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Abstract 

In double-photon emission tomography (DPET), electronic readout plays an 

influential role in the detection efficiency as well as time resolution. Particularly in 

positron emission tomography (PET), due to the large number of detectors, a fast and 

efficient readout scheme is mandatory in order to reduce the number of cables while 

maintaining the detection efficiency and avoiding distortion in localizing the detection 

position. This will be of more importance for high-resolution PET imaging where finer 

detector pitch is used. Meanwhile, a predominant challenge in high-resolution PET 

imaging is resolving parallax error for which several depth-of-interaction (DOI) 

identification methods are proposed. Among all, dual-ended individual readout with 

pixelated arrays has been proved to be capable of good DOI performance. 

The goal of this research is to develop an effective readout system for a 1.36-mm 

detector-pitch animal PET for sub-millimeter-resolution imaging. 1.2 × 1.2 × 20 mm3 

Ce:GAGG crystal will be used in a modular configuration with individual coupling and 

dual-ended readout for DOI identification to remove parallax error. Dual-ended readout 

scheme for DOI accentuates the need for fast and efficient electronic readout that avoids 

loss or overlap of data. To provide such a system, a fully digital readout scheme based on 

the time-over-threshold (ToT) method was designed and assembled. In the first step, this 
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system was designed based on the conventional ToT method and tested for a 2-mm PET 

system in order to be evaluated in comparison with previous results. A 1-mm spatial 

resolution was achieved for this animal PET scanner with acceptable energy and time 

resolution. The proposed method has no positioning distortion and could be applied to a 

1.36-mm detector-pitch system once the crystal arrays are prepared. 

Since the dual-ended method is based on the contrast between the energy of the output 

signals, unlike the 2-mm system, energy preservation capability of the readout method is 

important. The conventional ToT method does not show a good energy response and it 

should be modified to be applied to the DOI-PET system. A modified ToT approach is the 

dynamic ToT method that has a linear response over a wide range of energies. This was 

tested for a collimator-based double photon emission computed tomography (DPECT). 

The system showed an excellent energy response in a way that even X-ray emission of 

the 111In source was extracted. 
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1. INTRODUCTION 

Gamma-ray imaging is a very common tool in nuclear medicine, and it has been 

developed in various methods that all can be categorized into two general methodologies; 

single-photon emission measurement, and double-photon emission (coincidence) 

measurement. Gamma camera (Anger camera) and single-photon emission computed 

tomography (SPECT) are examples of the first method where a variety of techniques 

including coded aperture masks [1] and parallel-hole collimators [2] are introduced. On 

the other hand, double-photon emission measurement is the principle of positron emission 

tomography (PET) which is widely used in nuclear medicine. It shows a very high 

sensitivity compared with SPECT since in SPECT a large portion of radiated photons is 

rejected by the collimator. In addition, PET also shows a very high signal-to-background 

ratio (SBR) since the detection system relies on a coincidence signal where two detectors 

identify the event. The coincidence signal can highly restrict the target event when the 

system has a very short time window for the coincidence. As a result, a high SBR is 

realized. The coincidence detection technique can be also applied to nuclides which emit 

two γ photons in a very short time [3]. This is the basic idea of double photon emission 

computed tomography (DPECT) [4]. In this work, both PET and DPECT are categorized 

as double photon emission tomography (DPET). 
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1.1. Background 

In DPET imaging, and more particularly in PET, electronic readout plays a significant 

role in the whole performance of the system including spatial resolution. The optimum 

spatial resolution can be achieved by using pixelated crystal arrays coupled individually 

to a photomultiplier tube (PMT) with independent electronic readout [5–7]. In recent 

advancements in detector design, detector pitch has been narrowed down to 0.5 mm [8, 

9]. This means, within the same size of the gantry, the number of channels has greatly 

increased due to the finer detector pitch. 

Even though spatial resolution can be improved by using detectors with finer pitch, it 

remains non-uniform due to parallax error which will be explained in detail in Chapter 5. 

Parallax error becomes more severe for systems with finer pitch and it must be cured if 

sub-millimeter imaging is the purpose. Several methods including dual-ended readout, 

use of multilayer crystals, 3D pixelated array of crystals, and use of monolithic block 

crystal with pixelated photosensors have been introduced to remove or reduce parallax 

error. Among all, dual-ended readout with pixelated crystals has gained attention in recent 

years [8–14]. A thorough study on dual-ended method was done in this research to make 

a right choice of crystal preparation for a sub-mm-resolution digital animal PET. Even 

though the results of this work show outstanding depth of interaction resolution, applying 

dual-ended method doubles the number of output channels. Consequently, in order to 

have an individual readout for each channel, a large number of cables and data acquisition 

ports are needed to transfer and record the signals.  

In conventional PET systems, all channels of a PMT array are connected through a 

charge-division resistive network for multiplexing [15–19] in order to reduce the number 

of output cables. However, this analog method is associated with position distortion [15] 
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when recorded signals are demultiplexed even though some algorithms are proposed to 

reduce this distortion [20, 21]. Another disadvantage is that this resistive network 

increases the time constant of the output signals which leads to data overlap and lower 

detection efficiency [16, 18]. These drawbacks altogether result in a non-zero factor that 

degrades spatial resolution in the case of electronic encoding [5–7]. 

Another part of the electronic readout system is the analog-to-digital conversion 

(ADC) unit. In conventional ADC methods, the signal is digitized based on its amplitude. 

Depending on how many levels, the output is a number of bits (typically 12 bits) [22, 23] 

each of which needs a separate cable to be transferred. This again increases the number 

of cables and ports which is not desirable. Recently, the time-over-threshold (ToT) 

method has been investigated and applied to PET systems since it has a very simple 

concept and thus a compact electronic design [24–29]. ToT combines both ADC for 

energy measurement and time-to-digital conversion (TDC) for time resolution which is 

essential in time-of-flight (TOF) PET systems [30]. ToT method has undergone novel 

advancements to improve energy resolution and timing resolution in the past decade [30–

35]; nonetheless, the basic idea is to record the duration of the signal when its absolute 

current or voltage is larger than a predefined threshold value. Since the digital output has 

binary amplitude – 0 for when there is no signal and 1 for when the signal is over the 

threshold – only one-bit signal and thereby one cable or connection is required. This, 

together with the compact architecture design of front-end application-specific integrated 

circuit (ASIC) boards, enables individual channel readout and digital multiplexing 

without increasing the number of cables and ports. The great advantage of this method is 

that multiplexing can be carried out digitally after ADC, which is completely distortion-

free. In addition, since there is no resistive network anymore, there is no excessive time 
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constant in the output signal, which prevents data overlap and preserves detection 

efficiency. 

In PET, energy resolution is not really a concern since only 511-keV gamma photons 

are emitted. However, in DPECT, nuclides emit different photon energies. For instance, 

111In emits a pair of 171 keV and 245 keV within 85 ns secondary emission half-life. In 

this case, energy resolution is of a great importance. Normal ToT method does not provide 

linear energy response and thereby it degrades the energy resolution of the system. 

Therefore, another scheme must be considered. Dynamic ToT method [31] has more 

linearity over a wide range of energies. Thereby, it was used in collimator-based digital 

DPECT development. 

1.2. Objective of Research 

The purpose of this study is to develop a ToT-based full digital readout system for a 

high-resolution small animal PET system. As discussed before, for sub-millimeter spatial 

resolution, detector pitch must be reduced which results in an increased number of 

channels. In the first stage, a 2-mm detector-pitch animal PET scanner was developed 

with 8 modules of 12 × 12 array in a ring of 70mm diameter, with a total of 1152 channels, 

and performance of the readout system was evaluated. In the next system development, 

the detector pitch is 1.36 mm. To assemble a system with the same dimensions as of the 

1.98-mm system, the number of detectors will be almost twice. The multiplexing 

distortion is more severe for detectors with smaller pitch if conventional method is used. 

In addition, since the pitch is smaller, parallax error increases. Dual-ended readout is the 

most effective approach to remove parallax error. However, applying this method doubles 

the number of output channels. In a nutshell, the next generation consists of 8 dual-ended 
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modules of 16 × 16 array, giving a total of 4096 output channels (~ 4 times the number 

of outputs in 1.98mm system). Therefore, the ToT-based digital readout system is more 

essential to process this large number of channels. 

On the other hand, normal ToT method does not conserve the energy resolution of 

detectors that is quite important in the case of dual-ended readout for DOI estimation. 

Therefore, dynamic ToT method should be considered for future system developments. 

As a part of this study, a prototype of DPECT with a focused collimator was developed 

and tested with a dynamic ToT method. In DPECT, the energy resolution is of great 

importance since photons with different energies are emitted. Th dynamic ToT method 

provides a more linear energy response and preserves the energy resolution of the detector 

[31], which makes it the right choice for the DPECT system. 

1.3. Summary of Results 

A 1.98-mm system with a normal ToT method was assembled, and the system 

performance was evaluated. 1mm spatial resolution was achieved in the center of the 

ring, which conforms to the theoretical value. 

The DPECT system with a dynamic ToT readout provides very good energy resolution. 

However, further optimization of the collimator as well as increasing the number of 

detector modules is necessary to increase the coincidence count rate and achieve better 

images. 

1.4. Outline of Thesis 

In Chapter 2, the basic physics of radiation is introduced as a reference, and an 

overview of gamma imaging modalities in medicine is provided. In Chapter 3, basic 
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principle of PET imaging, detectors, and data processing is presented. Chapter 4 presents 

system development and evaluation of full digital readout method for 2-mm-pitch PET 

system. The influence of readout system on the spatial resolution of PET is discussed first, 

with the disadvantages and issues in conventional readout systems. It is explained that 

how ToT method could resolve those issues and facilitate the full-digital individual 

readout scheme. In Chapter 5, it is explained why parallax error is more severe and thus 

DOI identification is more essential for 1.36-mm-pitch system and common DOI 

identification approaches are presented. Chapter 6 describes the new DPET concept. At 

last, Chapter 7 summarizes the whole research with a conclusion and future direction for 

further advancement in the field. 

 

 

 

 



 

2. BASIC PHYSICS OF RADIATION 

2.1. Ionizing Radiation 

Radiation can be categorized into electromagnetic radiation – including light, 

radiofrequency waves used in telecommunications, x-rays, and γ-rays – and particle 

radiation including α, β–, β+ and neutron radiation. These can be also categorized into 

ionizing and non-ionizing radiation. Ionizing radiation refers to radiation with energy 

high enough to remove electrons from atoms and ionize the matter [36]. This only occurs 

in the cases of high-energy electromagnetic waves; i.e. x-rays and γ-rays, and particle 

radiation (in the case of neutron radiation, ionization is indirect and is the subsequent 

process of radiation, for example, due to emission of γ photons). Another classification is 

charged and uncharged radiation [37]. α, β–, and β+ are charged radiation, and 

electromagnetic waves (including x and γ) and neutron rays are uncharged radiation. 

2.2. Radioactive Decay 

Some nuclei are unstable due to existing of excessive neutrons or protons. Such nuclei 

are disintegrated into more stable ones by emitting particles or high energy photons. This 

process is called radioactive decay which is a random process [36–40]. Activity for a 

radionuclide sample is defined as the rate of decay: 
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𝐴 ≡ − !"
!#
= λ𝑁       (2.1) 

Where N is the number of atoms in the sample at time t, and λ is the decay constant. 

Considering 𝑁$  atoms in the sample at 𝑡 = 0, activity at 𝑡 = 0 is 𝐴$ = λ𝑁$ , and 

activity at any time can be given by: 

 𝐴(𝑡) = 𝐴$𝑒%&#       (2.2) 

A common parameter to describe radioactivity is half-life defined as the time when the 

activity is reduced to half of the initial activity. It can be obtained from (2.2): 

 𝑡' (⁄ = *+(
&

       (2.3) 

In medical applications, since radiopharmaceuticals are naturally excreted from the 

body through biological processes [38], a biological decay constant λb with half-life Tb is 

also considered. In this case, effective decay constant λe and effective half-life Te are 

calculated as follows: 

 λ, = λ- + λ.       (2.4) 

 𝑇, =
/!×/"
/!1/"

       (2.5) 

where index “p” denotes physical decay of radiopharmaceutical. 

