements to 

photodetector elements 

Good energy resolution 

High light yield and 



proportional response to energy 

of excitation 

Suitable emission 

Near 400 nm for use with PMTs; 

Special windows or 

wavelength 

Near 600 nm for use with PD/APDs 

photocathode materials 

increase cost 

Radiation resistant 

Insensitivity of optical properties to 



ionizing radiation and light 

Good transmission of 

Low index of refraction  

n ~ 1.5 

light to photodetector 



Figure 1 Attenuation coefficients for Compton scattering and photoelectric absorption of photons in Lu2SiO5. 
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2. Physical 

properties 

The structures of the rare earth oxyorthosilicates (Ln2SiO5, where Ln = Y, La – Lu) were investigated by Felsche10 in 1970’s on the basis of synthesized powders and later in single crystal form by other researchers. 

The compounds melt congruently (with the possible exception of the La compound) in the range from ~1900 to ~2100°C and crystallize in one of two structures depending on the size of the rare earth ion. The compounds with larger rare earth ions (La through Tb) form a monoclinic P structure, and the smaller rare earth ions (Y and Dy through Lu) form a monoclinic C 

structure. Each structure consists of isolated SiO4 tetrahedra with extra non-silicon bonded oxygens and two crystallographically distinct rare earth sites. In the monoclinic P structure the rare earth sites have oxygen coordination numbers of 7 and 9 while the monoclinic C structure has 6-fold and 7-fold oxygen coordinated sites. It is assumed that Ce may occupy either of these sites, and indeed two distinct Ce emissions are observed in each structural type (see below). 

Anan’eva11 reported Czochralski growth of all the rare earth oxyorthosilicates although polycrystalline specimens were obtained for several of the compounds. The crystals were doped with Nd3+, Ho3+, Er3+, Tm3+, Yb3+ as activators, but Ce3+ was not investigated. They confirmed the existence of two crystal structures previously reported by Felsche and measured various physical properties including density, melting point, refractive indices, and cleavage planes. 

The lattice parameters of LSO were investigated by Gustaffson et al12 

using single crystal x-ray and neutron diffraction. Figure 2 shows views of the monoclinic C crystal structure along the major crystallographic axes. 

Lutetium has two isotopes, 175Lu which is stable and 176Lu which decays by beta emission with a half life of 3 × 1010 years. 176Lu is 2.6% abundant in natural Lu. Gamma rays with energies of 88, 202, and 307 keV are emitted and produce an intrinsic background of about 40 counts/sec per gram of LSO crystal. This background limits the use of LSO in applications with low count-rates, but due to the high count-rate and coincidence nature of PET measurements, it is not a limitation in PET. 
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Monoclinic C 

Space group C2/c 

Oxygen 



Lattice constants* 

Lutetium 

a = 14.2774 Å 

b = 6.6398 Å 

Silicon

c = 10.2465 Å 

β= 122.224º 

 *Gustafsson et al., 2001 

[100] direction 

  

[001] direction

[010] direction 



Figure 2 Crystal structure of Lu2SiO5 viewed along the crystallographic axes. 

3. Scintillation 

properties 

Trivalent Ce ions form the luminescence centers in LSO:Ce. The luminescence process begins with the capture of a hole from the valence band, thus making Ce4+. An electron is then captured from the conduction band into the 5d levels and relaxes to the lowest 5d level by phonon emission. The radiative transition from the lowest 5d level to the 4f ground state is an allowed electric dipole transition with a lifetime of approximately 42 ns. The room temperature emission spectra of cerium-doped rare earth oxyorthosilicate crystals with the monoclinic C structure are indistinguishable as shown in Figure 3. On the other hand, the monoclinic P structure, such as found in GSO:Ce, results in an emission peaking at a longer wavelength. Emission spectra of BGO and LuYAP:Ce are shown for reference purposes. 
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Figure 3 Emission spectra of various scintillators. 

Looking in more detail, one can observe two separate emissions (Ce1 

and Ce2) by cooling LSO:Ce to near liquid helium temperature as reported by Suzuki et al13. Two separate sets of excitation and emission bands are observed and the spin-orbit splitting of the 4f ground state is also clearly seen. At room temperature these features are more difficult to discern due to thermal broadening of the emission and excitation bands and partial thermal quenching of the Ce2 luminescence. 

The kinetics of the two Ce emissions have been observed under pulsed UV excitation at 77K. Ce1 decays with a time constant of 32 ns while the decay of Ce2 is considerably longer at 54 ns. The combination of these emissions under gamma-ray excitation results in a time profile that is well represented by a single exponential decay with a time constant of about 42 

4. Crystal 

growth 

Single crystals of the rare earth oxyorthosilicates have been grown by various researchers using diverse growth techniques including the 
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hydrothermal method, flux growth, the Verneuil method, zone refining, the Bridgman method, and the Czochralski technique. Pure single crystals as well as crystals doped with activators including Ce, Tb, Eu, Sm Nd, and Tm have been grown and investigated for possible applications such as CRT 

faceplates, lasers, neutron detectors, and gamma-ray detectors. The Czochralski technique has proved to be the most practical for large scale commercial production of LSO:Ce. 

Typically the starting materials, Lu2O3, SiO2, and CeO2, have purities of 99.99% or better. When LSO:Ce was first being developed, the Lu2O3 raw material was expensive and the often cited reason was the low natural abundance of Lu. In reality Lu is more abundant than several other elements commonly used in scintillators such as bismuth and iodine; the true reason for its initially high price was the lack of refining experience and the lack of dedicated refining capacity. Once these problems were addressed, a more reasonable price resulted. After weighing and mixing of the constituent oxides, the powder mixture is melted in pure iridium crucibles which are heated by water-cooled induction coils. The growth chambers are continuously flushed with nitrogen to prevent oxidation of the crucibles. Crystal growth is initiated on oriented seed crystals. 

The growth of the crystal is controlled via a proportional-integral-derivative (PID) feedback loop where the derivative of the crystal weight is the process variable and the controlled parameter is the induction generator power. A load cell is used to read out the weight of the crystal at regular time intervals throughout the growth run, and the error signal is the difference between the desired weight derivative and the measured one. 

With knowledge of the crystal pulling rate, the solid and liquid densities, and calculation of the rate of melt drop, a constant crystal diameter may be maintained. 

Brandle et al14 first demonstrated that the distribution coefficients of dopants in the rare earth oxyorthosilicates vary systematically with the difference between the ionic radii of the dopant and the host rare earth cations. Since Ce3+ is the second largest trivalent rare earth, its distribution coefficient is expected to be less than one in most cases. Figure 4 shows that the distribution coefficient of Ce in LSO (k = 0.22) fits the overall trend. Figure 5 shows how the concentration of Ce increases throughout a crystal growth run as the fraction of solidified melt increases. This general behavior is an unavoidable consequence of k < 1. Fortunately, in the case of LSO:Ce, the scintillation properties are rather weakly dependent on the Ce concentration and this gradient has a minimal effect on crystal uniformity. 

Improvement in the uniformity of scintillation characteristics of crystals manufactured in 2002 compared to those grown in 1998 have been reported15,16. In each case, data were compiled for approximately 2000 
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crystals and the variation in light output, energy resolution, and decay time were analyzed on a sample-to-sample, boule-to-boule, and an overall statistical basis. Significant improvements were observed and are summarized in Table 2 and 3. Sample-to-sample variation of light output within a boule improved from +/-20% to +/-5% and the standard deviation of the light output of all crystals improved to 15%. Energy resolution improved to +/-1.5% within a boule. Decay time in 2002 varied by +/- 0.8 

ns within a boule with an overall standard deviation of 1.1 ns compared to variations more than twice as large in 1998. In general the improvements were attributed to a reduction in the quenching centers that had primarily affected the Ce2 luminescence centers in the earlier crystals and led to gradients in both light output and decay time along the length of a boule. 

This was achieved with high purity and better handling of raw materials together with more stable growth conditions and optimized control parameters. 
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Figure 4 Distribution coefficients of dopants in rare earth oxyorthosilicate hosts showing the dependency on the difference between the dopant and host ionic radius. 
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Figure 5 Ce concentration as a function of the fraction of solidified melt. 



Table 2 Comparison of the uniformity of LSO:Ce scintillation properties within typical boules: 2002 vs. 1998 

Scintillation properties 

1998 

2002 

Light output uniformity 

+/- 20% 

+/- 5% 



Energy resolution uniformity 

+/- 2.5% 

+/- 1.5% 



Decay time uniformity 

+/- 2 ns 

+/- 0.8 ns 

(+/- 5%) 

(+/-1.8%) 



Table 3 Comparison of LSO:Ce scintillation properties of all crystals produced: 2002 vs. 

1998 

Scintillation properties 

1998 

2002 

Light output spread (std. dev.) 

+/- 25% 

+/- 15% 

Decay time (average) 

37.7 ns 

41.3 ns 

Decay time spread (std. dev.) 

+/- 3.5 ns 

+/- 1.1 ns 

(+/- 9.3%) 

(+/- 4.1%) 
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5. Detector 

design 

The high light output of LSO:Ce has given designers of PET detectors additional flexibility and options to extend performance. The first use of high light output LSO:Ce was in the High Resolution Research Tomograph (HRRT) brain scanner built by CTI Pet Systems in the late 1990’s. The detectors were dual layer panels of 2 x 2 mm pixels that allowed depth of interaction information to be obtained, thereby approaching 2 mm spatial resolution. The next implementation of LSO:Ce was in the ACCEL scanner in which the 8 x 8 element BGO block was replaced by an 8 x 8 LSO:Ce array. Although this design did not fully exploit the advantageous scintillation properties of LSO:Ce, it demonstrated the feasibility of large scale production of the crystals. More recently, the ACCEL Hi-Rez detector comprising a 13 x 13 array of 4 x 4 x 20 mm LSO:Ce crystals represents the clinical state-of-the-art for whole body oncology. 

In addition, due to the high light output of LSO:Ce, the use of photodiodes and avalanche photodiodes is now possible whereas their use with BGO is less attractive due to BGO’s lower light output. One example is the depth-of-interaction detector developed at Lawrence Berkeley Laboratory17 in which a 64 element LSO:Ce crystal array is coupled to a PMT at one end and a 64 element photodiode array at the other. Timing and energy measurements are obtained from the PMT signal while crystal identification is obtained from the PD signal and depth position of the gamma ray interaction is obtained from the ratio of the two signals. This detector has been implemented in breast imaging and small animal imaging. 