There are several radioactive decay modes, namely nuclear fission, α-decay, β–-decay, 

β+-decay, electron capture, and isomeric transition. Nuclear fission is the process of 

spontaneous disintegration of a very heavy nucleus into two daughter nuclei. It is rarely 

used in nuclear medicine, merely 99Mo that is the fission product of 235U and used as 

technetium generator for 99mTc used in medical imaging. α particle has a very short range 

in the matter, e.g. about 0.03 mm in human tissue [38] and therefore it is not useful for 
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imaging, but there are therapy applications [41, 42]. 

β– is a negatively charged particle with the same mass of an electron, typically emitted 

by neutron-rich nuclides. In this decay mode, a neutron disintegrates into a proton, β– 

particle, and an antineutrino. While the daughter proton stays in the nucleus, β–, and 

antineutrino are emitted out. 

n → p + 𝛽% + �̅� + 𝑒𝑛𝑒𝑟𝑔𝑦     (2.6) 

In some cases, the daughter nucleus is in an excited or metastable state, which 

undergoes the isomeric transition by emitting γ photons. This happens, for example, in 

the case of 133Xe which produces 133Cs in one of its three different excited states [39]. 90Sr 

and its decay product, 90Y, are both β–-emitters that are used in radiation therapies [43–

46]. 

Positron emission (β+-decay) 

This decay mode is common in proton-rich radionuclides and is the basis of positron 

emission tomography. A proton turns into a neutron and emits a neutrino and a positively 

charged particle with the same mass of an electron, called positron (β+). 

𝑡𝑟𝑎𝑛𝑠𝑖𝑡𝑖𝑜𝑛	𝑒𝑛𝑒𝑟𝑔𝑦 + p → n + 𝛽1 + 𝜈 + 𝑒𝑛𝑒𝑟𝑔𝑦   (2.7) 

Since the mass of a neutron is one electron mass heavier than a proton, the radionuclide 

must have a transition energy level at least equivalent to the mass of two electrons (= 

1.022 MeV) to undergo this disintegration. The excess transition energy from 1.022 MeV 

will be in the form of the kinetic energy of the produced positron and neutrino [38, 39]. 

Following is an example which is widely used in PET imaging: 

F2'3 → O3'3 + 𝛽1 + 𝜈 + 𝑒𝑛𝑒𝑟𝑔𝑦     (2.8) 
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Emitted positron soon combines with an electron (annihilation), and two 511-keV γ 

photons are emitted in opposite directions, making intrinsic collimation for coincidence 

detection. Same as β–-decay, in some cases the product nucleus is in an excited or 

metastable state and subsequent γ photons are emitted through isomeric transition [39]. 

Electron capture 

There are cases where a proton-rich radionuclide cannot provide the needed transition 

energy for positron emission (1.022 MeV) as discussed above. In such cases, the nuclide 

captures an electron from the nearest electron shell. This electron combines with a proton, 

which results in the production of a neutron and emission of a neutrino [38]. 

p + e% → n + 𝜈 + 𝑒𝑛𝑒𝑟𝑔𝑦     (2.9) 

In cases where the nuclide has transition energy more than 1.022 MeV both EC and 

β+-decay are possible [38, 39]. I42
''' , widely used in SPECT imaging, undergo electron 

capture: 

I42
''' 			67			

A⎯⎯C Cd43
''' + 𝜈      (2.10) 

The initial transition energy appears in the form of the kinetic energy of the neutrino 

as well as characteristic X-ray and Auger electrons [39]. The latter two are emitted 

subsequently by the daughter product because there is a vacancy in the nearest electron 

shell. In addition, the daughter nuclide is often left in an excited or metastable state and 

consequently, γ photons are also emitted following the electron capture [39]. In the case 

of I42
''' , two subsequent γ photons with 171 keV and 245 keV are emitted, which makes 

this radionuclide applicable in SPECT. Since there is a correlation between these two γ 

emissions, i.e. both are emitted from one nucleus, this radionuclide can be used in DPECT 

which will be discussed in chapter 6.  
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Isomeric transition 

Isomeric states are different energy states of a radionuclide. The nuclide may exist in 

an excited state, which emits γ photons so that it transits to its ground state. When an 

excited state of a nuclide has a long lifetime (more than a few minutes) it is called the 

metastable state and represented by symbol “m”. 99mTc that is widely used in nuclear 

medicine, undergoes this decay mode: 

Tc48
229 → Tc48

22 + γ      (2.11) 

2.3. Interaction of Radiation with Matter 

2.3.1. Charged-Particles Interactions  

Unlike neutrons, charged particles are prone to interact with orbital electrons of an 

atom in the matter and remove them, which ionizes the atom. α particles are massive and 

move in a straight path until it loses its kinetic energy and captures two electrons 

consecutively to form a neutral He atom [47]. On the other hand, β– and β+ particles have 

very light mass and thereby interact more often with orbital electrons and undergo a lot 

of deflections. Therefore, these particles typically have a short penetrating range in the 

matter. This is in fact a good behavior in case of PET imaging. In PET, the pair of γ 

photons emitted following the annihilation of a positron and an electron are detected; 

therefore, the shorter positron range results in more accuracy in the image. 

2.3.2. Interaction of Ionizing Photons with Matter 

High-energy photons interact with matter through four major mechanisms including 

photoelectric effect, Compton scattering, pair production, and coherent (Rayleigh) 

scattering [36, 38, 47–49]. 



20  Chapter 2 

 

Photoelectric effect 

The photoelectric effect is an interaction mechanism where the whole energy of the 

high-energy photon is absorbed by an electron, usually in K-shell orbital, resulting in the 

ejection of that electron from the atom. The electron is termed as “photoelectron” and has 

the kinetic energy 𝐸:;< after being ejected from the atom: If we notate the energy of γ 

photon and the binding energy of the electron as 𝐸= and 𝐸>, respectively, then for 𝐸:;< 

we have: 

𝐸:;< = 𝐸= − 𝐸>       (2.12) 

where 𝐸= and 𝐸> are the energy of γ photon and the binding energy of the electron, 

respectively. The photoelectric effect dominates in human tissue at energies lower than 

100 keV [36]. Since typically an electron from inner shells is ejected, characteristic x-ray 

or release of Auger electron should be expected after the photoelectric process. 

Compton scattering 

In this process which more likely occurs with 0.1 ~ 2 MeV γ photons in human tissue 

[36], a loose electron in an outer orbital interacts with the incident γ photon, absorbs a 

small portion of its energy and flies out from the atom. Consequently, the γ photon is 

scattered with lower energy and further undergoes another interaction in the matter. 

Pair production 

In cases where the incident photon has higher energy than twice the rest-mass energy 

of an electron (𝐸= > 1.022 MeV), there is a possibility that the photon interacts with the 

strong electric field of a nucleus in the matter and produces a pair of positron and electron. 

This possibility is narrow when the energy is just a few 100 keV higher than 1.022 MeV. 

Instead, for energies as high as several MeV, this phenomenon is more likely to happen. 
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The excess energy over 1.022 MeV is shared by the produced positron an electron as 

kinetic energy. 

Coherent (Rayleigh) scattering 

Coherent or Rayleigh scattering is a process in which a photon interacts with an atom 

as a whole. The photon is deflected in this process without any loss of energy. This process 

occurs in low energies (<< 50 keV) and should be considered in some cases where precise 

transmission of photons is measured such as X-ray computed tomography [49]. 

Attenuation of γ-ray in matter 

γ-ray undergoes one or a combination of photoelectric effect, Compton scattering, and 

pair production processes and attenuates exponentially through its trajectory path. 

 𝐼(𝑥) = 𝐼$𝑒%?#.A       (2.13) 

Here, I is the intensity of the beam after traveling the distance x, and 𝜇B is the linear 

attenuation coefficient. For a specific absorber, the linear attenuation coefficient is given 

by: 

 𝜇B = 𝜏 + 𝜎 + 𝜅 (cm-1)      (2.14) 

where 𝜏, 𝜎, and 𝜅 are the photoelectric, Compton, and pair production coefficients, 

respectively. 𝜇B is smaller for γ-rays with higher energies and is greater for materials 

with higher densities. In the case of 511 keV γ-rays, 𝜇B is ~ 0.1cm-1 in human tissue, and 

~ 1cm-1 in scintillators [36]. 

2.4. Applications of Gamma Rays in Medical Imaging 

γ-rays are the highest energy electromagnetic waves arising from radioactive decay of 

an atom or as a subsequent result of the interaction of emitted particles such as neutron 
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or β+ with the matter. In medical applications, typically low-energy γ-rays (100-511 keV) 

are used since while they can penetrate living tissue, they can be stopped and efficiently 

detected by using some materials in detector design [50]. There are more than 20,000 γ-

ray-based medical imagers installed in hospitals worldwide [51]. In all gamma imaging 

modalities, a radioactive nuclide mounted on a biomolecule is introduced into the body. 

The biomolecule is biologically designed to be consumed by target cells. Thereby, 

localized accumulation of radioactivity in an organ gives information about the target 

cells. For instance, cancerous cell and tumors consume an excessive amount of glucose; 

hence fluorodeoxyglucose (18FDG) which emits positron and subsequently γ-rays is 

injected into the body to be accumulated in the tumor area. 

Several mechanisms for in vivo gamma imaging have been developed since the early 

1950s [52] after the introduction of pinhole gamma camera by Copeland et al. in 1949 

[53]. Hal Anger was first to report the application of pinhole gamma camera in medicine. 

Thereafter, this medical imaging was called Gamma Camera, Anger Camera, or 

Scintillation Camera. The imaging techniques underwent various advancements through 

time and SPECT and PET were introduced [54–56]. Recently, the utilization of double-

photon emitting nuclides has drawn attention and some imaging techniques have been 

introduced [3, 4, 57]. In this chapter, major γ-ray-based medical imagers are briefly 

described with their pros and cons. 

2.4.1. Gamma Camera 

Early Gamma cameras were using a pinhole aperture in front of a scintillator crystal 

coupled to a photographic plate or film [52] as shown in Figure 2.1. The projection of γ-

rays through the pinhole was recorded to form a planar image the same way as a 

photographic pinhole camera. 
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Figure 2.1. Schematic view of a pinhole Gamma Camera introduced by Hal Anger 

 

All components have been substantially advanced through time to provide better 

images. First, Anger himself replaced the photographic plate with a photomultiplier tube 

assembly to enhance the image [58]. Next, coded aperture masks and parallel-hole 

collimators were introduced to increase the detection efficiency of the system. And later, 

the block crystal was replaced by an array of crystals separated by reflectors for better 

positioning of the detected γ photon [59, 60]. 

Several types of Gamma Cameras have been commercialized and used in hospitals. 

The most common types are single-headed and dual-headed gamma cameras [58]. In both 

types, the camera heads are flexible and can be positioned at any angle to take multiple 

images. A great advantage of dual (or multiple)-headed cameras is that two (or more in 

the cases of multiple-headed cameras) different planar images can be obtained at the same 

time. The spatial resolution of commercial Gamma Cameras with a large field of view 
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(FOV) is about 3 mm [61]. Small Gamma Cameras for specialty purposes or for animal 

studies have been developed with sub-mm spatial resolution [62]. 

One of the main drawbacks of Gamma Camera is its low sensitivity due to the presence 

of a collimator. In other words, the collimator rejects an inordinately large number of 

emitted photons. It also has a poor capability of background rejection and thereby an 

effective shielding is mandatory. Another disadvantage is planar imaging. One image does 

not give enough information about the tissue. The incident rays may have come from 

different depths in tissue yet projected on the same image. This issue is resolved in 

tomographic imaging using Gamma Camera, i.e. in Single-Photon Emission Computed 

Tomography (SPECT). 

As discussed above, Gamma Camera has low sensitivity. Roughly speaking, only 1 

per million of all photons can pass through the collimator [63]. Another technique, 

generally used in astrophysics, is Compton imaging in which no collimator is used. In 

Compton Camera, a scatterer and an absorber layer of detectors are utilized. Based on the 

detected energies in scatterer and absorber in case of one event, the original angle of the 

incident photon can be estimated with a cone. The intersection of all detected cones by 

using some reconstruction algorithms gives the final image. Compared to collimator-

based imagers, Compton Camera has better sensitivity in the regime where Compton 

scattering is the dominating interaction process. Therefore; this technique is more popular 

in nuclear imaging with high-energy γ-rays and in astrophysics where Compton scattering 

dominates over photoelectric effect. In medical applications with low-energy γ-rays, this 

method is not so practical. There are few applications of Compton Camera in medicine, 

basically for on-line monitoring during proton/neutron therapy where high energy gamma 

rays are emitted as a subsequent process of heavy particle interaction with tissue [64]. 
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2.4.2. Single-Photon Emission Computed Tomography 

As discussed before, in Gamma Camera, the camera head can rotate around the patient 

to take images from different views. These images are projections of the 3D distribution 

of the radionuclide on a 2D image. In Gamma Camera, typically limited views 

(projections) are scanned. Tomography is an approach to combine these projections to 

give a better 3D intuition of the object. If many different angular projections are scanned, 

these projection data could be combined using some mathematical algorithms to present 

more precise information of the 3D object. Then, any slice of the object could be 

reconstructed from the dataset. This approach is called computed tomography. Single-

photon emission computed tomography is a computed tomography approach in which a 

gamma camera rotates around the object and scans many projections. These projections 

are combined into a sinogram from which images of selected planes and slices are 

reconstructed by using some mathematical algorithms, namely filtered back-projection 

(FBP) or maximum-likelihood expectation-maximization (MLEM) [54, 65, 66]. 

A great advantage of SPECT over planar imaging of Gamma Camera is its significant 

contrast-to-noise ratio in the image. This is due to the fact that the image presented by 

Gamma Camera is a superposition of all adjacent slices, while SPECT can provide 

individual images for each slice. In other words, SPECT provides more accurate 

quantitative information of radioactivity at any depth or location within the organ [67]. 

Despite several advantages over Gamma Camera, SPECT still suffers from low 

sensitivity because of using a collimator as well as covering a limited solid angle for the 

detection of emitted γ photons. In addition, the rotation of the camera raises mechanical 

challenges in the system development. It also takes several minutes to rotate and acquire 

all projections, which makes it incapable of imaging fast biological processes. To 
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overcome these drawbacks stationary SPECT systems with multiple camera heads 

(modules) arranged in polygonal configurations have been developed [68]. This approach 

significantly increases the sensitivity, signal-to-noise ratio (SNR), and spatial resolution 

of SPECT, and enables real-time imaging since all projections are recorded 

simultaneously. 

SPECT is frequently used for cardiac imaging, particularly in studies on myocardial 

perfusion for assessing coronary artery disease and heart muscle damage resulting from 

infarction, and for cerebral imaging of brain tumors, brain functions, cerebrovascular 

disease, seizure, and psychiatric disorders [69]. It is also applied in oncology to visualize 

primary or metastatic lesions in the thorax and abdomen, where planar imaging by 

Gamma Camera cannot localize the tumor in the depth of the organ precisely [69]. 

2.4.3. Positron Emission Tomography 

Right after the discovery of the positron in the early 1930s, Klemperer showed that 

two 511-keV photons are emitted simultaneously in opposite directions following a 

positron emission [70]. However, it took two decades to utilize this unique characteristic 

of β+-emitting radionuclides in nuclear medicine [71]. The first use of positron in nuclear 

medicine dates back to 1945 in a study where [11C]-CO was used in a single-photon mode 

to observe the elimination of carbon monoxide from the body [55, 56, 72]. Later on, 

potential medical applications of positron-emitting radionuclides produced in a cyclotron 

were discussed by Mitchel [73]. Wrenn et al. [71] were the first to report coincidence 

detection of 511-keV photons emitted as a result of β+-decay. Their detection system 

simply consisted of a pair of scintillation detectors facing each other and a source that 

was placed between them. Later in 1953, Brownell and Sweet designed a multi-detector 

system for coincidence detection of annihilation photons [55, 56, 74]. The idea of a 
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circular detector array, which is still in use in modern positron emission tomography, dates 

back to the early 1960s at Brookhaven National Laboratory (BNL) where a ring of 32 

scintillation detectors was designed to scan a single layer of the human brain [75].  

A great advantage of PET over SPECT is that due to the angular correlation (180°) 

between coincidence photons, there is no need to use collimators. This tremendously 

increases the sensitivity even though unpaired photons are skipped during data processing. 

Skipping unpaired photons provides an intrinsic background rejection which results in 

higher SNR and CNR than SPECT. Another advantage is that spatial resolution is limited 

by the detector pitch which can be narrowed down to 0.5mm for 0.25-mm spatial 

resolution [8, 9]. On the contrary in SPECT, spatial resolution is limited by collimator 

resolution, and reducing the hole size substantially decreases the sensitivity of the system. 

Another innovation in PET within its historical advancement was the idea of extracting 

the difference in time-of-flight (TOF) of annihilation photons [76]. This idea gained more 

attention after emerging of fast scintillators in the 1980s and early versions of TOF-PET 

scanners were developed [76, 77]. Advancement in detector design hitherto has 

continuously moved the research and instrumentation of PET and TOF-PET scanners 

forward. 

One major issue in PET is its non-uniform spatial resolution over its FOV. Spatial 

resolution is best in the center of FOV, and it degrades radially. This is called parallax 

error which arises from the length of crystal that should be long enough to efficiently stop 

511-keV photons. Several methods have been introduced to identify the depth of 

interaction (DOI) of incident γ photon in the crystal in order to remove or reduce parallax 

error. This will be discussed in detail in Chapter 5. 

Positron emission tomography has been extensively used in nuclear medicine to study 
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various biological functions since 1953 when Brownell and Sweet used their multi-

detector coincidence system to localize brain tumors [55]. In another report, Ter-

Pogossian at Washington University of St. Louis used 15O to measure regional 

metabolism in tumor-bearing rats [55, 56]. In the 1960s, the circular scanner developed 

at BNL was used to measure regional cerebral blood flow [55, 56, 74]. That period, 

gaseous positron-emitting tracers were widely used to study lung functions including 

ventilation, perfusion, and gas exchange [78]. In the late 1960s, Ter-Pogassian and his 

colleagues measured regional tissue oxygen consumption by injecting [15O]-H2O directly 

to the carotid artery [55].  

The milestone in the history of PET was its commercialization in the 1970s [78] 

followed by the release of commercial PET scanners by two brand companies, General 

Electric and Computer Technology Imagery, in the early 1980s that expanded applications 

of PET from research to clinical studies [76]. They were initially used to measure 

perfusion, oxygen use, and glucose metabolism in brain tumors [78]. In 1982, Di Chiro 

et al. reported the use of 18F-FDG to study cerebral gliomas, a type of brain cancer [78, 

79]. They found a correlation between the rate of glycolysis and malignancy in primary 

cerebral tumors [79]. Meanwhile, 18FDG was also used for high-contrast imaging of lung 

tumors [78] as well as imaging breast cancer [55]. Since then, 18FDG has been used 

widely for the diagnosis of tumors, disease management, and treatment monitoring [78]. 

During the last three decades, PET has found a great number of clinical applications. It 

was applied to study Parkinson’s and Alzheimer’s diseases first in the 1990s [55]. It is 

interesting to mention that PET has been also used in some researches on addiction, 

schizophrenia, and HIV infection [55]. 
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3. FUNDAMENTALS OF POSITRON EMISSION 

TOMOGRAPHY 

In the previous chapter a brief description and history of positron emission tomography 

(PET) as one of the gamma imaging modalities being used in healthcare as well as in 

clinical and biological studies were provided. Advantages of PET over Gamma Camera 

and SPECT as well as some challenges and issues were also addressed. In this chapter, a 

more detailed overview of the principle, components, and methodologies of PET imaging 

is presented. First, the basic principle of PET imaging is given in the first section. 

Common radiotracers and radiopharmaceuticals used in PET imaging are also described 

with their applications in this section. In section 3.2, radiation detectors used in PET 

systems are presented including scintillator crystals and photodetectors, and the detection 

efficiency and sensitivity of the system are explained. The data processing and image 

reconstruction algorithms are briefly described in section 3.3. 

3.1. Principle of PET Imaging 

In PET, a positron-emitting radiopharmaceutical, which is an active biomolecule 

labeled with a β+-emitter radionuclide, is inserted into the body. The biomolecule is 

biologically designed to be absorbed by the target cells. Only a few positron-emitting 



30  Chapter 3 

 

radionuclides are suitable for clinical studies, which are mainly produced in a medical 

cyclotron. 18F, 11C, 13N, and 15O are the main radionuclides produced for PET imaging. 

These nuclides merely emit positron; thus, they are suitable for PET [81]. 

18F is the most common radiotracer for PET. It is used in various pharmaceuticals such 

as fluorodeoxyglucose (FDG) compound. 18F has a 110-minute half-life and hence it is 

merely used in the hospitals and institutes where a medical cyclotron is locally accessible. 

FDG is primarily used for the study of metabolism in tissue, mainly brain and heart, and 

for the detection of various tumors. Sodium fluoride-[18F], usually used for the synthesis 

of FDG and other radiopharmaceuticals, itself can be used for bone scintigraphy [82]. 

[18F]-fluorothymidine (FLT) is another pharmaceutical labeled with 18F, which is used in 

DNA-based studies and characterization of tumors in humans [82]. Another 18F-labeled 

pharmaceutical is fluoromisonidazole (FMISO) used in PET for the detection of hypoxic 

tissues [82]. 

The 11C produced in cyclotrons has a short half-life of ~ 20 minutes and thus it must 

be produced in a local cyclotron. Some 11C-labeled pharmaceuticals are sodium acetate-

[11C] typically used for the measurement of oxygen consumption in the heart, [11C]-

flumazenil for the characterization of the neuroreceptors in neurons, [11C]-

methylspiperone for the study of neurological disorders, [11C]-raclopride for the detection 

of various neurological and psychiatric disorders such as Parkinson’s disease and 

schizophrenia, and [11C]-choline for the detection of various tumors [82]. 

The 13N is also produced in a local cyclotron and it has a 10-minute half-life. It is 

commonly provided as 13NH3 to measure myocardial and cerebral perfusion [82]. The 15O 

has a very short half-life of just 2 minutes and is also produced in a medical cyclotron 

which is locally available. H215O (positron-emitting water) is used for myocardial and 
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cerebral perfusion studies [82]. 

Some other radionuclides are produced through radionuclide generators consisting of 

the parent and the daughter nuclides in an apparatus which makes it possible to separate 

the daughter nuclide from the parent nuclide [83]. 62Cu and 82Rb are examples that are 

used to label some PET pharmaceuticals for measuring myocardial perfusion [82]. 

Once a positron is emitted from one of the aforementioned radiopharmaceuticals, it is 

deflected many times by electrons in the tissue so that its kinetic energy abates. Once the 

positron is at rest (typically in a very short range), eventually it combines with an electron, 

and then both are annihilated. In some cases, the combination of positron and electron 

produces a metastable species called positronium with an average half-life of 10-7 seconds 

[36] after which the two particles are annihilated. However, in the water and human tissue, 

the direct annihilation is more likely to happen. Following the annihilation of positron 

and electron, a pair of 511-keV photons are emitted in opposite directions. 

 

Figure 3.1. Basic concept of positron emission tomography. 
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As schematically shown in Figure 3.1, a PET scanner typically consists of a ring of 

detectors to detect the pairs of annihilation photons through coincidence detection. Each 

coincidence makes a line of response (LOR) connecting the pair of detectors that were 

involved in the coincidence detection. The LORs are registered into a sinogram which is 

further processed through an image reconstruction algorithm to give the final image. 

3.2. PET Detectors 

The detection of γ photons requires an optical circuit connected to an electronic circuit. 