Additional examples include the use of LSO:Ce for dual modality PET-MRI systems. A system using optical fibers to couple LSO:Ce to position sensitive photomultipliers has been developed at UCLA18, and an LSO/APD detector design was reported by Grazioso et al19. PET of live animals has been achieved at Brookhaven National Laboratory in the RATCAP design20 which implements an LSO/APD detector. 

6.  Future uses of LSO:Ce in PET 

The evolution of PET scanner design through four generations has been reviewed by Eriksson et al. 21,22. The first generation is defined by the use of a single ring or hexagonal array of NaI:Tl detectors while the introduction of BGO crystals signals the second generation. Block detectors, first proposed by Casey and Nutt23 mark the third generation design with multiple rings of small crystal elements. The fourth generation is distinguished by retractable septa thus allowing coincidences to be recorded between any two detectors rather than just those in the same ring, and resulting in an increase in system sensitivity of a factor five, although 

254

C.L. MELCHER  ET AL.  

simultaneously increasing random and scatter rates. Precursors to the fifth generation of whole body PET scanners may be found in the HRRT and G-PET brain scanners that approach the limits set by positron range and annihilation gamma ray acolinearity. It is suggested that a fifth generation whole body PET scanner with 3 mm spatial resolution is possible with LSO:Ce crystals. Large area pixellated panels may be the most cost effective solution, similar in concept to the HRRT detector panels. A fifth generation whole body scanner is expected to have a 30 cm axial extent, 1-2 

ns coincidence timing resolution, 14% or better energy, detector elements of 4 mm or less, and processing and reset time less than 200 ns. 

Finally, the advantages of time-of-flight (TOF) PET must be considered. As described by Moses24, several significant improvements would be realized with coincidence timing of 500 ps, including randoms reductions by a factor 1.5 - 2, a ~50% increase in noise equivalent count-rate (NECR), and most importantly a factor of five reduction in noise variance due to localizing the position of the annihilation event along the line connecting the coincident crystals. Although TOF PET scanners were built in the 1980’s using BaF2 or CsF crystals, the concept was abandoned due to the overriding advantages of higher gamma-ray detection efficiency offered by scintillators with higher density and atomic number. LSO:Ce presents an attractive combination of the fast rise time, short decay time, and high light output needed for TOF while retaining the high detection efficiency that is required by clinical PET. 

The potential of coincidence timing with LSO:Ce can be seen in laboratory experiments where timing resolution between two crystals of less than 300 ps can be achieved for 511 keV gamma rays25. Figure 6 shows a time resolution of 255 ps between two 10 x 10 x 10 mm LSO:Ce crystals wrapped in Teflon and coupled with silicone grease to Photonis XP2020Q 

photomultiplier tubes. The challenge is to minimize any degradation that may occur when implementing a practical detector design suitable for use in a clinical PET scanner. 

Most commercial PET detectors are not optimized for timing and use arrays or segmented crystal blocks coupled via light guides to slow photomultiplier tubes. Aykac et al26 investigated the timing performance of two standard design Siemens Hi-Rez detectors (13 x 13 LSO:Ce crystal arrays with light guides and 2 x 2 arrays of Hamamatsu R8619 PMTs). The detectors were separated by 86 cm, a typical distance for a whole-body scanner, and a 68Ge plane source was located between them. The detectors incorporated the same Hamamatsu R8619 PMTs used in the commercial scanner. The average timing resolution was 733 ps using a typical PMT 
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Figure 6 Coincidence timing of two 10 x 10 x 10 mm cubes of LSO:Ce mounted on Photonis XP2020Q photomultiplier tubes. 

bias voltage of 1050V, and this was improved to 642 ps when the bias voltage was increased to 1300V. This result is promising in two respects. 

First, 642 ps timing would already achieve many of the advantages described above including reduced randoms, increased NECR, and dramatic noise variance reduction. Second, this performance was achieved with PMTs that are not optimized for timing, and thus it is reasonable to expect that more appropriate PMTs may have the potential to improve the time resolution to near the 500 ps goal. 

7. Conclusion 

It is clear that the full potential of LSO:Ce scintillators has yet to be utilized. Future detectors are likely to employ faster electronics to allow improved counting rates as well as faster photomultiplier tubes for 
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coincidence timing sufficient for time-of-flight PET. The use of photodiodes and avalanche photodiodes are expanding to fill the needs of detectors for PET/MRI and for improved spatial resolution via depth-of-interaction information. In addition it is likely that the size of the crystal pixels will continue to shrink below the current 4 x 4 mm size for clinical whole body oncology. It is notable that LSO:Ce remains the only available scintillator with the high density and atomic number for the detection efficiency demanded by clinical PET as well as the fast rise time, short decay time, and high light output needed for time-of-flight. 
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Abstract.  At present large activity is going on in developing positron emission tomography (PET) systems with better specifications. In recent years a number of new gamma-ray scintillators has become commercially available. These new materials were either derived from earlier known scintillators, e.g. Lu1-x YxAlO3:Ce (LuYAP) and Lu2(1-x)Y2xSiO5:Ce (LYSO), or are the result of new discoveries, such as LaCl3:Ce and LaBr3:Ce. The first two materials are primarily of interest for PET because of the relatively high sensitivity for gamma rays and fast response time. The halide scintillators show an energy resolution of ~3% at 662 keV, which is unprecedented for scintillators, a very high light yield and a fast response time. This combination makes LaBr3:Ce an attractive scintillator for time-of-flight (TOF) PET, in spite of the poorer intrinsic sensitivity for annihilation radiation. At the same time the search for and research on new materials is going on. For example LuI3:Ce is a new material with a very high light yield (~90,000 photons per MeV). Both old and new scintillators are considered for application in new PET systems. A review will be presented. 
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1. Introduction 

Positron Emission Tomography (PET) is a very powerful medical-diagnostic method for functional imaging.1 Imaging is realized by means of the two 511 keV quanta which are emitted approximately collinearly when a positron, emitted by a radiopharmaceutical introduced into a patient, annihilates in tissue. The two quanta are detected position sensitively in coincidence. See Fig. 1. The point of positron emission is approximately situated on the line of response (LOR) connecting the two positions of detection. Many annihilations give many LORs and from these the radiopharmaceutical distribution can be reconstructed. 

For position-sensitive detection a PET system consists in general of many rings with altogether hundreds of scintillation-detector blocks. See Figures 1 and 2. As the detection efficiency of the 511 keV annihilation quanta plays a very important role, for a long time the BGO scintillator (dense, high atomic number, with large probability of photoelectric effect for 511 keV quanta; see Table 1) was state of the art. In general BGO 

blocks with saw-cuts are applied (Fig. 2). Depending on the system these cuts provide 36 to 64 crystal columns of e.g. 4 x 4 or 6 x 6 mm2 cross section, coupled at the base in such a way that the scintillation-light distribution allows the determination of the column hit by a radiation quantum using four photomultiplier tubes (PMTs) or two PMTs with a dual structure, and Anger-type logic.2-4 Detector blocks are combined in rings to form typically 24 - 48 planes of scintillator columns. Using coincidences between scintillator columns in the same plane and cross-plane coincidences between columns in adjacent planes, image slices can be obtained at a pitch of half the plane distance. 

Originally, planes were separated by septa, i.e. lead collimator plates. In an actual PET scan most of the 511 keV quanta are Compton scattered in the patient. This gives a continuous background. The septa reduce this background significantly. With septa, cross-plane 511 keV - 511 keV 

coincidences are limited to differences of ~3 planes (two-dimensional imaging; 2D). Modern systems operate with the septa removed and coincidences are accepted between many planes resulting in three-dimensional (3D) imaging.5,6 To some extent the improved coincidence detection efficiency, resulting from the increased solid angle, compensates the increased Compton-scattering background. The latter is reduced also by accepting only photopeak events of the pulse-height spectrum (the better the resolution, the better the reduction will be; the typical energy resolution for BGO is ~20% FWHM). Then, however, events with 511 keV quanta interacting in a scintillator by Compton effect will be eliminated as well. 

Consequently, depending on the specific use one has to decide whether a narrow photopeak window is used or a more relaxed window. 
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Figure 1 Schematic of a traditional PET system. 

Figure 2 Example of a BGO detector block to be coupled to 4 PMTs for position-sensitive light detection. 
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It should be noted that absorption in a scintillator by photoelectric effect per cm depth is proportional to UZ4 with U the density and Z the effective atomic number. For 511 keV quanta the chance of photoelectric effect is even at Z = 80 no more than 50%, the other 50% being Compton effect (proportional to U). An intense full-energy line in the pulse-height spectrum is due to both photoelectric-effect events and Compton events with detection in the same crystal of the Compton electron and the (scattered) Compton quantum. 

In addition to efficiency, position resolution, time resolution and energy resolution are very important aspects. It is not possible to meet all the requirements with regard to these quantities by means of BGO as it has notably a low light yield and a long response time. Consequently, there is much interest in introducing new scintillator materials, even at the cost of intrinsic scintillator detection efficiency, i.e. we accept lower-Z materials. 