The optical circuit converts the high-energy photon to a number of light photons that can 

trigger a photosensor and initiate an electronic signal. The electronic circuit transfers and 

records the signal which can be further analyzed using a processing chip or a computer. 

In this chapter, the components of the detection systems used in γ-ray imaging are 

discussed. The optical circuit typically consists of a scintillator crystal and a photodetector. 

The combination of these two components is the so-called scintillation detector shown in 

Figure 3.2. There are other types of radiation detectors, namely the proportional gas 

chambers and semiconductor detectors. However, they both have poor detection 

efficiency in comparison with the scintillation detectors [36]. The electronic circuit 

typically includes an RC circuit to amplify and transfer the signal to an ADC circuit to 

digitize and record the signal for processing. 

 

 

Figure 3.2. The general concept of scintillation detectors 
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3.2.1. Scintillators 

Scintillator crystals are the main components for γ-ray detection as they not only stop 

high-energy photons but also illuminate light photons upon the interaction of γ photons 

in their media. The phenomenon is called scintillation. In this process, the incident γ 

photon interacts with a high-density medium and causes ionization or excitation of atoms 

or molecules on its track. The ionized or excited atoms/molecules subsequently 

recombine or deexcite and release the energy. This energy typically turns into the 

molecular vibrations in gases and liquids, and into the lattice vibrations in crystals; 

however, in some materials, this energy initiates a photoluminescence process [84]. These 

materials are called scintillators and have been widely used in radiation detection. There 

are two types of scintillators; organic substances dissolved in liquid solutions or in the 

form of plastic or crystals, and inorganic scintillators in the form of solid crystals [84, 85]. 

The ideal scintillator should efficiently convert the kinetic energy of γ photons into 

detectable light with a linear conversion response over a wide range of energies and a 

short decay time to generate a fast signal pulse. Meanwhile, it must be transparent or at 

least have a long absorption length over its own emission spectrum, and it must have a 

refractive index near that of glass for optimum optical coupling to photodetectors. 

Nonetheless, no material can perfectly meet all these requirements; therefore, the choice 

of crystal always depends on the system requirements and purposes [85]. For instance, in 

nuclear imaging for decommissioning or in astrophysics; high energy-resolution detectors 

are needed to discriminate the sources of radiation and thus scintillators with high yield 

are preferred. On the other hand, in TOF-PET for instance, a fast response is quite 

essential and hence scintillators with fast rise time and a relatively short decay constant 

are needed.  
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Organic scintillators 

The scintillation process in organic materials stems from transitions in the energy level 

structure of a single molecule in any physical state. This means there is no necessity to 

crystalize the material for scintillation. Consequently, organic scintillators are produced 

in three physical forms; pure organic crystals, liquid organic solutions, and plastic 

scintillators. The organic molecules used in these scintillators mostly have certain 

symmetry properties in their electronic structure known as π-electron structure. In these 

molecules, the energy spacing between ground state (S0) and first singlet excited state 

(S1) is 3~4 eV whereas the differences between higher singlet states are smaller [85]. The 

scintillation process is initiated by absorbing the kinetic energy of the incident γ photon 

that excites the electronic configuration. The higher singlet electronic states usually 

transit to S1 state through internal conversion. Consequently, a population of molecules 

after a negligibly short time are in their S1 state, which prompts the photoluminescence 

process through transition into any vibrational state of the ground electronic state (S0). 

This prompt fluorescence typically has a decay constant in the order of few nanoseconds 

which produces a fast signal desirable for radiation detection. There are other possible 

deexcitation modes for these molecules in which the excitation energy ends up in thermal 

heat without initiating any photoluminescence. All these modes are termed quenching. 

Generally, the existence of impurities in these materials results in excess quenching 

mechanisms. Thereby, in the fabrication process of organic scintillators, manufacturers 

try to avoid or remove impurities from the material in order to provide high scintillation 

efficiency. However, only two pure organic crystals have achieved widespread popularity 

in radiation detection. Despite having the highest scintillation efficiency and greatest light 

yield among all organic crystals, they are hard to manufacture and difficult to work with 
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since they are quite fragile and, more importantly, their scintillation efficiency depends 

on the angle of the incident γ photon [85]. Liquid solutions, on the other hand, have less 

efficiency but they are more cost-effective; particularly in certain applications where large 

volume detectors are required, liquid organic scintillators are the only practical choice 

[85]. Plastic scintillators are the equivalent solid solutions of liquid solutions, which are 

mechanically stable and can be easily manufactured in a variety of forms even as ultrathin 

films with thickness as small as 10 µm. They have relatively short decay time and high 

light yield and thereby they are a good choice for coincidence detection when timing 

resolution is of importance; i.e. in TOF-PET. However, they are quite vulnerable if they 

come in contact with organic solvents. In addition, they are prone to radiation damage 

and their scintillation efficiency degrades under doses in the range of 103~104 Gy [85]. 

Inorganic scintillators 

The scintillation mechanism of inorganic scintillators is completely different from that 

of organic materials. This mechanism can be observed merely in the crystalline form of 

material. In a pure inorganic crystal, electrons can be either in the valance band of energy 

– that are the electrons bound at the lattice site of crystal – or in the conducting band, 

which are the free electrons that can migrate throughout the crystal. The gap between the 

conducting band and valence band is called the forbidden band since electrons can never 

be found in that range of energy. Therefore, upon the excitation by ionizing radiation, an 

electron from the valance band moves to the conducting band and leaves a hole in the 

valance band. Because the gap (the forbidden band) is typically large, the return of the 

electron to its valance band by emitting a photon is quite unlikely, and even if it occurs, 

the resulting photon has higher energy than visible light to be detected by photodetectors. 

To overcome this effect, a certain amount of impurity, called an activator, is added which 
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has a ground state and excited states within the forbidden band of crystal as shown in 

Figure 3.3. This provides intermediary bands, termed luminescence centers or 

recombination centers [85], through which the excited electron can transit to the valance 

band by emitting a low energy photon in the range of visible light that can be easily 

detected by a photodetector. Because of the energy band structure of the crystal, the 

illuminated photons are less likely to be absorbed by the crystal itself, and they can 

propagate a relatively long track to hit the photodetector. The decay time of scintillation 

is limited by the lifetime of the activator’s excited states which is usually in the range of 

30-500 ns. This is one disadvantage in comparison with organic scintillators. However, 

due to their higher atomic mass and density, inorganic scintillators have higher stopping 

power against high-energy γ photons and consequently better detection efficiency than 

organic scintillators. In addition, inorganic scintillators typically have higher light yield 

and more linear energy response than organic scintillators due to much lesser quenching 

processes [85]. 

In PET, mostly inorganic scintillators are being used because of their high density and 

high effective atomic number to stop the 0.511-MeV γ photon. Inorganic scintillators are, 

in fact, the indispensable components of positron emission tomography, which have been 

used from the early days of coincidence detection with positron-emitting nuclides. Wrenn 

et al. [71] used a pair of thallium-doped sodium iodide (NaI:Tl) crystals coupled 

individually to photomultiplier tubes. Other scintillation crystals were developed 

including CdWO4, CsI:Tl, CsF, CsI, LiI:Eu, and cerium-doped silicate glass [86]. In the 

1970s, bismuth germanate (Bi4Ge3O12 or BGO) with a high detection efficiency attracted 

many researchers in the field [76, 87, 88]. Upon the emergence of BGO, fabricating 

pixelated crystals gained currency since the mid-1980s [88, 89]. It was later shown that 
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PET systems with block crystals have a slightly worse spatial resolution than systems 

with pixelated crystals [5–7]. In the early 1980s, the fast (600 ps) BaF2 scintillator found 

its application in TOF-PET [76]. Even though BaF2 scintillators had fast decay time, soon 

they were abandoned due to their low sensitivity and low light yield [76]. Instead, cerium-

doped lutetium orthosilicate (Lu2SiO5:Ce or simply LSO) crystals with high sensitivity, 

high light yield, and a relatively short decay time of 40 ns [76, 88, 90] began to prevail in 

the detector design to this day. LaBr3:Ce [91] with 16 ns decay time [76] and also LYSO 

[92] are more recent crystals which are being used in the past two decades. Common 

scintillator crystals used in PET detectors are listed and compared in Table 3.1 with 

reference to [36, 84, 85, 93–105]. 

In recent years, Ce:GAGG (cerium-doped Gd3Al2Ga3O12) [106] has gained currency 

in the field due to its outstanding scintillation properties. The relatively high density and 

effective atomic number (Zeff) of GAGG provide enough power to stop the 511-keV 

photon. Its light yield (57,000 photon/MeV) facilitates the detection system with a high 

energy resolution [94]. Another advantage of GAGG crystal is that it is not self-radiative. 

Scintillators which are made of lutetium (LSO, LYSO, LuAG, and LuAP) are self-

radiative due to the radioactivity of lutetium. 

 

Figure 3.3. Energy band structure of a crystal with inserted impurity (activator)  
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3.2.2. Photodetectors 

After the light is illuminated through the scintillation process, a photodetector is 

needed to convert visible light into an electric signal. The photodetector could be a 

photomultiplier tube (PMT), an avalanche photodiode (APD), or a silicon photomultiplier 

(SiPM) pixel. 

Photomultiplier tube (PMT) 

A PMT is a vacuum tube with a photocathode at the entrance and an anode at the end 

and a number of dynodes to multiply emitted electrons as shown in Figure 3.4. The 

photocathode is usually a cesium antimony alloy (CsSb) [84, 93] that absorbs light 

photons and emits photoelectrons with a quantum efficiency of 20~30% [107]. A high 

voltage is applied between the photocathode and anode, which is equally incremented 

between the dynodes. Once a photoelectron is released from the photocathode, due to the 

strong electric field between the photocathode and the first dynode, it is accelerated 

toward the dynode. The dynodes are coated with a material that has a relatively high 

secondary emission characteristic (high multiplication factor δ), such as BeO, MgO, or 

Cs3Sb [107]. The photoelectron hits the first dynode and makes it release δ electrons 

which hit the next dynode and make it emit more electrons. This multiplication continues 

to the last dynode and a large number of electrons (e.g. δ10 electrons in the case of 10 

dynodes) flow into the anode and an electric signal appears at the output. PMTs are quite 

large and expensive, but they can provide a fast and strong output pulse [93]. 

Avalanche photodiode (APD) 

Photodiodes are light-sensitive semiconductors such as silicon which are ionized when 

they are irradiated by visible light. As a result, a number of electrons are released, which 

they gain enough energy through acceleration in presence of a high voltage (in range of 
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20~30 V) and further ionize the semiconductor. The newly released electrons enter the 

same process as well and make the semiconductor produce an avalanche of charge. 

Because of this avalanche process, these photodiodes are termed as avalanche 

photodiodes. This process triggers an electric current flow through the external circuit, 

which as a consequence, generates an electronic signal. The high internal gain of APDs 

offers a very good sensitivity, high signal to electronic noise ratio, and high energy 

resolution. In addition, their compact design and relatively high counting efficiency (and 

thus better energy resolution) have made APDs quite advantageous over PMTs. 

Silicon photomultiplier (SiPM) 

When the high voltage applied to a semiconductor photodiode exceeds the breakdown 

voltage of the device (typically around 30 V), a single self-sustaining avalanche is formed 

by merging all the multiplication regions in the semiconductor. This is the Geiger mode 

of the photodiode, in which even a single charge can be multiplied with no limit. Thereby, 

such photodiodes are highly sensitive and can detect even a single photon, for which they 

are called single-photon avalanche photodiodes (SPADs). The produced charge will be 

depleted by an RC circuit, and an electric pulse is generated. 

 

 

Figure 3.4. Schematic view of a photomultiplier tube 
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Even though SPADs are sensitive even to a single photon, they cannot provide any 

information on how many photons have hit them when a pulse is shaped. In other words, 

disregarding the number of photons entering the photodiode, just a single charge may 

suffice it to start the Geiger-mode avalanche. Therefore, an array of thousands of 

microscopic Geiger-mode photodiodes has been developed so that there would be a little 

chance that a microscopic photodiode is hit by a scintillation photon while it is in 

operation for previous incident scintillation photon. Such array is called silicon 

photomultiplier (SiPM), solid state photomultiplier (SSPM), or multipixel photon counter 

(MPPC) as it counts the incident photons. The number of microscopic photodiodes should 

be as large as a multiple of the number of scintillation photons expected to hit the SiPM. 