2. Inorganic 

scintillators 

Specifications of old and new inorganic scintillator materials of interest for PET are summarized in Table 1. For more information on scintillators, also for other medical-diagnostics applications, e.g. see ref. 7, 8. In Table 1 we present the density, attenuation length and fraction of photoelectric effect at 511 keV, light yield in photons per MeV of absorbed radiation energy, decay time, and the emission maximum of the scintillation light. BGO and PWO show intrinsic luminescence. The main luminescence component of the other scintillator materials is based on the Ce3+ dopant. This ion is an efficient luminescence centre with a fast response. It has one electron in the 4f state that is lifted to the empty 5d shell upon excitation through interaction with radiation. Subsequent de-excitation will occur by an allowed 5d – 4f electric dipole transition with a decay time in the order of 30 ns. The host materials have been selected 

1.  for efficient interaction with 511 keV quanta, i.e. high density and high Z, 

2.  for their relatively small energy gap between valence and conduction band, which in principle will result in more photons per MeV of absorbed radiation,31,32

3.  to accommodate Ce3+ dopant ions (Ce is substituted for Lu, Y, Gd or La). 
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Table 1 PET-scintillator candidates 

density 

attenuation

photoel

light

dec

emission

ref

g/cm3

length at 

effect%

yield

time

max

511 keV

phot/

ns

nm

mm

MeV

Bi4Ge3O12

7.1 10.4 

40 

9,000 

300  480   

9,10 

(BGO)

Lu2SiO5:Ce

7.4 11.4 

32 

26,000 

40  420  11-12 

(LSO)

LYSO













13

LuAlO3:Ce

8.3 10.5 

30 

11,000 

18  365  14-18 

(LuAP)

LuYAP







8,000 21 

19

(65%)

Lu2Si2O7:Ce

6.2 14.1 

29 

20,000 

30  380  20 

(LPS)

Lu2S3:Ce     

6.2 

13.8 

28,000 

32 

590 

21 

Gd2SiO5:Ce

6.7 14.1 

25 

8,000 

60  440  22, 

23 

(GSO)

PbWO4 (PWO) 

8.3 

8.7 

42 

200 

15 

420 

24 

PWO: Mo,Y 







600 ~15  ~500  25 

PWO :Mo,Nb 







400 ~10-

~500 26 

103

LaCl3:Ce 3.86 

28.0 

14.7 

46,000 

25 

350 27 



(65%)

LaBr3:Ce (5-

5.07 22.3 

13.1  70,000 

16 

380 28 



30%)

(97%)

LuI3:Ce (5%) 

5.6 

18.2 

28 

90,000 

6-140 

472, 535 

29,30 

(72%)

103

(28%)

These selection criteria do not guarantee efficient scintillation. On interaction with radiation energetic electrons are produced. These in turn produce more electrons and holes. After thermalization these have to travel to the luminescence centres. The efficiency of the transport is difficult to predict. There can easily be loss due to all kinds of defects in the crystals. 

The light yields in Table 1 are mainly defined by this loss. In the PWO 

compounds a very small fraction of the deposited energy results in 
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luminescence. Only the two scintillators at the bottom have a light yield close to the maximum achievable for those materials32. 

From the third column we can derive that a 30 mm deep BGO crystal has an interaction probability of 93% for 511 keV quanta. Of this 40% is photoelectric effect and 53% Compton effect. Obviously in a PET system a fraction of the Compton-scattered quanta will escape and be detected in neighbouring crystals. This will lead to deterioration of the position resolution. Compton scattering into the forward direction has the highest probability (angle with direction of incoming 511 keV quantum ~ 32 

degrees). Observation of individual crystal responses will help to reduce the deterioration. 

LSO/LYSO and LuAP/LuYAP are very interesting candidates to replace BGO in PET. Their attenuation lengths are comparable to that of BGO, though the probability of photoelectric effect is smaller, i.e. that of Compton effect is higher. Furthermore they have a higher light yield and a much faster response. 

Originally it appeared to be difficult to grow large stress-free LSO 

crystals (~ 1,000 cm3) of which small entities can be cut efficiently. These large crystals were reported to be inhomogeneous in light production and the gamma-ray energy resolution is poorer than expected on basis of the light yield.12 An experimental gamma camera was introduced by Siemens/CTI (Knoxville, USA) with a layer of small columns of LSO 

crystals and it appears that the quality has improved significantly. LSO is now used in Siemens/CTI PET systems.33,34 LSO is available from Siemens/CTI. 

LuAP was first proposed as a scintillator in 1994,14 and more detailed papers appeared in 1995.15,16 It is difficult to grow LuAP scintillation crystals. The temperature range in the phase diagram to produce LuAP is very small and one ends up easily with Lu3Al5O12 (LuAG). Yet, several groups, e.g. Crytur Ltd. (Turnov, Czech Republic) and A.G. Petrosyan (Armenian National Academy of Science), were able to supply LuAP:Ce crystals for research.17,18 Another problem of LuAP is the strong scintillation-light absorption. Some groups tried to introduce improvements and to facilitate the crystal-growing process by adding Gd or Y.17 Light yields of ~ 1 - 2 x 104 photons/MeV are reported for these mixed crystals. 

In case of Gd admixing, in general longer (~ 100 ns) decay time components are introduced. The Crystal Clear Collaboration at CERN has introduced Lu~0.8Y~0.2AlO3:Ce in a small-animal PET system.19,35

Other relatively new scintillators with a high light yield and a fast response time are LPS (lutetium pyro silicate) and Lu2S3:Ce. Although the attenuation lengths of these scintillators are larger than that of BGO they appear to have slightly better properties than GSO, the latter being used in PET by Philips. GSO is commercially available from Hitachi. Of LPS only small samples have been grown so far. R&D of this material is in progress. 
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Lu2S3:Ce is in particular of interest because of its emission at 590 nm, which matches the light sensitivity of silicon diodes perfectly. Only small pieces of crystal have been grown of this scintillator.21

It should be noticed that application of scintillators containing lutetium has two disadvantages a) the high price of ~ $ 50/cm3 due to Lu, and b) the presence of the radioactive isotope 176Lu  which  gives  a  count  rate of ~ 300/s.cm3 (beta decay, end point of 565 keV, some gamma rays). For PET b) is less important. 

In the framework of the Crystal Clear Collaboration at CERN, PbWO4

(PWO) crystals have been developed for application in experimental setups at the future large hadron collider24. At present the production of ~ 

100,000 crystals of ~ 2 x 2 x 20 cm3 is in progress. Obviously it would be attractive to employ such good quality crystals in other fields. From Table 1 

we learn that the detection efficiency of PWO at 511 keV is excellent. 

However, the light yield of PWO is extremely small and this shuts the door to application in PET systems. Several groups have started programmes to answer the question of how to increase the light yield by, say, an order of magnitude. Some results are shown in Table 1. So far by means of doping an increase of fast luminescence appears possible by a factor of ~2 - 3. 

Of the three new scintillators listed at the bottom of Table 1, LaCl3:Ce and LaBr3:Ce are unique for their excellent energy resolution of ~3% at 662 

keV (see Fig. 3), combined with a high light yield and fast response time.27,28 The efficiency is not as good as that of the other materials and these scintillators are hygroscopic. Yet, as will be discussed in section 4, LaBr3:Ce is of interest for application in PET. LaCl3:Ce and LaBr3:Ce are commercially available from Saint Gobain Crystals and Detectors. LuI3:Ce is still being studied. Also for this material an excellent energy resolution appears feasible. However, it is more hygroscopic than the other two lanthanum halides. 

Figure 3 Pulse height spectrum of 137Cs 662 keV gamma rays recorded with diam. 1 x 1 

inch LaBr3:Ce crystal showing 3.1% energy resolution FWHM. 
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3.  Position resolution and depth of interaction 

On emission a positron travels a distance in the order of 1 mm before it has thermalized and annihilates with an electron. In annihilating the positron and electron have each a small momentum, resulting in a small deviation of the angle between the annihilation quanta from 180 degrees. These two effects result in an intrinsic position resolution for a 0.8 m diameter system of approximately 2 mm FWHM. This value decreases with decreasing system diameter. 

Present PET systems have a position resolution of typically ~ 4 mm FWHM in the centre of the system, increasing to ~ 5 - 6 mm if we move in the axial direction to the edge of the system or in the radial direction to, say, 10 cm from the axis. 

If not Compton scattered in the patient, annihilation quanta emitted from the central axis of a PET system and in the plane of a detector ring (perpendicular to the axis) will hit a scintillator column in a direction more or less parallel to the length of the column. Quanta emitted off-centre and/or in a tilted plane will hit a column under an angle. They may go through the first encountered column and be detected in a neighbouring column well behind the entrance window. The depth of interaction is not known and consequently a parallax error arises, called radial elongation due to its manifestation upon image reconstruction. This effect decreases with increasing system diameter, i.e. it leads to a requirement opposite to that of the first paragraph of this section. Furthermore, for parallax reduction the length of the scintillator column should be as small as possible. This is in contradiction with the crystal-depth requirement for efficient detection. E.g. 

for BGO the typical length is 30 mm. This explains efforts to introduce methods that give depth-of-interaction (DOI) information.36-38. This is the more important as the position resolution we are aiming at in newer brain-imaging systems is at the level of 2 - 3 mm and for small-animal PET 

systems even at ~1.5 mm. Then the cross section of the crystal columns should be similar in size, i.e. about 2 x 2 mm2. As we will discuss below, a detector consisting of a monolithic scintillation crystal of much larger size and position-sensitive light detection may be an option as well. 

In most DOI studies/applications two or three small columnar crystals of different scintillators, e.g. LSO + GSO38, LSO + GSO + BGO37, LSO + 

LuAP (see Fig. 4) and LYSO + LuYAP35, are coupled to form one column. 

The (quantized) DOI information is obtained by using the difference in pulse shape. LSO + LSO with different decay times has been applied in the High Resolution Research Tomograph (HRRT) of Siemens/CTI.34 LSO 

crystals of 7.5 mm x 2.1 mm x 2.1 mm are used. The spread in decay times from ~36 to ~48 ns in the grown LSO crystals allowed selection of crystals 
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with the extreme decay-time values. The detection efficiency is less than that of 30 mm BGO crystals. The LYSO + LuYAP pair (10 mm x 2 mm x 2 

mm each) is used in the small animal ClearPET system of the Crystal Clear Collaboration, CERN (see Fig. 5). In principle the combination of LSO and LuAP will give the fastest response and the most efficient detection with DOI information. LPS could also become of interest for DOI application. 

For the many methods studied or proposed to obtain DOI information see e.g. refs. 39, 40. 

Figure 4 (a) Emission spectrum of LuAlO3:Ce (top) and excitation and emission spectra of Lu2SiO5:Ce (bottom). (b) Schematic showing order of Lu2SiO5:Ce and LuAlO3:Ce crystals positioned on pixilated light sensor: the scintillation spectrum of the former is not absorbed by the latter. 

Figure 5 Head of ClearPET, the CRYSTAL CLEAR Collaboration small animal PET 

scanner. A phoswich of LYSO and LuYAP crystals is used. Crystal pixels of 2 x 2 mm2

(courtesy CCC). 
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As an alternative to detectors using crystal arrays, several types of detectors consisting of monolithic scintillation crystals read out by position sensitive photo-detectors have been proposed.41,42 As these designs are generally difficult to implement in a scanner, or lack sufficient spatial resolution, currently a new design based on monolithic scintillation crystals read out by one or more avalanche photo diode (APD) array(s) is being investigated.43-45 Readout of such detector modules is based on estimating the entry point of the annihilation quantum on the crystal's front surface from the light distribution measured by the APD array, using statistical methods or neural networks. Using monolithic crystals instead of arrays of individual crystals eliminates the need for inter-crystal reflective material, reducing dead space and increasing sensitivity. These blocks can even be made trapezoidal to form a completely closed polygon. See Fig. 6. 