In addition to their high sensitivity and compact design, SiPMs have relatively high 

counting efficiency as well as relatively good timing resolution of a few hundred 

picoseconds. Since SiPMs are insensitive to the strong magnetic fields, they are the 

appropriate choice for hybrid PET/MRI scanners. 

3.3. Data Processing and Image Reconstruction 

The PET detection system is designed to detect the pairs of annihilation photons 

propagating in opposite directions without being scattered. The detection of such a 

coincidence is a true event. Each pair should be detected within a predefined time window, 

typically up to 15 ns depending on the system timing limitations. Detectors must be 

calibrated for energy resolution so that only events in the calibrated range for the 511-

keV photopeak are selected. The coincidence detections passing through the 

aforementioned conditions are called prompts [110, 111]. However, prompts are not 

always representing true events. A prompt could be a random coincidence of uncorrelated 
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annihilations or a coincidence of scattered photons. A random coincidence arises when 

two annihilations occur almost simultaneously and from each pair, one photon is detected 

and the other is missed. Consequently, the two photons which are detected as a 

coincidence are not representing a true annihilation. The coincidence detection of 

scattered photons is also very common in PET scanners with poor energy resolution. 

Multiple coincidences are also possible when three or more photons are detected within 

a time window, but these events can be discarded easily in the processing unit. There is 

also a narrow possibility (less than 1%) that three photons are emitted in 120° directions 

with respect to each other [36]. However, it is preferred to discard such a case since the 

possibility of detecting three uncorrelated photons is higher. 

In order to reduce the random and multiple coincidences, the detector ring is usually 

shielded by lead layers at both sides [109]. Individual detectors are connected through a 

coincidence measurement circuit only to detectors within a portion of the ring on the 

opposite side to merely cover the object area (see Figure 3.5). In modern systems, there 

is no physical circuit for this; instead, this task together with the energy and time window 

setting is accomplished by the processing unit. Once a prompt is extracted, a line of 

response (LOR) connecting the two corresponding detectors is saved in terms of polar 

coordinates (r,φ) using positioning information of the detectors, where r is the distance 

of LOR from the center of the ring, and φ is the orientation angle of LOR (the angle 

between r and X-axis). This is shown in Figure 3.6. The LOR coordinates are stored in a 

sinogram with the horizontal axis representing r and the vertical axis representing φ [110, 

111]. Each pixel in the sinogram corresponds to a specific LOR. Once an LOR is saved 

after a coincidence detection, a count is added to the corresponding pixel in the sinogram. 
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Figure 3.5. Coverage angle of individual detectors. For the selected detector, only coincidence 
events with highlighted detectors are accepted. 

 
Figure 3.6. Storing coincidence data into a sinogram. The black pixel in the sinogram corresponds 
to LORi with (ri , φi) coordinates. 
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A sinogram is recorded for each slice being scanned. Next, data correction filters, such 

as sensitivity correction, arc correction, etc. are applied to each sinogram to improve the 

quality of final images. The advantage of making a sinogram is that the coincidence data 

(LORs) are kept and correction can be simply applied by giving specific weights to them. 

After these preparations, the image is reconstructed by applying either an analytical or 

iterative method. The sinogram is in fact the X-ray transform of the image, which is the 

same as Radon transform in 2D [112]. Therefore, the exact analytical reconstruction is 

solving the inverse Radon transform to transform back the data from the sinogram space 

(r, φ) to the image space (x, y). This can be done by applying the Fourier transform to the 

sinogram function with respect to r. Subsequently, the sinogram is transformed into the 

Fourier space (v, φ). The sinogram in the Fourier space is given by [112]: 

 𝑆(𝑣, 𝜑) = 𝐹(𝑣A = 𝑣 cos𝜑 , 𝑣C = 𝑣 sin𝜑)    (3.5) 

F(vx, vy) is the Fourier transform of the image f(x, y). By solving the inverse Fourier 

transform, the image is reconstructed. These are the continuous expressions of functions. 

In practice, the discrete Fourier and inverse Fourier transforms are applied since the data 

is discrete. This method is called direct Fourier reconstruction and can be done by the fast 

Fourier transform (FFT) algorithm [112]. An equivalent to the direct Fourier 

reconstruction is the filtered-back-projection (FBP) algorithm [113, 114] in which the 

sinogram is first filtered by a ramp filter and then back-projected to the image space [112]: 

 𝑆D(𝑣, 𝜑) = |𝑣|𝑆(𝑣, 𝜑)      (3.6) 

 𝑠D(𝑟, 𝜑) = ℱ%'{𝑆D(𝑣, 𝜑)}     (3.7) 

 𝑟 = 𝑥 cos𝜑 + 𝑦 sin𝜑      (3.8) 
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 𝑓(𝑥, 𝑦) = ∫ 𝑠D(𝑥, 𝑦, 𝜑)𝑑𝜑E
$      (3.9) 

The whole process can be discretized and applied to the recorded sinogram. Image 

reconstruction can also be done through iterative algorithms. Two major iterative 

algorithms are maximum-likelihood expectation-maximization (MLEM) [65] and 

ordered-subset expectation-maximization (OSEM) [66]. An advantage of these iterative 

algorithms over the FBP is that the physical properties of the system as well as the 

physical laws of radiation interactions with the matter can be modeled more precisely, 

while in FBP, a highly simplified model is used for the data analysis. Therefore, the impact 

of image reconstruction on the spatial resolution in the case of iterative methods is 

negligible. On the other hand, these methods are highly computational and consume a 

tremendous amount of memory and time. 
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4. DEVELOPMENT OF DIGITAL ANIMAL PET 

WITH 1-MM SPATIAL RESOLUTION 

In this chapter, the design and components of the digital animal PET with 1-mm spatial 

resolution developed as a part of this research to evaluate the performance of the digital 

readout scheme are presented with results and discussion including challenges in the 

system development and calibration. This spatial resolution was chosen to compare the 

results with the state-of-the-art prototypes that have a 2-mm detector pitch. This is 

explained in section 4.1 along with the influence of individual coupling and readout in 

the spatial resolution of the PET scanner. Electronic readout in conventional PET is 

described in section 4.2 and the problems are addressed. In section 4.3, the concept of 

time-over-threshold method is explained, and several ToT methods are provided. In 

section 4.4, materials and methods to assemble the scanner are presented, the proposed 

digital readout scheme is described, and the experimental setup is explained. Results of 

experiments along with the discussions are presented at the end in section 4.5. 

4.1. Spatial Resolution in PET 

As a rule of thumb, the spatial resolution of a PET scanner in the center of the ring 

could be at best as small as half detector pitch. In 1993, Derenzo et al. [5] formulated the 
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spatial resolution based on studies on 20 different PET scanners to include several factors 

affecting the spatial resolution of a given PET system [6, 7]. Consequently, the full-width 

half-maximum (FWHM) spatial resolution in the center of a PET system with detector 

pitch 𝑑 and ring diameter 𝐷 can be calculated as follows: 

Γ = 𝑎ab!
(
c
(
+ (0.0022𝐷)( + 𝑟( + 𝑏(    (4.1) 

where 𝑎 is the impact of reconstruction algorithm, 𝑏 the impact of 2D positioning of 

the incident photon within the detector array, and 𝑟 the positron range. 

The impact of image reconstruction, 𝑎, is typically in the range of 1~1.3. It can be 

close to 1 in the case of applying iterative methods such as MLEM or OSEM and precise 

modeling of the system [66]. In the case of FBP reconstruction, this value is around 1.2 

and slightly affects the spatial resolution of the system [6]. 

The impact of ring diameter in the 0.0022𝐷 term arises from 0.25° uncertainty in the 

180° angular correlation of the annihilation photons. In fact, the annihilation photons do 

not propagate exactly in opposite directions. The 0.0022𝐷  factor is calculated from 

0.5 tan(0.25°)𝐷 [6]. 

 

 
Figure 4.1. Positron track, positron range, and effective positron range 
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As shown in Figure 4.1, since positron is of a light mass it is deflected many times 

upon hitting a number of electrons and/or particles on its track. Thereby, it typically makes 

a zigzag track. Positron range is defined as the finite distance from the origin of the β+-

decaying nucleus to the position where the positron settled at rest and combined with an 

electron. This makes an uncertainty in localizing the β+-emitting radiopharmaceutical. 

Due to the zigzag track, the positron range is relatively short (maximum 200-300 µm in 

tissue) However, the actual uncertainty is even smaller. Since the detection system relies 

on coincidence detection, the actual uncertainty coming from the effective positron range 

which is the distance from the origin of emitted positron to the LOR of the coincidence 

detection. The positron range in tissue was calculated in some studies [115, 116], and it 

depends on the energy of the emitted positron, which has a dependency on the 

radionuclide and the density of the medium. 

4.1.1. Impact of Readout on Spatial Resolution 

In equation (4.1), the last parameter, b, stems from the choice of detector design and 

readout system. Lecomte surveyed over a number of existing PET systems and 

summarized their spatial resolution [6]. According to his survey only systems with 

pixelated crystals and individual coupling can achieve spatial resolution as fine as half 

crystal pitch (b = 0). This is due to the fact that in such systems 2D positioning of the 

incident photon in the module is associated with a negligible error since detectors are 

almost isolated from each other. In the case of electronic encoding (resistive network with 

pixelated crystals) b is about 1.1 mm, and for systems with block monolithic crystals 

coupled to PMT arrays (light sharing method) b is about 2.1 mm. It should be noted that 

this parameter would completely dominate over the term !
(
 (theoretical resolution) in 
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high-resolution PET systems where detector pitch is relatively small. Therefore, the 

demand for individual readout scheme for pixelated crystals become of great importance 

in such systems. By the same token, part of this presented work was devoted to developing 

and evaluating an effective readout scheme to provide individual coupling and readout 

for an animal PET with a 2-mm detector pitch. 

4.2. Electronic Readout in Conventional PET 

In general, radiation detectors, and more specifically radiation counters, operate in the 

“pulse mode” which means they generate pulses of electrical current that are counted to 

determine the number of radiated photons/particles detected [117]. However, these pulses 

could be further analyzed for energy resolution as well as timing resolution in the case of 

coincidence detection. In brief, as schematically shown in Figure 4.2, the electronic 

readout for all types of detectors, ranging from simple counters to complex imaging 

modules, consists of an amplification circuit and a processing block. The amplification 

part could be a simple RC circuit depicted in Figure 4.3 for a simple SiPM readout, and 

the processing part could be a simple counter or a digitizer for further processing. 

One important consideration in the amplification & shaping circuit is the input and 

output impedance of the circuit to have the optimum transfer of energy. The input 

impedance must match the output impedance of the photodetector, and the output 

impedance of the circuit must match the input impedance of the processing block. The 

capacitor in the circuit filters the noise and fluctuations associated with the photodetector 

output and shapes the signal, which facilitates the digitizing process of the pulse height 

analyzer (PHA). 
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Figure 4.2. Schematic depiction of electronic components for radiation detection readout. 

 

 

Figure 4.3. Simple amplification and shaping scheme for a cathode type SiPM. 

 

 

Figure 4.4. Block diagram of a single-channel pulse-height analyzer with sample signals and their 
corresponding output pulses from LLD, ULD, and final logic circuit. 
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4.2.1. Pulse-height analyzer 

A PHA is a device used for energy-sensitive detectors to sort out detected photons of 

different energies and record a particular range of energy or skip scattered events and 

background activity [93, 117]. A PHA that does this process for only one channel at a time 

is called single channel analyzer (SCA) which has three major components; a lower-level 

discriminator (LLD) which passes the signals with energies higher than a defined 

threshold level, an upper-level discriminator (ULD) which passes signals with energies 

higher than the desired energy window, and a logic circuit which gives an output pulse 

when the LLD output is high but the ULD is low. The output pulses are of the same 

amplitude and duration, which no longer have the energy information – except that their 

energy is in the range of the predefined energy window. The block diagram of a single-

channel pulse-height analyzer (SCPHA) is illustrated in Figure 4.4 [117]. 