Furthermore, minimizing the dead space between modules may be easier with APDs than with photomultiplier tubes (PMTs). Also, because of their insensitivity to magnetic fields, the use of APDs makes it easier to combine the scanner with an MRI device. At present with 20 mm x 20 mm x 10 mm LYSO blocks read out by 2 APDs with 4 x 8 diodes each (see Fig. 7) a spatial resolution of 2 mm appears feasible even at an angle of incidence of > 30o. 

By now there are several position-sensitive light sensors applicable for read out of individual scintillator columns and blocks, viz. avalanche-photodiode arrays, position-sensitive PMTs, multi-pixel hybrid photomultipliers and large position sensitive avalanche photodiodes based on charge division. 

Figure 6 Schematic of segment of PET-detector system showing how trapezoidal scintillator blocks read out by APDs form a closed polygon. 
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Figure 7 LYSO scintillator block (20 x 20 x 10 mm3) with two APDs coupled to it. On the right Hamamatsu APD-array layout. 

4.  Coincidence-time resolution, random coincidences, time of flight and dead time 

Random coincidences will occur, e.g. if within a certain time ǻt, the coincidence-time resolution, of each of two pairs of annihilation quanta one 511 keV quantum is detected and the other not. The latter will, for example, happen if the two quanta are emitted in the solid angle not covered by the PET system. Random coincidences show up as a continuous background in an image. The ratio of true to random coincidences is inverse proportional to ǻt. This resolution depends strongly on the response time of the scintillator (rise time and decay time), its light yield and the light-detection efficiency. Using BGO ǻt is in the order of 10 ns. A much smaller ǻt will reduce the background significantly. 

Another aspect of random-coincidence rate is that it is proportional to the singles count rate squared. In the singles count rate we find all the Compton events scattered in the human body. Selection of only full-energy events will therefore improve the true-to-random coincidence ratio. The better the energy resolution of the system the better will be the full-energy selection. In view of this LaBr3:Ce is of interest for PET. 

A time resolution ǻt corresponds to a distance ǻx = cǻt/2 (c is velocity of light). If ǻt is sufficiently small, ǻx will be smaller than the patient size. 

Then time-of-flight (TOF) information can be used in image reconstruction. 

A significant improvement of the signal to noise ratio of a PET image can be obtained. In first order there is a sensitivity gain (reduction in noise variance) given by f1 = D/ǻx, where D is the patient “diameter”.46 A more accurate description, including more detailed image reconstruction effects, results in a smaller improvement of the sensitivity by a factor f2 = D/(1.6 

ǻx).47 For D = 35 cm, and ǻt = 0.3 ns we obtain f2 § 5. Recently studies of TOF have been presented by Moses,48 and Surti  et al.  49 A study by the latter gives f § 4 for the above D and ǻt values. 
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There is a serious interest to implement TOF in PET, in particular because the increasing obesity of patients has a significant effect on the signal to noise ratio due to the increased attenuation and scattering. The University of Pennsylvania / Philips Medical Systems team based its programme on the LaBr3:Ce scintillator.49-51 In a new scanner they use detector modules with 1620 pixels each 4x4x30 mm3 coupled by continuous light guides to diam. 50 mm PMTs in hexagonal arrangement. 

Using a dedicated setup, an average time resolution ǻt = 313 ps and an average energy resolution of 5.1% FWHM at 511 keV were obtained. In the full scanner these values are respectively 460 ps and 7.5%. The differences are due to losses in the less optimal electronics of the scanner. These values are approximately 20 and 3 times better than those of a BGO scanner. 

Altogether, it appears that in the LaBr3:Ce TOF scanner excellent sensitivity, spatial resolution, energy resolution and time resolution are achieved. 

Figure 8 Raw data of the 1620 LaBr3:Ce pixel module (60 x 27 pixels) irradiated by 511 

keV annihilation quanta. All the individual pixels show up clearly (courtesy University of Pennsylvania and Philips Medical Systems - PET Systems, Cleveland). 

Siemens/CTI is focusing on LSO:Ce.52 In a dedicated setup ǻt = 255 ps was realized for LSO-LSO coincidences.53 Using full detector modules the time resolution is approximately three times this value.52 R&D is in progress. 

Another important aspect is dead time, i.e. the time in which a coincidence cannot be registered because the PET system is busy handling a previous coincidence event. Several parts of the system contribute to the dead time and the detector is one of them. Taking the BGO response time of 300 ns (scintillation decay time) as the dead time we would lose about 3% at a rate of 105 per second per read-out channel, which is approximately the maximum rate of a 64 scintillator–column block in a modern PET 
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system. The amount of radioactive material one can efficiently administer to a patient is after all limited. Clearly, the signal processing electronics and data handling will also contribute to the dead time. If the scintillator columns were read out individually the rate would be only ~ 1000 per second and the dead time of the scintillator/detector including electronics would be negligible. The monolithic crystal blocks discussed in section 3 

can easily cope with the rates provided that a fast-response scintillator like LYSO or LaBr3:Ce is used and signal processing is fast enough as well. 

5. Conclusion 

For the improvement of PET the attention is strongly focused on the introduction of depth of interaction (DOI) and time of flight (TOF). In small-animal PET L(Y)SO and LuYAP scintillators are used, for TOF in whole-body PET the new LaBr3:Ce scintillator and L(Y)SO fit into the picture. Furthermore, in addition to smaller geometric cross-sections of crystals and DOI for improvement of spatial resolution, the monolithic block concept is gaining attention. Further development of LuI3:Ce may eventually result in a very interesting PET scintillator with a higher sensitivity for annihilation radiation than LaBr3:Ce and comparable or even better energy resolution, time resolution and light-yield specs. 
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1. Introduction 

A scintillator is a material which is able to convert ionizing radiation into UV or visible light which can be easily detected by classical photosensors such as photomultiplier tube, avalanche photodiode or CCD camera. 

Scintillating materials are widely used in many applications such as high energy physics, industrial and medical imaging, security inspection, etc… 

In most cases, they are used as solids, in some cases as liquids for very specific applications, like the detection of neutrinos [1]. Solid scintillators may be of inorganic or organic types, but for many reasons the former one is often preferred to the latter in many applications. 

Scintillating single crystals used in detectors are usually obtained after cutting and polishing of boules grown by various techniques like Czochralski and Bridgman. Polycrystals and ceramics are widely used as well for example for X-ray computed tomography. Besides, there is a growing interest for new shapes of inorganic scintillators such as crystal fibers and thin films, in particular for specific applications like high resolution imaging or to be used in new configurations of imaging systems. 

The purpose of this paper is to present the development of this new generation of scintillating materials and to show their interest for imaging applications. 

2.  Single crystal fibers 

2.1. INTRODUCTION 

Industrial production of bulk crystals is performed using traditional technologies. The elaboration of boules is followed by cutting and processing to obtain shaped crystals. However, when crystals with small cross-sections are required, other techniques allowing the growth of shaped crystal fibers can advantageously replace these standard techniques. 

In the case of Positron Emission Tomography (PET), better spatial resolution and detection efficiency need most often the use of shaped crystals of smaller sections (typically 1mm2), of longer lengths (sometimes several tens of mm) and well defined section shapes. For industrial X-ray imaging, CdWO4 crystals with cross-section of 0.6x0.6mm2 are used, and some devices are proposed using BGO cylinders of 0.1mm diameter for better spatial resolution [2] (Fig. 1). 
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Figure 1 BGO array from ref [2]. Capillary array of long steel pipes. 

In traditional PET scanners, the crystals are oriented in the radial direction. Then, the spatial resolution and the detection efficiency are correlated. Furthermore, the depth of interaction measurement accuracy is a crucial key point in order to improve significantly the spatial resolution far from the center of the field of view. Another type of PET system can be proposed based on scintillating crystals oriented in the axial direction, arranged in several layers covering a complete cylinder [3,4] (Fig. 2). In this case, readout is performed on both sides of the crystal by individual photo-detectors. The depth of interaction is given by the section of the crystal. The spatial resolution is given by the crystal section in the radial direction, and proportional to the contrast of the light collected at both sides of the crystal in the axial direction. The detection efficiency depends of the number of radial crystal layers and the geometry of the system. Since the depth of interaction is given by the crystal section as well, the spatial resolution and the detection efficiency are not correlated. In such configuration, long and thin scintillating crystals are required. Shaped crystalline scintillating fibers are of most interest. The next sections will describe the known techniques able to grow scintillating crystal fibers of various compositions, with their advantages and drawbacks. 

Figure 2 Example of PET configuration using scintillating fibers (from ref [3]). The crystals are arranged in layers along the object to analyze. One layer is represented by the grey line (b). 
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2.2. GROWTH PROCESSES 

2.2.1.  Laser Heated Pedestal Growth (LHPG) 

The method, based on the floating zone technique with laser heating (Fig. 3), is described in details in ref [5-9]. The melting zone is obtained by heating a source rod of the compound with a high power laser (typically a 200W CO2 cw laser). A seed is connected to the melting zone. The displacement speed differential of both seed and rod allows to obtain fibers of various diameters. The pulling rate can be very fast (up to 100mm/h). 

Typical sections are ranging from 50 µm to 1mm in diameter. The length is limited by the laser stability and the amount of material in the rod. Length up to few centimeters can be easily obtained. Since no crucible is used, materials having high melting points can be grown such as sesquioxides (melting point around 2410°C for Y2O3)[10]. Various compositions such as YVO4 [11], Gd1-xTbxTaO4[12], eutectic Al2O3/GdAlO3[13] and even organic materials [14] have been obtained with this technique. More recently, the well-known scintillating composition Lu2SiO5:Ce3+ (LSO) was pulled [15]. The other advantage of the method is to provide easily seeds or testing compositions with good purity (no contamination from the crucible). 

It is even used to pull crystals with gradient of dopant ion concentration for optical optimization [16]. Nevertheless, it can be used only for specific purposes since industrial production is hardly foreseeable. 