4.2.2. Multichannel analyzer 

The SCA is not a practical choice in imaging machines where a large number of 

channels receive signals individually. In such cases, multiplexing the detector outputs into 

one SCA is not a good idea since different detector channels have slightly different energy 

responses, and thus setting a universal energy window for all channels degrades the 

energy resolution of the system. On the other hand, employing a large number of SCAs 

costs a lot and requires tremendous effort to adjust the energy window separately for all 

the channels. This is where ADC steps in to provide us with a better PHA scheme; a 

multichannel analyzer (MCA). In an MCA, the ADC divides the pulse amplitude range 

into a finite number of intervals and sorts the incoming signals according to their 

amplitudes into those intervals. Conventional ADC records the signal as a 12-bit digital 

signal that means 4096 intervals for the pulse height range. In this way, all pulses are 
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recorded with their amplitudes that can be demonstrated on a histogram as a pulse-height 

spectrum and then converted to an energy spectrum after calibrating with various sources. 

Modern MCA boards are capable of analyzing data from several input ports (detectors) 

simultaneously. Moreover, since the event selection based on energy can be carried out 

after MCA, multiplexing the detector channels is plausible. 

4.2.3. Multiplexing scheme for detector arrays 

In systems with a large number of photodetector channels, individual readout costs a 

lot and requires a tremendous number of cables, ports, and data acquisition units. 

Therefore, multiplexing the channels into a smaller number of channels is quite essential. 

The conventional method for multiplexing is connecting all channels through a resistive 

network [15–19, 118, 119]. This concept originates from Anger’s scintillation camera 

[120] in which he connected all the PMT outputs through a resistor network with 4 output 

signals and offered a method for better positioning of the detected photons. Thereby, it is 

often called Anger Logic. In fact, in applications where a monolithic block crystal is 

coupled to a PMT array – as in the case of Anger’s camera – since the scintillated light is 

shared among a number of neighboring channels, this method is effectively helpful for 

2D positioning of the interaction point inside the crystal. Nonetheless, in systems with 

pixelated crystals, it is used merely to reduce the number of channels. Despite several 

advancements in the demultiplexing methods and algorithms, the positioning of the 

original signal is always associated with some distortion which is more crucial for larger 

arrays to the point that the flood images of neighboring channels in some areas have 

considerable overlaps (see [118] and [119] for instance). A remedy to this is to employ a 

digital multiplexing scheme for which ADC must be performed prior to multiplexing. 
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4.3. Time-over-Threshold Readout Method 

As mentioned in section 4.2.2, the main component of an MCA is the ADC that 

digitizes the signal according to its amplitude. Typical ADCs generate a 12-bit signal [22, 

23] providing 4096 segments for digitization. However, transferring these 12 bits requires 

12 cables and 12 input ports at the memory section. Another disadvantage is that in 

applications like PET in which the time resolution is of great importance, another 

component to determine the arrival time of the signal is required. Generally, SCA and 

MCAs utilize the leading-edge timing method or the zero-crossover method with 4-ns 

resolution [117]. This is inadequate in the case of TOF-PET. Furthermore, this ADC 

method cannot be applied before multiplexing since it generates 12 digital signals for a 

single channel, which is hard to propagate and process them in a digital multiplexer. And 

it is worth to remind that multiplexing is indeed performed to reduce the cables and ports. 

A very simple but effective ADC is the time-over-threshold (ToT) method in which the 

duration of signal over a predefined threshold is recorded. Its design is very simple and 

compact since it employs only one comparator. The comparator output signals are all of 

the same amplitude (same as SCA) but different pulse widths. Figure 4.5 schematically 

depicts the comparator output signal for a sample of incoming pulses. Unlike SCA, the 

1-bit output pulse still has energy information embedded in its pulse-width. In other words, 

this method employs another dimension of the signal to preserve its energy information. 

Besides, it does not require the energy window calibration; it suffices to adjust the 

threshold slightly over the noise level. Furthermore, the output signal carries both time 

and energy information, and hence there is no need for an additional timing component. 

The time resolution of typical ToT ASIC boards can be as short as 100 ps [30]. 
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Figure 4.5. Basic concept of conventional ToT. 

 

The great advantage of ToT method over the conventional ADC (used for MCA) is 

that it can be applied to all the channels individually for two outstanding reasons; firstly, 

it only generates a 1-bit signal, secondly, it has a very compact design in a sense that a 

large number of channels (48 or 64 channel in this presented work) can be converted over 

a small ToT ASIC board. Consequently, this enables digital multiplexing since a 1-bit 

digital signal can easily propagate through digital gates without any distortion. 

Several modified ToT methods have been introduced in the literature to improve both 

energy and time resolution [30–35]. It is interesting to know that both PHA and ToT 

method each utilizes only one dimension of the signal; PHA takes the pulse-height, and 

ToT takes the pulse-width. Consequently, the modified ToT methods attempt to 

incorporate both information to make a protocol to generate output pulses with better 

energy and time resolution. 

Grant and Levin proposed a dual-threshold ToT method for fast timing in coincidence 

detection, particularly for TOF-PET [30]. In this scheme, there are two compact 

comparators. One for the low threshold, as in the conventional ToT, which is set slightly 

above the noise level, and one for the high threshold which is set below the 511-keV 

photopeak. The duration of the signal from rising above the low threshold until falling 
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from the high threshold is recorded (see Figure 4.6). If the signal fails to cross the high 

threshold within a predefined delay time, the output pulse-width will be equal to the delay 

time and will be skipped by the processing unit. 

Shimazoe et al. proposed the novel dynamic ToT method [31]. In this method, the 

threshold value for the comparator gets positive feedback from the input signal and 

increases slowly by using a simple RC integral circuit (RC ramping) until it meets the 

signal again. This duration is recorded as the ToT pulse (see Figure 4.7). The employment 

of the dynamic threshold significantly improves the energy resolution of the ToT method. 

This energy preservation makes this method a reasonable option for detection systems or 

imaging machines where energy discrimination is essential. In the study of collimator-

based double photon imaging, which is presented in Chapter 6, the system must 

distinguish between 171-keV and 245-keV photons, and hence the dynamic ToT method 

is an apt choice for ADC. 

Yonggang et al. proposed a more complex dynamic ToT scheme which requires first 

recording many output signals to define the dynamic threshold curve, and then a digital 

signal synthesizer to implement this curve as an analog time-varying voltage [32]. Kim 

et al. proposed a multi-ToT method in which the signal is fed to 4 ToT blocks with 

different threshold values [33]. The ToT pulses are then analyzed for energy and time 

resolution as well as positioning the origin of the signal within the detector array in case 

of multiplexed input signals. Orita et al. suggested that the ToT method can also be 

applied in current-mode readout schemes which results in a significant time resolution 

due to the low impedance and consequently a broad bandwidth [34]. This method 

provides a 50-ps FWHM time resolution that makes it a perfect choice for TOF-PET 

systems. 
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Figure 4.6. Dual threshold ToT scheme proposed by Grant and Levin [30]. 

 

 

Figure 4.7. Dynamic ToT method proposed by Shimazoe et al. [31]. 
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The ring of detectors in PET could be arranged in a circular or modular configuration. 

The modular PET shown in Figure 4.8 has certain advantages over the circular 

configuration. First of all, the scintillator crystals can be arranged in rectangular blocks 

which is easier than arranging them in a circular configuration. Secondly, the readout 

scheme is also modular, and each module has an individual readout circuit. Moreover, it 

is easier to change the size of the ring by simply adding more modules without changing 

the crystal arrangement and readout scheme. 
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Figure 4.8. A modular PET system with pixelated crystal arrays or monolithic block crystals. 

4.4.1. Detectors 

In order to achieve 1-mm spatial resolution, the detector pitch must be 2 mm including 

the crystal width and reflector thickness. To this end, the crystal size of 1.6 × 1.6 × 15 

mm3 was chosen to be covered with a 0.2-mm thick reflector. 

Choice of crystal 

Several factors must be kept in mind when choosing a scintillator crystal for PET 

imaging. First, the crystal must have enough stopping power to stop 511-keV photons. 

This depends on the density and the effective atomic number (Zeff) of the crystal 

compound. The effective atomic number of a compound is the atomic number 

representing the attenuation properties of the compound. Scintillators with higher Zeff are 

more likely to stop incident photons and hence they provide better γ-detection efficiency 

for a given length of the crystal. 
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Another important factor is the light yield or photon yield that is the total light 

produced through the scintillation process, which determines the energy resolution of the 

detector. The energy resolution is an important parameter for PET detectors because a 

scattered photon is no longer propagating in the opposite direction with respect to its pair 

and thus it must be discarded. The light yield is also an imperative factor for DOI-PET 

detectors, which is explained later. 

Another factor is the scintillation decay time. When a γ photon interacts with the 

valance electrons in the crystal lattice, it takes time (typically in the picosecond range) to 

elevate the electrons to the conduction bands. This contributes to the intrinsic rise time of 

the scintillator. Then, a pretty long time is needed for the excited electrons to decay to the 

intermediate bands provided by the activator. This contributes to the intrinsic decay time 

of the scintillator, which can be as small as 600 ps for BaF2 or as large as 1 µs for CsI:Tl. 

Such a long decay time can affect the performance of the detector by elongating the dead 

time of detection. Thereby it is not an apt choice for PET since the activity and thus the 

count rate is usually high. Particularly in TOF-PET, the timing precision in coincidence 

detection is essential, which limits the choice of scintillator crystal to those with short rise 

and decay time [121, 122]. 

A list of scintillator crystals used in PET detectors was provided in Table 3.1 in the 

previous chapter. Among all, Ce:GAGG has a relatively high density and effective atomic 

number (Zeff) that facilitates the detection efficiency of the system. It has a light yield 

(57,000 photon/MeV) that provides a high intrinsic energy resolution. Therefore, it is a 

good choice for our system development, particularly its high light yield will come in 

handy for dual-ended readout with unpolished crystal which will be explained in the next 

chapter. Also, GAGG is not self-radiative. LSO, LYSO, LuAG, and LuAP that are 
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commonly used in PET developments are self-radiative due to the radioactivity of 

lutetium. Nevertheless, GAGG has a relatively high decay constant (88 ns) in comparison 

with other scintillators. This time constant could be decreased by increasing the 

percentage of the activator [123]. Kamada et al. [124] also proposed co-doping GAGG 

with cerium and alkali earth elements to improve its decay time. However, this 

characteristic is important only in TOF-PET systems which is not within the scope of this 

system. 

Photodetector 

In the past decade, SiPMs have been extensively used in PET detector developments 

thanks to their high sensitivity, high photon counting efficiency, good time resolution as 

short as a few picoseconds, their compact design, and being insensitive to the magnetic 

fields in hybrid PET-MRI systems. In this work, KETEK PM1125 SiPM array (12 × 12) 

with a pixel size of 1.6 mm and a pitch of 2 mm operating with -32.5 V was selected. The 

1.6-mm pixel size provides us with a perfect individual coupling of crystal and SiPM. 

PM1125 has 25-µm-wide microcells which increases the quantum efficiency compared 

to the previous version (PM1150). The only drawback of this SiPM is that the active area 

of each pixel is 1 × 1 mm2 which results in 60% loss of the scintillated light. The SiPM 

array and GAGG array is shown in Figure 4.9. The 0.4-mm gap between crystals was 

filled with BaSO4 for optimum reflection of the scintillated light. The scanner is designed 

for small animal studies. Therefore, a small ring with a 70-mm diameter is plausible. To 

make this ring size, 8 modules of the SiPM-GAGG array are required to be arranged in 

an octagonal configuration shown in Figure 4.10. 
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Figure 4.9. SiPM array and GAGG crystal array 

 
Figure 4.10. Animal PET scanner with 8 modules of 12 × 12 detector array. 
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Figure 4.11. Readout scheme for fully digital data acquisition and processing. 