Figure 3 Schematic principle of the laser heat pedestal growth technique. 
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2.2.2.  Micro Pulling Down Technique 

This technique was first developed for the growth of metals by Ricard et al. [17]. The principle is well described in [18] and a basic scheme shown in figure 4. The appropriate melt is obtained in a crucible  heated by resistive or radio-frequency heaters. The melt goes through a hole at the bottom of the crucible, and the fiber is pull-down using a seed. 

Figure 4 Schematic principle of the micro-Pulling down Technique. 

Many compositions have been obtained such as non-linear LiNbO3 [19], silicon [20], laser material YAG:Nd3+[21], eutectic compositions[22], superconductor Bi2212 [23] and even fluorides such as LiF[24], PrF3[25], LiYF4[26], NaF[27]. Among all the grown compositions, scintillating crystals such as BGO [28], PbWO4 [29], and recently LSO[31] have been grown. The maximum length up today for YAG:RE3+ is about 90cm [31] 

(Fig. 5). This technique is extremely promising since fiber shape can be accurately controlled. In addition, various shapes can be obtained depending on the capillary channel. The pulling rate might be high (1cm/mn) and industrial processing acceptable from economical point of view. 

Figure 5 80 cm long YAG:Ce fiber (with courtesy of FiberCryst company: http://www.fibercryst.com). 
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2.2.3.  Edge-defined Film-fed Growth (EFG) 

The EFG technique can be seen like a “reverse” micro-pulling down but optimization of the growth conditions are of course different. The basic principle is presented figure 6. As for the micro-pulling  down  technique, the crystal shape depends on the capillary channel. Various unusual shapes were obtained for sapphire [32] and cylinders of very large diameters (50cm) can be produced [33]. Fiber samples of other compositions have been pulled for scientific use, like YVO4 [34], K3Li2-xNb5+xO15+2x [35], CaF2

[36] and Lu1-xYxAlO3 [37]. Best results were obtained with undoped and doped YAG [38 and related papers] for which the control of the activator distribution across the section and along the axis of the fibers was demonstrated [39]. This technique allows to grow fibers of up to 1m long and of 0.2mm minimal diameter. In addition, multi-run pulling process makes production of scintillating fibers rather economic. 

Figure 6 Schematic principle of the edge-defined fed growth technique. 

2.2.4.  Internal Crystallization Method (ICM) 

Internal crystallization method allows to grow many thin fibers in one process. A tubular structure (matrix) containing an array of thin pipes is dipped in the melt. The channels are filled by capillarity and when the matrix is removed from the melt, the crystallization of fibers occurs. 

Appropriate orientation can be achieved by the use of single crystal seeds on the top of the matrix. The principle is presented in figure 7  taken  from ref [40]. One of the key point is the construction of the matrix that must be eliminated (for example by chemical dissolution for a molybdenum matrix) in order to extract the fibers. Bundle of fibers of sapphire, YAG:RE3+ and 
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LuYAP (of typically 100µm diameter or less) were produced [39-41]. It is clear that ICM is well adapted for industrial production of fibers. It is then a very interesting process providing various compositions are possible to grow and if the scintillation properties are preserved since the surface to bulk ratio starts to be critical. 

Figure 7 Schematic principle of the internal-crystallization method (from ref [40]). 

3.  Scintillating thin films deposited on substrate 

3.1.  POTENTIAL APPLICATIONS FOR IMAGING 

This section concerns mainly the X-ray imaging systems such as plane images or tomography. Usually for traditional radiographic systems, scintillators are used in polycrystalline form. One of the most known material is the gadolinium oxysulfide (Gd2O2S) doped with Tb3+ ions (GOS). We focus our attention on special applications for which the granularity of polycrystalline powder is not suitable and where thin scintillating films may answer to the technical problem. 

For high resolution imaging (pixels around 1µm2), the requirement in terms of the X-ray source power becomes important but achievable with the new generation of synchrotron (European Synchrotron Radiation Facility in France or the Advanced Light Source in USA). For such imaging systems, the simple powder deposition becomes irrelevant due to its thickness and its granularity. Specific optics including microscope optics has been developed 
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in order to enhance the resulting scintillation image [42]. Another field of application is the Beam Position Monitors (BPM). In most of the experiments a large part of the limitation arises from the incident beam instabilities which may be due to source or floor movement or thermal deformation of mirrors due to beam refill [43]. 

For micrometer resolution X-ray imaging, the main limitation is the scintillator thickness. 1-10 Pm thick layers are required depending on the X-ray energies. A crucial point concerns the substrate which has to be transparent to visible light and must not exhibit any scintillation, otherwise it would lead to important parasitic image due to its large thickness as compared to the active thin films. With such small thickness, the stopping power of the material (Zeff) is also a key parameter. It is even more important when the beam line is operating with high energy X-rays. The light yield of the scintillator has to be as high as possible, in any case, a yield of 10000 photons/MeV appears to be the minimum limit to obtain reasonable exposure time. Optical quality needs to be good. For images obtained with 1Pm2 pixels, defects over micrometer range should not appear. Requirement on the scintillation decay time is not as crucial as for counting techniques, nevertheless time constant below 1 ms is suitable mainly for microtomography where many images have to be recorded. Also afterglow should remain in the range of GOS. The useful area is typically 2x2mm2. 

In case of beam positioning application, the scintillator has to give information on the incident beam (intensity, position and shape) but with only acceptable deterioration of the beam. The main criterion is that absorption of the beam has to be as weak as possible, which is contradictory with the scintillation process itself. In addition, it limits the choice of substrate. The typical size of handling substrates being 100Pm, very light materials have to be used. Even 10Pm of silicon absorbs more than 5% of a 10keV beam. 100Pm of amorphous carbon or silicon nitride would be adapted. This condition is really critical for low energy experiment. The scintillation properties of the film are nearly the same as for high resolution X-ray imaging (mainly high scintillation yield and good optical quality). 

3.2. GROWTH PROCESSES 

Many techniques able to grow thin films have been developed. 

Nevertheless will be discuss here the most suitable ones regarding the requirements for the X-ray imaging applications, namely the liquid phase and molecular beam epitaxy, the sol-gel coating and the pulse laser deposition technique. 
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3.2.1.  Liquid Phase and Molecular Beam Epitaxy (LPE and MBE) Epitaxial growth is a deposition process of a thin layer of single crystal material on a single crystal substrate. In case of LPE, a substrate is brought into contact with a supersaturated or a melt of the film material. One of the key point is the lattice match between the film and the substrate. Finally, films with thickness ranging from few microns up to 30 microns with high optical quality are quite easy to prepare. Nevertheless, small thicknesses are difficult to control. This technique allows the growth of many semiconductors such as GaP [44], ZnSe-ZnTe[45] and CdxHg1-xTe [46]. Garnets as well as phosphors such as BaSO4:Mn2+ can be grown using LPE for cathodoluminescence applications [47,48]. Fluorides such as LiYF4 have been elaborated for laser applications [49]. For scintillation applications, mainly Ce3+ and Eu3+ LuAG and YAG have been grown. In ref [50] and related papers are presented different uses of films grown by LPE. YAlO3

has been grown with this technique [51]. More recently, Gd3Ga5O12:Eu3+

deposited on undoped substrate was used. This material offers a very good compromise between density, light yield and afterglow. In addition non-scintillating undoped GGG seems to be easier to prepare. High resolution images obtained with microtomography and done with this material have been presented in ref [52]. With MBE, effusion cells produce the molecular beam. As compared with LPE, this technique allows to control the thickness at the atomic layer scale. The price to pay is the very low rate of growth (in the range of 0.01micron/mn in comparison with 1-10 micron/mn for LPE). This technique is very expansive due to the ultra-high vacuum required. Nevertheless some interesting scintillating compositions such as LuF3:Ce3+ and CeF3 have been grown [53,54]. In the case of higher resolution, one may think about film thickness below 0.5 µm, with scintillation light in the UV range in order to push away the diffraction limit. This kind of MBE film might then be appropriate. 

3.2.2.  Sol-Gel Coating 

In the case of sol-gel coating technique, a solution containing organic precursor is prepared. From this solution, powders as well as thin films can be prepared. The thin films can be deposited on substrates using spin or dip coating method. After different thermal treatments, water and organic compounds are removed and the densification and the crystallization occur. 

The resulting layer is a polycrystalline film at the nano-scale level which insures a very high optical quality with wave-guiding properties. A good example with ZrO2 is presented in ref [55]. For this technology the first challenge is to prepare inorganic compound with organic precursors. While it is relatively easy for binary compounds, the involved chemistry for 
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ternary compounds is more difficult. Nevertheless different phases such as YPO4 [56], YBO3 [57], SrHfO3 [58] have been prepared as powders. The second task is to obtain high optical quality films from the solution. Large thicknesses are obtained by multilayer depositions. Then during thermal treatment cracks may appear due to strains. High optical quality has been obtained with Gd2O3 [59], YAG [60] and even with fluorides such as CaF2

[61]. For scintillation applications, performances as well optical quality of Eu3+ doped Lu2O3 and Gd2O3 make this technology interesting when thickness below 1 micrometer is required. For example, after optimization of the deposition protocol in order to obtain high optical quality, 800nm thick Gd2O3:Eu3+ layer deposited on herasil allows to perform high resolution radiography of a 6µm diameter of a tungsten wire as well as to image precisely a synchrotron X-ray beam (Fig. 8). The choice of the substrate is less critical contrary to the case of epitaxy techniques. 

(a)

(b)

Figure 8 (a) High resolution of edge, tungsten wire of 6 and 30 µm. (b) Image of a 14ke V X-ray beam of 30 µm diameter. 

3.2.3.  Pulsed Laser Deposition (PLD) 

The PLD technique uses as starting material a pellet of a given composition. A pulsed laser heats the pellet and a plasma plume is extracted and deposited on a substrate. The result can be either a polycrystalline or an epitaxial layer depending on the growth conditions and on the substrate. 

Many simple oxides with very good optical quality for optical application have been grown using this technique [62]. Semi-conductors as GaN [63] 

and more complex oxides such as YAlO3:Nd3+ [64] have also been obtained with good optical quality. As for sol-gel technique, the choice of the substrate is large. For example, deposition of Gd2O3:Eu3+ on amorphous carbon have been performed for Beam Position Monitoring applications. 