 

 

 

Figure 4.12. Data acquisition unit used for digital PET system. 
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Figure 4.13. Digital readout configuration. 

 

4.4.2. Digital Readout Scheme 

One of the main objectives of this research is to develop a digital readout scheme for 
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The DAQ used in this system has a dynamic ToT data logger board consisting of 2 FPGA 

boards operating with a 400-MHz clock – equivalent to 2.5 ns time resolution – to collect 

data and an AMD® E1-2100 (1.0 GHz) CPU to process the data (Figure 4.12). Two DAQs 

装置構成
Ce:GAGG-SiPM 

144ch

Digital TOT 
DAQ

USB/SSD

(a)

(b)

(c)

(a) PETリングモジュール (8個) 
• 144ch GAGG結晶 (1.9mm pitch) 
• 144ch SiPMアレー (1.9mm pitch) 
• 48ch AD変換ASIC×3 (TOT 50ps) 
• エンコードFPGA 
• FPGAソフト (マルチプレクサ) 
• 接続極細同軸ケーブル 
• 遮光ケース 

(b) データ取得システム  
• 144ch TOT幅、時間、ch記録 
• 標準 2.5 ns (高速TDC 40ps) 
• FPGAソフトウェア 
• 極細同軸ケーブル 

(c) データ取得、制御PC  
• ASIC制御ソフト 
• データ取得ソフト 
• 取得データ解析ソフト 
• (画像再構成ソフト) 

DAQ1 

DAQ2 

Pulse Generator 100 Hz 

MUX 



DEVELOPMENT OF DIGITAL ANIMAL PET WITH 1-MM SPATIAL RESOLUTION 63 

 

were used since each has only 6 input ports. Therefore, 4 modules were connected to each 

DAQ, and a synchronization pulse was sent to both DAQs. Figure 4.13 shows the 

schematic view of the readout configuration. The acquired data were analyzed with time 

fixing and demultiplexing to extract coincidences and reconstruct the image. 

4.4.3. Experimental Setup 

A set of experiments were performed in the radioisotope center using 18FDG, 22Na, 

133Ba, and 57Co sources. In all experiments, PET ring and DAQs were placed in a chamber 

under 20°C temperature and 35% humidity. Background activity was also measured and 

was affirmed that the background activity was low. 

4.5. Results and Discussion 

During measurements, the threshold value controller of many channels stopped 

functioning, and hence it was no longer possible to adjust the optimum threshold for them. 

This could have happened due to applying a higher voltage for writing the value, applying 

a higher operating voltage for a long time, or short-circuit between one board to the supply 

pin of the board behind in the arrangement. Therefore, to have a balanced performance 

we let all the channels work with the default threshold, and as a consequence energy 

resolution was poor. In order to calibrate for the energy window, the right-side value of 

FWHM of the 133Ba spectrum was chosen as an energy threshold for the incidents with 

511 keV energy (Figure 4.14). To be assured that the problem is from ASIC boards, the 

pulse-height spectra of several channels were recorded by using an MCA. The spectrum 

by MCA had a clear photopeak for 511 keV emission of 22Na (Figure 4.15). 
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Figure 4.14. Pulse-width spectra of 18FDG (511-keV), 133Ba (302~356 keV), 57Co (122~136 keV) 
from a selected detector. Due to the unset threshold values, photopeak is not seen. Therefore, the 
right side half-maximum value of the 133Ba spectrum is used as a threshold to skip low energy 
events. 

 

 

Figure 4.15. Pulse-height spectrum of the selected channel acquired by an MCA. 
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Figure 4.16 shows the coincidence time of the detected coincidences by a selected pair 

of facing detectors. The histogram was fitted with a gaussian curve with ~ 12.5 ns FWHM. 

This means that the system is still capable of detecting coincidences with a coincidence 

time window of ~ 15 ns which is comparable to other reported PET systems [125] even 

though detectors do not show good energy resolution. 

After setting the time window, coincidence data was extracted and implemented in an 

MLEM algorithm to reconstruct the image. Figure 4.17 depicts the reconstructed image 

of a 22Na point-source with a 0.7mm diameter positioned roughly in the center of the 

ring. The point is reconstructed with 1.07 ~1.21 mm resolution. In brief, a small animal 

PET scanner with a ~ 1-mm spatial resolution was developed with ToT front-end ASIC 

and fully digital data acquisition. The system performance was evaluated, and a spatial 

resolution of 1.14 mm was achieved in the center of FOV. In order to gain the best 

performance from the system, the threshold values for ToT ASICs must be optimized 

individually for each detector channel. 

 

Figure 4.16. Coincidence time resolution between a selected pair of facing detectors. 
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Figure 4.17. Reconstructed image of a 0.7mm 22Na source using MLEM algorithm (10 iteration). 
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5. DUAL-ENDED READOUT FOR 

SUBMILLIMETER PET IMAGING 

Parallax error is quite significant in small animal PET systems and it should be 

resolved for the future system development since it is more severe for a system with finer 

pitch. The remedy for this error is depth of interaction identification which is explained 

in this chapter with common methods in the literature. The most effective method for 

pixelated arrays is the dual-ended readout method. A great advantage of this method is 

that it can be implemented with a full digital readout system. The materials and methods 

for this study are presented in section 5.3. The results of this work help us to make the 

right choice of surface roughness for the crystal to be assembled in the modules and final 

PET ring with the 1.36-mm detector pitch in the next small animal PET system. 

5.1. Parallax Error in PET Images 

In the previous chapter, the factors that affect the spatial resolution of a PET system 

were described and formulated in equation (4.1). However, this equation is insufficient to 

describe the spatial resolution of a PET system. This equation is valid only for the center 

of the ring. The spatial resolution in other regions of FOV is completely different. Figure 

5.1 figuratively demonstrates how and why spatial resolution varies in the FOV. The 

reason simply arises from the length of crystals contributing to the uncertainty associated 
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with the LORs. When the activity is in the center of the ring, coincidences always involve 

facing detectors. Consequently, the corresponding LORs would have uncertainty as wide 

as the detector pitch, resulting in half-pitch FWHM resolution in the center. However, 

when the activity is off-center, since annihilation photons could have interacted at any 

depth inside the crystals, the whole contour of the crystals contributes to the uncertainty, 

making much wider LORs. This is called parallax error and increases radially in the FOV. 

Xia et al. [7] modified equation (4.1) into the following equation in order to include 

parallax error: 

Γ = 𝑎ab!
(
c
(
+ |B$%!$|

G$
𝑠( + (0.0022𝐷)( + 𝑟( + 𝑏(   (5.1) 

where l is crystal length and s the radial distance from the center of the ring. 

 

 

 

Figure 5.1. Origin of parallax error in PET images. 
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Figure 5.2. Figurative illustration of how DOI improves spatial resolution in PET. 

 

 

 

 

Figure 5.3. Effect of modular configuration on LOR and consequently spatial resolution in PET. 
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5.2. Depth of Interaction 

Resolving parallax error requires positioning of the incident photons in the 3rd 

dimension; through the length of crystals. In a nutshell, the depth of interaction of the 

incident photons in the crystals must be extracted. If this positioning has the same 

resolution (certainty) as of the positioning in the other two dimensions, the parallax error 

will be eliminated from the image. This can be seen figuratively in Figure 5.2. In fact, in 

equation (5.1), one would substitute DOI resolution, w, for l; 

Γ = 𝑎ab!
(
c
(
+ |H$%!$|

G$
𝑠( + (0.0022𝐷)( + 𝑟( + 𝑏(   (5.2) 

In modular configurations for PET detectors in the ring, there is another small error as 

a result of non-circular configuration, which is shown in Figure 5.3. DOI resolution 

eliminates this error as well and improves the spatial resolution of the image in a way that 

spatial resolution will become more uniform all over the image. 

DOI information also improves the time and energy resolution of the system. For the 

time resolution, the arrival time of scintillated photons slightly varies according to the 

depth of interaction and is averaged over the length of crystal in absence of DOI 

information [121, 122, 126]. With DOI information available, the arrival time of 

scintillated photons is averaged over a segment of the crystal. In the same way, the amount 

of light collected at the photodetector, which determines the energy of the incident photon, 

depends on the depth of interaction. With DOI information available this is averaged over 

a segment of the crystal, providing sharper energy resolution. Both time and energy 

resolution can be calibrated for various depths of the crystal during DOI calibration. 
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5.2.1. DOI Estimation Methods 

Monolithic block crystal with 3D positioning 

Monolithic block crystals have been used in gamma imaging since the invention of the 

so-called scintillation camera by Hal Anger [52, 120]. Even though pixelated crystals 

were developed for better positioning accuracy, the ease of fabrication and assembly still 

kept monolithic blocks in use since the alignment of pixelated crystals on PMT pixels is 

a tedious job and requires high precision particularly for detectors with a relatively small 

pitch. In systems with monolithic blocks, the bulk crystal is coupled to an array of PMTs 

as shown in Figure 5.4. The scintillated light is shared by all the pixels in PMT array; 

however, due to the difference in solid angles and distance from point of interaction 

(knowing that light has attenuation in the crystal), pixels right below the interaction point 

would have larger outputs. By using some statistical methods, the 2D position of 

interaction is estimated. By the same token, the vertical position of interaction could be 

estimated. Statistical methods, in general, require a large amount of memory and complex 

algorithms to trace back the origin of interaction [127, 128]. An alternative method is to 

employ neural networks that were first applied to 2D positioning in 1996 by Delorme et 

al. [129], and two years later to 3D positioning by the same group (Clément et al.) [130]. 

Despite all the advancements in mathematical algorithms and instrumentation to 

increase the accuracy of positioning the origin of scintillation, PET scanners with 

monolithic blocks fail to provide theoretical spatial resolution as discussed before. 

Moreover, these advancements require excess costs on electronic devices and memories. 

Particularly with recent precision in crystal array fabrication and alignment, the use of 

crystal arrays is becoming more widespread in the field. 
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Figure 5.4. Light sharing method for a monolithic block crystal coupled to a PMT array 

 

Multilayer scintillators 

The monolithic block crystal was pixelated in 2D with an array of long, narrow crystals 

to provide considerably accurate 2D positioning within the block. In the same way, one 

may think of pixelating the crystal in the 3rd dimension as well. This is the basic idea of 

multilayer scintillator crystals. However, inserting a PMT array for each layer is not 

practical and hence PMT array remains 2D at the bottom crystal array. Therefore, some 

practical implementation is required. 

One simple idea is shown in Figure 5.5 in which a stack of two identical crystals with 

a gap in between is used [131]. The gap makes turbulence in the propagation of the 

scintillated light. As a consequence, the output signal would have different rise time and 

decay time depending on the layer where the incident photon interacted. The crystal may 

be split into more layers to increase the DOI positioning accuracy; however, there is 

always uncertainty in the positioning the original layer of interaction since the difference 

in the output signals is considerably small. 

In order to increase the contrast in the rise time and decay time of output signals 

depending on the layer of interaction, the phoswich (phosphor sandwich) concept is 

PMT Array 
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recommended; the idea that was introduced a long time ago (Wilkinson 1952, [132]). In 

this scheme as shown in Figure 5.6, two (or more) layers of crystals with different timing 

performance are used [133]. It could be either two different scintillators or two identical 

scintillators but different percentages of activator (doping). 

Even though the phoswich detectors show better DOI capability than the stacked 

identical layers, the DOI resolution is still limited to the number of layers, and fabricating 

crystals with more than 5 layers is quite impractical. Nagarkar et al. [134] proposed the 

continuous concept of phoswich in which the percentage of doping varies continuously 

through the length of the crystal. The idea is fascinating; however, the fabrication of such 

crystals has its own complications in crystal growth. 

 

 

 

Figure 5.5. The idea of stacked crystal for multilayer scintillation detector [131]. 

 

 

 

Figure 5.6. Concept of phoswich (phosphor sandwich) scintillation detector. 
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Another multilayer array scheme is fabricating a 3D array of identical crystals 

separated from each other by air gaps and reflectors in a way that the scintillated light is 

guided to a number of PMTs [135]. By employing some algorithms, the origin of 

scintillated light can be traced back. This method also has complications in assembling 

and aligning the crystals in the array as well as in the signal processing to estimate the 

position of interaction. Moreover, DOI resolution in this method is again limited to the 

number of layers in the array. 