The film deposition is possible but for this test the optical quality was poor but optimization is possible [65]. 
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4.  Scintillating thin layers created by irradiation Stable colour centers can be created at the surface of ionic bulk crystals after irradiation by ionizing radiation. Thin luminescent and scintillating layers can therefore be produced. Alkali fluorides like lithium fluoride LiF 

and sodium fluoride NaF are the most appropriate crystals for this purpose>66, 67@. Doping with metallic ions like Li, Cu, Sc, Zn, Sr, is often used because it can make easier the creation of some kinds of defect centers>68@. 

Different kinds of ionizing radiation can be used, leading to various layer thicknesses and concentrations of active centers. Pulsed electron beams with typically E=150 keV and I=700-1000 A/cm2 allow to prepare active layers of few mm thick. He+ ion cyclotron beams with E=3.0 MeV 

and a dose ranging from 1013 to 1016 ions/cm2 lead to layer thickness around few Pm. Irradiation with far UV and soft X-rays (photolithography) creates defects in submicrometric depth. 

The dominant defects created by such irradiations are aggregate defect-colour centers like F2, F+2, F+3, >69-72@. The centers of most interest for applications are F+3 and F2 centers. The former is described as 2 electrons bounded to 3 anion vacancies, and exhibits a green broad emission band around 535 nm and a main absorption band in the blue region (450 nm). 

The latter consist of 2 electron bounded to 2 anion vacancies, with an absorption band in the same region as F+3, but a red emission band near 650 

nm. The relative importance of these centers depends on the characteristics of the radiation beam. 

Scintillating surface structures based on LiF or NaF can find interesting applications. In particular, thin layers of LiF-NaF (doped or not) containing a high concentration of F2 centers (typically 1019-1020 cm-3) are of most interest, because of their efficient red emission in the high sensitivity range of PIN-photodiode and the fast scintillation (short component with a time-constant around 3-8 ns). 

4.1. PLANAR SPECTRUM SHIFTER 

A new radiation detector using a planar spectrum shifter is proposed and described in >73@ (Fig. 9). The blue or green emission of bulk scintillators like Lu2SiO5(LSO) :Ce,  Bi4Ge3O12(BGO), stilben is absorbed by a thin layer containing a high concentration of F2 centers at the surface of a bulk NaF single crystal which emits an efficient red luminescence, and a light guide conducts the light to the PIN-photodiode. 
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Figure 9 Radiation detector using a bulk crystal scintillator and a planar spectrum shifter: 1-bulk scintillator; 2-spectrum shifter; 3-light guide; 4-Pin-photodiode; 5-case; 6-cap. 

4.2.  PLANAR SCINTILLATION SCREENS  

4.2.1.  X-ray Micro-radiography 

A X-ray imaging detector has been developed by the group of G.Baldacchini, Frascati, Roma>74@, based on optically stimulated luminescence of colour centers in LiF. It is well adapted to perform radiographs of small animals, plant materials, single cells. The principle is very simple. Biological samples in contact with the LiF crystal are exposed to X-rays. Colour centers are produced by transmitted X-ray beam. The stored image is then read by just illuminating the radiograph with a blue light, and its visible photoluminescence is observed with an optical microscope. 

4.2.2.  Periodic Patterns 

Periodic patterns based on active colour centers in LiF and NaF have been realized using electron and photon (far UV and soft X-rays) lithographic techniques or ion beams >74-78@. In Fig. 11 is represented the principle for the creation of a scintillation screen at the surface of a LiF or NaF crystal by ion irradiation. 

The ion beam (He+ or N+++ produced by a cyclotron or a Van de Graaf accelerator) pass through a radiation resistant mask fitting closely the crystal. For an ion beam energy of 1 MeV/nucleon, a beam current of 100-1000nA and a beam fluence of 1018 to 2x1019 m-2, the penetration depth is around few Pm. A photography of a piece of NaF scintillation screen is shown as well in Fig. 10 and more sophisticated designs are proposed in 
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order to improve the light output (double layer screen) or to protect from radiation the space between pixels. These luminescent microstructures with micrometer spatial resolution are of most interest for photonic, optoelectronic and imaging applications. 

Figure 10 Planar scintillation screens: periodic coloured patterns. 

5. Conclusions 

This paper showed the interest of unusual shaped scintillating materials, namely fibers and thin layers. For the fibers, different growth techniques have been presented. Among them, micro-pulling down and EFG are comparable. Nevertheless, it seems that more composition have been pulled using micro pulling down technique, while multi-run process is already available for YAG with EFG. ICM is promising as well for thinner fibers and structured bundle of fibers. Concerning thin films on substrate, it appears that the 2 major techniques of elaboration (LPE and sol-gel) for scintillation application are complementary. LPE allows the growth of films with thickness ranging from 1 to 30µm on crystal substrates while the sol-gel coating technique is powerful for thickness between 0.05 to 1 µm on a large variety of substrate. In both cases, the optical quality can be very high. 

Thin layers of colour centers created at the surface of fluorides crystals by ionising radiation give rise to intense and short-lived scintillation. Their interest for high resolution X-ray imaging and to carry out scintillation screens has been demonstrated. 
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MAREK MOSZYēSKI*

 Soltan Institute for Nuclear Studies, PL 05-400

 Otwock-ĝwierk, Poland 

Abstract.  The application of scintillation detectors in nuclear medicine utilizing gamma spectrometry methods, as PET and SPECT detectors, and gamma cameras, requires a high energy resolution of the detectors. The limitations of energy resolution are discussed with a special emphasis on non-proportional response of scintillators to gamma rays and electrons, which is of crucial importance to an intrinsic resolution of the crystals. An importance of the scattering of secondary electrons (G-rays) on intrinsic resolution is pointed out. Examples of the study carried out with different crystals and particularly those used in nuclear medicine are presented. 

Keywords: Scintillators; energy resolution; intrinsic resolution; non-proportionality of light yield 

1. Introduction 

Scintillators belong to the most important radiation detectors in nuclear medicine. This is because of high detection efficiency for nuclear radiation, capability to measure energy spectra, the possibility to work with a very high counting rate up to 107 counts/s and achievable best time resolution in coincidence measurements. Capability to detect J and X-rays, the great variety in size and constitution of scintillators make them as the best choice in different applications1. 
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For the nuclear medicine methods utilizing J-ray spectrometry the following properties of scintillation materials are essential2: x A high density of the material and a high atomic number of the major element assuring high detection efficiency of J-rays and a high photofraction, 

x A high light output responsible for the high statistical accuracy of delivered signal, 

x A fast decay time of the light pulse reflecting decay time of fluorescence components of the crystal, and allowing for a high counting rate measurements. 

x A low contribution of the scintillator to the measured energy resolution associated mainly with its non-proportionality characteristics. 

Three first properties are straightforward, as they are described by basic properties of scintillator. Energy resolution achievable with different crystals is the most mysterious. It is a function of the light output but it is also affected by internal properties of scintillator and a quality of the photodetector. 

A good energy resolution is of the great importance for PET and SPECT 

detectors, as well as for gamma cameras, reducing a contribution of the background introduced by Compton scattered events under the full energy peaks. Thus, the limitations of energy resolution of scintillation detectors are discussed below with a special emphasis on non-proportionality response of scintillators to gamma rays and electrons, as it is of crucial importance to an intrinsic energy resolution of the crystals. An importance of the scattering of secondary electrons (G-rays) on intrinsic resolution is pointed out. Examples of the study carried out with different crystals, particularly those used in nuclear medicine are presented. The study of undoped NaI and CsI at liquid nitrogen temperature with the light readout by avalanche photodiodes suggests strongly that the non-proportionality of a many crystals are not their intrinsic property and may be improved by a selective co-doping. 

2.  Outline of the problem 

The detection process of J-rays in a scintillation detector can be described by a chain of subsequent processes, which introduce uncertainty in the measured energy as a result of J-rays absorbed in the detector. These processes can be identified as: 1) J-ray absorption and light generation in the crystal, 2) 

light collection at the photocathode, 3) 

photoelectron 
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production at the photocathode, 4) photoelectron collection at the first dynode and 5) multiplication by the PMT dynodes2,3. 

The energy resolution, 'E/E, of the full energy peak measured with a scintillator coupled to a photomultiplier can be written as: ('E/E)2 = (Gsc)2 + (Gp)2 + (Gst)2  

(1) 

where Gsc is the intrinsic resolution of the crystal, Gp is the transfer resolution and Gst is the PMT contribution to the resolution. 

The statistical uncertainty of the signal from the PMT, corresponding to processes 3 – 5, can be described, as: 

Gst = 2.35 u 1/N1/2 u (1 + H)1/2

(2) 

where N is the number of photoelectrons and H is the variance of the electron multiplier gain, typically 0.1-0.2 for modern PMTs 4. 

The PMT contribution can be determined experimentally based on the measured number of photoelectrons and it depends on the light output of the crystal being studied, quantum efficiency of the photocathode and efficiency of photoelectron collection at the first dynode. 

The transfer component (processes 2 – 3) is described by the variance associated with the probability that a photon from the scintillator results in the arrival of photoelectron at the first dynode and then is fully multiplied by the PMT. The transfer component depends on the quality of the optical coupling of the crystal and PMT, homogeneity of the quantum efficiency of the photocathode and efficiency of photoelectron collection at the first dynode. In the modern scintillation detectors the transfer component is negligible compared to the other components of the energy resolution5. 

The intrinsic resolution of the crystal (process 1) is connected mainly with the non-proportional response of the scintillator4-25. However, the experimentally determined intrinsic resolution is affected also by many effects such as inhomogeneities in the scintillator causing local variations in the light output and non-uniform reflectivity of the reflecting cover of the crystal. To discuss influence of the non-proportionality, one has to consider process of J-ray absorption in the crystal. 

A full-energy peak after gamma energy absorption results from electrons produced in the photoelectric absorption followed by emission and subsequent absorption of a cascade of X-rays and Auger electrons, and electrons generated by Compton scattering and terminated by photoelectric absorption. In the end the amount of light produced corresponding to the full energy deposition in the crystal of J-quanta consists of contributions due to numerous secondary electrons that have a variety of energies. In the low energy region and in small volume crystals, photoelectric absorption dominates and the spread in the amount of light is due to different 
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contributions from the X-ray and Auger electron cascade. At high energies, mainly in large volume crystals, Compton scattering is mainly responsible for secondary electrons of different energies. 

Another source of spread in the total light produced occurs when a given electron does not lose its energy in a unique manner in the crystal but produces further energetic electrons, known as G-rays. In the low energy region, numerous low energy electrons, typically with energy below 10 

keV7 will affect energy resolution. In the high energy region scattered electrons have a higher energy and may more significantly influence the spread in the total light produced. 