Wavelength discrimination method 

In some crystals, e.g. GAGG, the absorbance spectrum has a transition that overlaps 

with their emission spectrum. This is shown in Figure 5.7 for GAGG crystal. This means 

scintillated photons with shorter wavelengths have short absorption length and thus 

dissipate in the crystal unless the interaction point is close enough so that they could reach 

to PMT. In early studies we used this feature to estimate DOI [136, 137]. However, there 

is no photodetector able to discriminate the wavelength of scintillated photons. One 

possible solution to utilize this feature as we described in [136, 137] is to couple the 

crystal to a pixelated PMT where a sharp cut filter is attached on half of the pixels. Pixels 

covered with the optical filter are connected together to make one output signal, and other 

pixels are connected together to make another output signal. The ratio of filtered PMTs 

to non-filtered ones is a measure to estimate DOI. However, DOI resolution in this method 

is not sufficient since the sharp cut filters are not perfect and also there is always crosstalk 

between PMT pixels. 

Dual-ended readout 

A very simple but effective method that has been studied in the past two decades is the 

dual-ended readout method [8–14] in which two photomultipliers are coupled to the top 
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and bottom of a single crystal as shown in Figure 5.8. The ratio of one output to the sum 

of outputs gives information regarding the position of interaction. In recent studies on the 

dual-ended readout detectors, less than 2-mm DOI resolution was achieved [9, 138, 139]. 

This fine resolution is difficult to achieve with multilayer crystals and 10 layers of crystals 

are required in fabrication, which is not feasible. Indeed, a great advantage of the dual-

ended method is that it is applied to a single continuous layer of crystal and thereby it has 

no physical limitation as in multilayer schemes. 

 

 

Figure 5.7. Absorbance and emission spectra of Ce:GAGG crystal. 

 

  

Figure 5.8. Dual-ended readout detector for DOI identification. 

 

have wavelengths with higher absorbance 
rate are most likely to be absorbed by the 
crystal unless the interaction occurs close 
to the photodetector. Therefore, the 
average counts in that range of 
wavelengths (below 530 nm according to 
Fig. 2) highly depends on DOI. This effect 
was observed through a spectrometer by 
laser-excitation of a 40-mm-long crystal 
from lateral side (Fig. 2). By taking 
advantage of such characteristic, one can 
take the ratio of counts in lower 
wavelengths (e.g. below 530 nm) to the 
total counts to estimate DOI. However, in 
practical case it is not possible to use 
spectrometer to discriminate photons based 
on their wavelengths, and current detectors 
does not have such capability. Therefore, 
we proposed to use two photodetectors, 
each of which covers half area of crystal 
face, and a sharp-cut filter mounted only on 
one of the detectors. The ratio of the 
filtered output to the other output could be 
used to estimate DOI. The proposed design 
is not spatially uniform, however, as long 
as the interaction point is fixed at the 
central axis of crystal, it can be considered 
uniform. In practical implementation, since 
the interaction point for each DOI is 
unclear, a uniform configuration is 
mandatory and for which two-output 
multichannel SiPM can be used with 
checker- or stripe-pattern filtration design. 
 

3.  Simulation 
 

The proposed method was simulated in SLITRANI, a general purpose Monte Carlo 
simulation program built upon ROOT Data Analysis Framework. SLITRANI is the Super 
version of LITRANI standing for “light transmission in anisotropic medium” [7]. A 
2×2×20-mm3 GAGG:Ce scintillation crystal with refractive index of 1.87 was connected 
to two avalanche photodiodes (APDs) by a very thin (100-µm) layer of Meltmount-1704 
glue with refractive index of 1.704. Absorption length spectra of glue and APDs as well 
as refractive index spectrum of APDs were defined in simulation set-up. There was a thin 
dead space between APDs. A 90-µm thick optical filter was inserted in the glue medium 
on top of one of the APDs. Crystal and glue were wrapped by Teflon with refractive index 
of 1.35 while APDs were wrapped by a total absorbing medium. For each DOI, 1000 
events were recorded and in all events the interaction point was set on the central axis of 

 
Fig. 1. Emission and absorbance spectra of GAGG:Ce. 

Fig. 2. DOI-dependency of spectra of detected photons 
seen by spectrometer. 
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6. COLLIMATOR BASED DOUBLE-PHOTON 

IMAGING 

The readout system for this method is of great importance. Since photons with different 

energies must be detected, the readout scheme must preserve the energy resolution of the 

original signal. To this end, a dynamic ToT-based readout was applied and evaluated in 

the experiments. 

6.1. Method and Materials 

6.1.1. Readout 

The signals were readout through a 64-channel dynamic ToT board that preserves the 

high energy resolution of the detectors to extract 171 keV and 245 keV incidents. Data 

was stored in a DAQ unit with 2.5 ns resolution described in Chapter 4 (Figure 4.12). 

6.2. Experiments and Results 

6.2.1. Energy and Time Calibration with dToT 

One of the concerns in this study is designing a full digital readout system with ToT 

method. In this part of research, the dynamic ToT concept [31] was used since the energy 

of target photons are different and thus the energy resolution is of great importance. 
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Preliminary measurement with a 1-MBq 111In source was done to evaluate the method. 

The source was prepared at the bottom of a microtube with a 2-mm diameter at the bottom 

and a 4-mm diameter at the top. The focal point was set on the center of the source and 

data was recorded in 12 hours to calibrate for energy (pulse-width) window and 

coincidence time window.  

Figure 6.1 shows the pulse-width spectra of a sample channel. Even the photopeak for 

X-ray emission from electron capture can be observed. We can compare this energy 

response with that of PET detectors with normal ToT in Chapter 4. This vast difference 

comes from the size of crystals, the active area of SiPM pixels, and the ToT methods. 

 

 

Figure 6.1. Pulse-width spectra from a sample channel. 
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6.3. Discussion 

The detector module combined with the dToT method provides an excellent energy 

response enabling the discrimination of X-ray emission, 171-keV, and 245-keV peaks 

required for proper coincidence detection. In PET, only 511-keV is emitted and the system 

could work even with poor energy resolution, as shown in Chapter 4. However, in DPECT, 

energy resolution is of great importance and normal ToT is not a proper readout scheme. 

Therefore, the dynamic ToT was applied. 



 

 

7. DISCUSSION AND CONCLUSION 

This research was particularly done towards developing high-resolution coincidence 

imaging systems (PET and DPECT) with full digital readout schemes using time-over-

threshold (ToT) methods. Particularly in PET, since the trend is reducing the detector 

pitch and implementing the dual-ended readout for DOI identification, the number of 

channels is increasing generation by generation. In Chapter 4, it was explained that why 

individual readout is necessary in order achieve sub-mm resolution. The conventional 

multiplexing network limits the spatial resolution to 1-mm and no further improvement 

can be done by reducing the crystal size – since in such a case b is ~ 1.1 mm in equation 

(4.1). Quantitively speaking, for a system with 2-mm pitch pixelated detectors and 

conventional multiplexing scheme (electronic encoding, b = 1.1), the spatial resolution 

in the center of the ring is ~ 1.5 mm, while 1-mm resolution is expected from 2-mm 

detector pitch. 

On the other hand, reading out the large number of channels without multiplexing is 

not feasible. With the conventional ADC approach, each channel will be digitized in 12 

bits which multiplies the number of outputs by 12. ToT is an alternative ADC method that 

provides a single-bit output for each channel. It is also very compact since it has only one 

comparator. Therefore, it can be implemented for a large number of channels on a small 
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ASIC board. Since each channel has only one-bit signal, digital multiplexing is feasible, 

and it does not make any distortion in demultiplexing because the signal is encoded 

digitally and decoded in the data processing. Sometimes, miscoding happens due to some 

noise or pulses from neighboring channels. In such cases, that pulse cannot be decoded, 

and it will be skipped, and therefore, it does not lead to mispositioning of the original 

detector. In this sense, this readout scheme is robust against noise. 

The proposed readout scheme was tested in a smaller scale (smaller number of 

channels) first. A modular PET system with 2-mm detector pitch was assembled. Each 

module was 12 × 12 detector array (144 channels). Even though the ToT ASICs were 

partially broken, and the threshold level could not be adjusted (leading to very poor 

energy resolution), the data was recorded, decoded, coincidence data was extracted, and 

a ~ 1-mm spatial resolution was assessed in the center of the ring. 

Next step was reducing the detector pitch for next digital animal PET system with sub-

mm resolution. The pitch should be around √2 so that within the same dimensions the 

number of channels will be twice. KETEK GmbH manufactures SiPM arrays (PM1125) 

with 1.36-mm pitch which is close to √2. This can provide 0.7 mm spatial resolution in 

the center of the ring, however, in order to develop a submillimeter PET imager, it is 

essential to apply a DOI method to the system. Since the detector has smaller pitch and 

longer length (for better detection efficiency), parallax error is more severe. In the 2-mm 

system the spatial resolution at the edge of FOV is ~ 4 mm (at center ~ 1 mm), while in 

the 1.36 mm system, it is ~ 6 mm (at center 0.7 mm). 

Another issue is the ToT method. In the 2-mm system, the energy of the signals was 

not of great importance and normal ToT could still provide good digital signals. However, 

since DOI identification in dual-ended method is done by comparing the energy of the 
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two outputs, it is important to preserve the energy of the signals. Therefore, normal ToT 

is not a good choice. Slew-rate ToT method could be an option that is going to be 

evaluated with the 2-mm system. Dynamic ToT (dToT) is another alternative since it can 

provide a linear response over a vast range of energies. In other words, ToT pulse-width 

generated by dToT is proportional to the energy of the analog signal over a wide range. 

Therefore, it can preserve the contrast between outputs and hence the DOI resolution of 

the detector. 

In order to show the great capability of this digital readout method in energy 

preservation, the performance of a collimator-based double-photon imager coupled to a 

dynamic ToT board for digital readout was evaluated. In DPECT, energy resolution is of 

a great importance since photons with different energies are emitted. The collimator-

based DPECT itself is a new imaging modality. Its concept and the preliminary design of 

the collimator was discussed in Chapter 6. Possible radionuclides with double photon 

emission were introduced and the system was used to scan an 111In source. Results show 

a very good energy response in the sense that even 26-keV X-ray emission can be 

distinguished thanks to the great energy preservation of capability of the dToT method. 

However, further optimization of design is required to achieve a reliable image. 

Particularly, the coincidence count rate was too low in this experiment. Only 64 central 

holes of the collimator were coupled to detectors. If all 256 holes are covered with 

detector, the coincidence count rate increases by a factor 16. Also, the size of the 

collimator could be expanded to introduce more channels and increase the solid angle 

coverage. Doubling the dimensions (2D) increases the coincidence count rate by a factor 

16. The focal distance of the collimator (70 mm) is too long for animal studies where 30 

mm is enough. Another parameter to be optimized is the collimator thickness which was 
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30 mm in this current design. A 20-mm thickness is enough in the case of 111In to stop 

171-keV and 245-keV photons. The latter two modifications together reduce the distance 

of the detector plane to the focal point to half (from 100 mm in current design to 50 mm), 

which increases the coincidence count rate by a factor 16. It should be noted as well that 

the source activity was 1 MBq, while in animal studies 40-50 MBq is generally used, 

which means 40-50 times better count rate. 

All these measurements and investigations will lead to a digital animal DOI-PET 

aiming at sub-mm resolution currently under development. Two important components 

of this system are dual-ended detectors and digital readout. The digital readout component 

must preserve this DOI capability. The finer pitch along with implementing dual-ended 

detectors increases the number of channels by factor 4 which brings up the need for ToT 

readout method. The proposed digital approach is excellent in encoding and decoding the 

signals, however, the challenge is energy resolution of the method. In order to preserve 

DOI capability of the detectors, the readout system must preserve energy resolution, and 

to this end slew-rate ToT method is under investigation, as well as dynamic ToT method 

that was evaluated for DPECT system.  
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