All of the above effects were considered in different Monte Carlo simulations carried out in a number of papers8-10,18. Recently, Valentine et al18 calculated the contribution from the J-ray detection process (the cascade sequence, as well as Compton and photoelectric interactions) to the energy resolution in NaI(Tl) and LSO based on the measured nonproportionality curve for electrons. Contribution of G-rays was not included in this calculation. Earlier calculations done in8-10 showed a relatively small effect, at least for energies above 500 keV. The results from determining the intrinsic resolution reported in23 for a small NaI(Tl) crystal suggested, however, that a scattering of fast electrons, produced by J-rays on orbital electrons of atoms, similar to that of Compton scattering introduces a significant deterioration of energy resolution. 

3.  Study of energy resolution and non-proportionality One primary motivation and goal for a development of new scintillators is identifying a scintillator with energy resolution superior to NaI(Tl). 

Consequently, it is important to understand the origins and relative contributions of the different energy resolution components. The studies were started already in fifties and a large number of papers were published to the end of sixties years discussing various aspects of the measured energy resolution, particularly for NaI(Tl) crystals7-10,26-28. The statistical contribution related to the light output and the photocathode sensitivity, influence of inhomogeneities of the light collected from various parts of the crystal and that of the variation of the photocathode quantum efficiency were discussed. But the major attention was paid to the influence of the non-proportional response of NaI(Tl). Consequently, it was concluded that the intrinsic resolution is due to three effects associated with light nonproportionality: the cascade of secondary X-rays and Auger electrons following photoelectron absorption, full energy absorption following multiple Compton scattering and the effect of formation of G-rays (i.e. low energy secondary electrons produced in the stopping process of electrons in 
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the crystals). Prescott and Narayan9-10 verified these mechanisms as the source of the intrinsic resolution. 

Growing interest in the development of new scintillating detectors in the last decade has prompted efforts focused on developing a better understanding of the limitation of achievable energy resolution. Numerous studies have characterized the non-proportional response of new Ce-doped scintillators 4,11-23. It shows in general, a reduced light output at low energies. Dorenbos et al.4,11-12 have discussed the effect of scintillator nonproportionality on the measured energy resolution in the light of new experimental data. MoszyĔski group 5,19-25 have studied the nonproportionality and intrinsic resolution of numerous crystals using photomultipliers and avalanche photodiodes [APD]. 

Development of the Compton Coincidence Technique by Valentine and Rooney allowed a more accurate characterization of the electron response for a number of scintillators13-18,24. For the first time the true response for electrons was measured using a method not affected by the surface effects in scintillators. It confirms finally the non-proportional response of scintillators questioned by different experimenters29. Figure 1 presents a block scheme of the experimental arrangement. The tested scintillator is illuminated by a collimated beam of J-rays. The response of the scintillator to Compton electrons is recorded in coincidence with the Compton scattered quanta detected by high purity Ge-detector (HPGe) at given angle defined by the next collimator. 

Figure 1 Block diagram of the Compton Coincidence Technique, following14. 

The Compton electrons within the primary detector approximate a monoenergetic internal electron source and can be used to characterize the non-proportional behavior of scintillator light yield as a function of electron energy by using variable angle of the HPGe. Figure 2 presents electron 
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response of alkali halide crystals compared to that measured with non-alkali halides14. Instead of the light yield excess at low energies observed with alkali halide crystals a large reduction of the light yield was found in the second group of crystals. Only YAP is exceptional in that respect exhibiting nearly proportional response of the light yield. 
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Figure 2 The relative scintillation response per unit energy deposited for fast electrons plotted as a function of energy for alkali halides (left figure) and non-alkali halides (right figure) crystals. The curves are normalized to unity at 445 keV. Note an excellent proportionality of YAP crystal. (Courtesy of Mengesha et al.17). 
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Kapusta et al.19 have shown that so proportional response of YAP 

results in a very good energy resolution of 4.38r0.11% for 662 keV J-rays and also in the lowest observed intrinsic resolution of 1.3r0.5%, see Fig. 3. 

This was an important experimental fact showing clearly that the intrinsic resolution of scintillators is strongly correlated with the non-proportional response. It confirmed also a very small contribution of the transfer resolution component, included, in fact, to the determined intrinsic resolution of YAP crystal. 

Figure 3 Energy spectrum of 661.6 keV J-rays from a 137Cs source measured with the YAP 

crystal, following19. 

However, a Monte Carlo simulation of a contribution of the nonproportionality component to the intrinsic resolution, originating from the stopping process of J-rays in NaI(Tl) and LSO crystals, done by Vallentine et al18, could not explain the experimentally determined intrinsic resolution. 

It suggested that a contribution of a secondary electrons (G-rays) to the intrinsic resolution is more important than estimated previously. Indeed, in the most recent papers5,24-25, the importance of secondary electron scattering in J-ray detection process on intrinsic resolution was pointed out. 

In Ref.5, the light output for �10 mm x 10 mm and �75 mm x 75 mm NaI(Tl) crystals and energy resolution were measured for J-ray energies ranging from 16 keV to 1333 keV. These measurements enabled the observation of the light yield non-proportionality behavior and allowed the determination of the intrinsic resolution after correcting for the measured resolution for photomultiplier tube (PMT) statistics. The intrinsic resolution was then compared with the non-proportionality component calculated according to model of Ref.37. This comparison allowed the identification of 
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the intrinsic resolution component associated with G-rays. Consequently, it was shown that the G-ray component is the most dominant component of the NaI(Tl) intrinsic resolution. 

Figure 4 presents a comparison of the intrinsic energy resolution for the NaI(Tl) crystals studied, expressed in the relative standard deviation, with those calculated for the same size of crystals, based on the model of Ref.18. 

Worthwhile noting is unexpected agreement of the experimental curves for both crystals, particularly at energies above 100 keV. Crystal volumes differ by a factor of 400 and thus the contribution of multiple Compton scattering is more significant in the larger crystal. 

Figure 4 A comparison of the measured and calculated intrinsic resolution, following5. 

Figure 5 A common presentation of the geometric difference for both the crystals. It is interpreted as that created by G-rays, following5. 
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To better understand the observed difference between the experimental and calculated curves, the geometric difference (Ve) between measured (Vsc) and calculated (Vcal) intrinsic resolutions was calculated and it is presented in Figure 5 for both the crystals together. Excellent agreement is observed. 

All the data seem to represent a common curve within the experimental errors. For the small crystal, at 661.6 keV, Ve of 2.2r0.15% represents the largest contribution to the measured energy resolution. Assuming a Gaussian shape this Ve value corresponds to a FWHM of 5.2r0.35%, while a measured intrinsic resolution of 5.8r0.24% was found in the same experiment. This component is interpreted in57 as that created by G-rays. 

In Ref.25, measurements carried out with small BGO crystals (�9x5mm2) at LN2 temperatures showed escape peaks distinct from photopeaks due to a good energy resolution of BGO and the energy of bismuth KX-rays of about 76 keV. Thus, a new idea, which appeared, was to analyze the escape peaks jointly with the full-energy peaks and compare their light outputs and energy resolutions. The escape peaks in small volume crystals are mainly created by electrons produced in the photoelectric absorption. Since KX-rays escaping crystal are not reabsorbed, the contributions coming from X-rays and Auger electrons are reduced to those filling the vacancy in the L-shell. Their total energy corresponds only to that of the L-shell energy (about 13-15 keV in Bismuth). Thus the expected variation of the light amount is small in comparison to that of the escape peaks of interest. A determination of intrinsic resolution of the escape peaks and comparison with that of the full energy peak would allow for the discussing of the contributions introduced by different interaction of Ȗ-rays in stopping process. It will allow observing better a contribution of į-rays, that according to5,7 affects the energy resolution. 

Figures 6 and 7 present the examples of the escape peaks analysis of 320.1 keV Ȗ-rays from a 51Cr source and 411 keV Ȗ-rays from a 198Au source, respectively25. The light yield and energy resolution of the main component of the escape peaks fit very well to those of the full energy peaks. Finally, the analysis of the energy resolution of the escape peaks in the energy range of 122 keV to 835 keV showed the good agreement between the intrinsic resolutions evaluated from the escape peaks in relation to the full energy peaks. This infers that the X-ray cascade, generated in the stopping process of Ȗ-rays in scintillator, weakly affects the measured intrinsic resolution. This study seems to confirm finally that the scattering of electrons (G-rays) is the most dominant component of the intrinsic resolution, as was concluded in a previous study5. 

All the studies presented above seem to confirm that the intrinsic resolution of scintillators originating from the non-proportional response of 
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the crystals is the fundamental limitation of obtainable energy resolution. It acts due to the stopping process of Ȗ-rays and due to the scattering of electrons (G-rays). But what is origin of the non-proportionality? 

Figure 6 The energy spectrum of 320 keV Ȗ-rays from a 51Cr source. In the insert the fitting result of the escape peak is shown, following25. 

Figure 7 The energy spectra of 411 keV Ȗ-rays from a 198Au source. In the inserts the fitting result of the escape peaks is shown, following25. 

According to Murray and Meyer28, the non-proportional response of the crystal to electrons was attributed to the fact that the probability of formation of an electron hole pair depends on the specific energy loss, dE/dX, of the incident particle in the scintillator. The study carried out by 
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Balcerzyk et al20-21 showed that the non-proportionality and the intrinsic resolution seem to depend on a structure of the crystals. Measurements carried out with LSO, GSO and YSO showed similar non-proportionality. 

The study of electron response of NaI(Tl), CsI(Tl) and CsI(Na) done by Mengesha et al17 leads to the same conclusion, the curves are similar in shape but different in magnitude (see Fig. 2). P.A. Rodnyi in his recent 

„

book  Physical processes in inorganic scintillators” has concluded that: 

„ The non-proportionality of scintillator response is an intrinsic property of the (host) crystal and therefore cannot be improved substantially”30. 

The study of the non-proportionality and intrinsic resolution of undoped oxide crystals as BGO, CWO and CaWO4, carried out at both room and LN2 temperatures, seems to confirm that in all cases the non-proportionality is a fundamental characteristic of undoped scintillator materials25,31-32. 

Figures 8 and 9 present the non-proportionality and intrinsic resolution characteristics of a small BGO crystal measured at both room and LN2

temperatures. Note that the points corresponding to the escape peaks fit well to both curves. 

Figure 8 The non-proportionality characteristics of BGO crystals determined at both room and LN2 temperatures. The points corresponding to the escape peaks, represented by the triangles, fit well within the curve, following25. 

Worthwhile noting is common curves in Figs. 8 and 9 at both temperatures. This is particularly significant for the intrinsic resolution since the measured energy resolution of BGO in the whole range of the energies is about 40% better at LN2 than room temperature25. 
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Figure 9 Intrinsic resolution of BGO crystal at room and LN2 temperatures. The points corresponding to the escape peaks, represented by the triangles, fit well within the curve, following25. 

In contrast, the recent studies of undoped NaI and CsI crystals at LN2

temperature, using light readout by avalanche photodiodes, showed different non-proportionality curves for various tested samples, correlated with their purity33-36. 

The studied crystals have exhibited a high light output, above 120000 

ph/MeV in the case of CsI36 and an excellent energy resolution close to 4% 

for the best crystal of NaI34. 

Figures 10 and 11 present non-proportionality curves of different samples of undoped NaI and CsI crystals, as measured at LN2 temperature, in comparison to those of NaI(Tl) and CsI(Tl) crystals at room temperature35-36. It is worth to note various curves for the different samples of the crystals and the fact that the flat distributions of non-proportionality curves measured for NaI and CsI crystals (A) and (B), below 50 keV, indicate an absence of the characteristic dip associated with the K 

absorption edge of iodine at 33.2 keV, clearly pronounced on NaI(Tl), CsI(Tl) and NaI crystal C curves. 

Figure 12 shows emission spectra measured with the respective NaI samples35. The spectra were not corrected for the instrumental response of the monochromator and PMT. Note, an almost clean component at 310 nm in the spectrum of NaI (A), which is characteristic for pure NaI. However, other samples showed strong satellite bands at 380 nm (sample B) and 410 

nm (sample C). The 410 nm band observed in the spectrum of the sample (C) seems to suggest a significant admixture of Thallium. 





ENERGY RESOLUTION OF SCINTILLATION DETECTORS

305

Figure 10 The non-proportionality curves of studied NaI crystals at LN2 temperature in comparison to the curve measured for NaI(Tl) coupled to the XP2020Q photomultiplier, following35. 

Figure 11 The non-proportionality curves of studied CsI crystals at LN2 temperature in comparison to the curve measured for CsI(Tl) coupled to the XP2020Q photomultiplier at room temperature, following36. 

The study of different samples of NaI showed that their properties seem to be correlated with the purity of the crystals. This is clearly seen in the performance of crystal (C), affected by a significant admixture of Thallium and showing strong satellite band at about 410 nm wavelength in emission spectrum. The crystal C non-proportionality curve and intrinsic resolution versus energy are comparable to those of NaI(Tl). 
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Figure 12 Emission spectra of tested samples of pure NaI crystal, as measured at room temperature, following35. 

In contrast, the crystals (A) and (B) exhibited a good proportionality of the light yield and a very good energy resolution due to their high purity reflected in the emission spectra. The highest light output of the NaI (B) suggests that it represents the best pure NaI scintillator of tested samples. 

The observed correlations of non-proportionality with the emission spectra of the NaI and those in the study of pure CsI suggest that the nonproportionality of the scintillation response of halide crystals is not only their intrinsic property. 

It suggests the question, is it possible to modify halide crystals, such as NaI(Tl) or CsI(Tl), to obtain better non-proportionality and consequently, a better energy resolution? 

Interesting results were obtained in Ref.37, in experiments performed on LSO crystals at room and LN2 temperatures. It suggests for potential correlation of the light yield non-proportionality and other scintillation properties such as intrinsic resolution with thermoluminescence properties. 

Different non-proportionality and intrinsic resolution curves were observed for different samples of LSO crystals, exhibiting various contributions of defects, see Figs. 13 and 14. 
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Figure 13 The non-proportionality characteristics of LSO:Ce crystals determined at RT 

(upper panel) and LN2 (lower panel) temperature, following37. 

Figure 14 Intrinsic resolution of LSO:Ce crystals at room (upper panel) and LN2

temperatures (lower panel), following37. 

The best LSO-H sample showed a high light output of 39500r600

ph/MeV at LN2 temperature and 32000r600 ph/MeV at room temperature. 

Its energy resolution of 7.5r0.3% for 662 keV J-rays from a 137Cs source was the best at LN2 temperature. The study of non-proportionality and 
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intrinsic resolution for this sample as a function of gamma-ray energy exhibited common curves not dependent on temperature. However, the large intrinsic resolution of LSO in comparison with other crystals, suggested that this part of energy resolution is affected by more factors than non-proportionality alone. 

The recent study of LuAP scintillator38, another important crystal for PET detectors, showed its good energy resolution. Figure 15 shows the energy spectrum of 662 keV Ȗ-rays from a 137Cs source as measured with the 2 mm×2 mm×10 mm LuAP:Ce crystal delivered by Photonic Materials (PM). Note a high energy resolution of 6.8% observed with the most recent PM crystal. The highest light yield of 2840±140 phe/MeV was determined with the XP2020Q PMT for the 2 mm× 2 mm× 10 mm PM sample, which corresponds to 11800±1000 ph/MeV. The light yield of this sample is the same as that measured for the first LuAP crystal of Litton Airtron39. 

LuAP:Ce Photonic Materials crystal B
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Figure 15 Energy spectrum of 137Cs source detected by 2 mm×2 mm×10 mm LuAP:Ce crystal of PM, following38. 

The high energy resolution of studied LuAP crystal is confirmed by a good non-proportionality characteristic and a corresponding excellent intrinsic resolution, approaching that of YAP crystal19, see Figs. 16 and 17. 

LuAP and YAP crystals exhibit the same monocrystal structure. 
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Figure 16 Non-proportionality of LuAP:Ce: diamonds and triangles –samples of Photonic Material crystals A and B of 2 mm×2 mm×10 mm, squares – Litton Airtron sample 1 mm thick of 1993, following38. 
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Figure 17 Energy resolution of LuAP:Ce 2x2x10 mm pixel of crystal B PM. Diamonds - 

FWHM, triangles – statistical term, squares – intrinsic resolution, following38. 

Recently invented LaCl 40

41

3

and LaBr3  scintillators, characterizing by a 

high energy resolution, are of the great importance not only for gamma spectrometry, but also for the various applications in nuclear medicine. 

Very high energy resolution of 4.2% and of about 3% for 662 keV gamma rays from a 137Cs source, as measured with commercially available LaCl3

and LaBr3 crystals, respectively, is superior over all scintillation detectors. 

This is particularly important for SPECT and gamma cameras. The high energy resolution of LaBr3 was pointed out also in the first study of PET 
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detectors for time-of-flight PET42. Figure 18 presents the energy spectrum of gamma rays from a 22Na source measured with the 25 mm x 25 mm cylindrical LaBr3 crystal. Note the excellent energy resolution of 3.65% for 511 keV peak, superior over all scintillators. 

Figure 18 The energy spectrum of gamma rays from a 22Na source measured with the LaBr3

crystal. 

The high energy resolution of LaCl3 and LaBr3 crystals is confirmed by good non-proportionality characteristics and corresponding excellent intrinsic resolutions of both crystals43-44. Figsure 19 and 20 show the comparison of the non-proportionality characteristics of LaCl3 and LaBr3

with that of NaI(Tl) crystal. 
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Figure 19 Non-proportionality of the light yield of LaCl3 and NaI(Tl). The curve error is 3%, following43. 
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Figure 20 Non-proportionality of the light yield of LaBr3 and NaI(Tl). 

Figure 21 A comparison of the intrinsic resolution of LaBr3 and NaI(Tl) crystals. 
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Figure 21 presents a comparison of the intrinsic resolution of LaBr3 and NaI(Tl). The very good proportionality of the light yield of LaBr3 down to 20 keV resulted in the excellent intrinsic resolution above 120 keV. 

However, below 120 keV, energy resolution and especially intrinsic energy resolution is worse then that for NaI(Tl). It could be associated with a proportionality drop at low energies below 20 keV, seen in Fig. 20. Thus, probably it is responsible for a large deterioration of intrinsic resolution at low energies. Low energy X-rays, Auger electrons and numerous secondary electrons (G-rays) contribute to create full energy peak. 

4.  Discussion and conclusions 

In spite of large efforts done by many groups, the non-proportionality of the light yield and the intrinsic resolution of the scintillation crystals remain far from being completely understood. The collected numerous observations concerning non-proportionality and intrinsic resolution of scintillators can be summarized, as follow: 

x The non-proportionality is the fundamental limitation of energy resolution. It acts by numerous secondary J and X-ray quanta, as well as, by a scattering of secondary electrons (G-rays) in the stopping process of J-rays in the crystal. The last process seems to be dominating in creation of the intrinsic resolution. 

x It is confirmed by a high energy resolution of YAP, LaCl3 and LaBr3, which show a good proportionality of the light output in a large range of gamma rays energy. 

x The non-proportionality of the undoped oxide crystals as BGO, CWO 

and CaWO4 seems to be a fundamental characteristic of scintillator material. 

x In the case of doped crystals, as halide crystals and Ce doped crystals, the non-proportionality may be influenced by both the host crystal properties and the doping agents 

x Study of pure undoped halide crystals, as NaI and CsI, suggests that their non-proportionality and intrinsic resolution characteristics are altered by accidental doping by impurities. 

x The last observation suggests that a selective co-doping of crystals may improve the non-proportionality and the intrinsic resolution. 

Dorenbos45 proposed recently to analyze non-proportionality in terms of two processes. The first one is related to the non-proportionality of the host material, while the second process is associated with the transport of the energy to the activator. Both processes are in fact correlated with the ionization density, as it was postulated by Murray and Meyer28. 
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This approach seems to be confirmed by the recent experimental studies. The non-proportionality of the undoped oxide crystals, as BGO25

and CWO31, represents the fundamental properties of the scintillator materials. In the case of doped crystals, one observes variation of the nonproportionality characteristics depending on doping agents, particularly for halide crystals35-36. Moreover, the pure, undoped halide crystals, as NaI35

and CsI36, are very sensitive to the impurities, which affect the nonproportionality curves35-36. It suggests that a selective co-doping of scintillators may improve the non-proportionality and their energy resolution36. No doubt that further studies are necessary. 
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