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Abstract: Conventional imaging techniques such as SPECT and PET cannot directly 
identify the positions of individual decaying nuclei. As such, they heavily rely on statistical 
backprojection for image point reconstruction. Therefore, this study explores an 
alternative approach using non-collinear gamma-ray cascade emissions, which are emitted 
directly from the decay position and unaffected by positron movement. Detecting these 
cascades in coincidence allows precise localization of decay events, enabling direct image 
point reconstruction. To evaluate this concept, GATE Monte Carlo simulation was used 
to simulate the cascade emission from 111In-ion point sources and detection using 
collimated small animal PET scanner. Finally, a custom image reconstruction algorithm 
was developed to estimate the three-dimensional position of a decaying nucleus by 
calculating the midpoint of the shortest segment, or the intersection, between two 
collimator projections from a valid coincidence event. The results show that at the center 
of the field of view, image sensitivities of 22.2 cps/MBq in air and 20.0 cps/MBq in a 
PMMA phantom were achieved. Furthermore, a spatial resolution of 4.1 mm FWHM was 
obtained in the transaxial direction and 7.6 mm FWHM in the axial direction. The imaging 
system is capable of resolving two-point sources separated by 8.0 mm (transaxial) and 
10.0 mm (axial). The results from this simulation study indicate that the proposed imager 
with its image reconstruction method surpasses conventional PET and SPECT in 
emission point localization accuracy. 

Keywords: Medical image reconstruction, non-collinear gamma ray, 3D source location, 
GATE Monte Carlo simulation. 
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Estudo por simulações de Monte Carlo 
das emissões correlacionadas em 
cascata de raios gama não colineares 
para imageamento médico 

Resumo: Técnicas de imagem convencionais, como SPECT e PET, não conseguem 
identificar diretamente as posições dos núcleos individuais em decaimento. Por esse 
motivo, dependem fortemente da retroprojeção estatística para a reconstrução dos pontos 
de imagem. Assim, este estudo explora uma abordagem alternativa baseada em emissões 
em cascata de raios gama não colineares, que são emitidas diretamente a partir da posição 
de decaimento e não são afetadas pelo movimento do pósitron. A detecção dessas cascatas 
em coincidência permite a localização precisa dos eventos de decaimento, possibilitando 
a reconstrução direta dos pontos de imagem. Para avaliar esse conceito, utilizou-se a 
simulação Monte Carlo GATE para simular a emissão em cascata de fontes pontuais de 
¹¹¹In e a detecção por meio de um scanner PET colimado para pequenos animais. Por 
fim, foi desenvolvido um algoritmo personalizado de reconstrução de imagem para 
estimar a posição tridimensional de um núcleo em decaimento, calculando o ponto médio 
do menor segmento — ou a interseção — entre duas projeções de colimador 
provenientes de um evento de coincidência válido. Os resultados mostram que, no centro 
do campo de visão, foram alcançadas sensibilidades de imagem de 22,2 cps/MBq no ar e 
20,0 cps/MBq em um fantoma de PMMA. Além disso, foram obtidas resoluções espaciais 
de 4,1 mm FWHM na direção transaxial e 7,6 mm FWHM na direção axial. O sistema de 
imagem foi capaz de resolver duas fontes pontuais separadas por 8,0 mm (transaxial) e 
10,0 mm (axial). Os resultados desta simulação indicam que o dispositivo de imagem 
proposto, juntamente com seu método de reconstrução, supera as técnicas convencionais 
de PET e SPECT em termos de precisão na localização do ponto de emissão. 

Palavras-chave: Reconstrução de imagem médica, raio gama não colinear, localização 
3D da fonte, simulação Monte Carlo GATE. 
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1. INTRODUCTION  

Single photon emission computed tomography (SPECT) and positron emission 

tomography (PET) are commonly used imaging modalities in nuclear medicine. Despite their 

widespread clinical uses, both PET and SPECT are not capable of locating individual 

decaying nuclei [1, 2]. In the case of SPECT, the information is limited to the direction of 

the photon along a collimation axis. While PET provides a straight line-of-response (LoR) 

between the two detectors registering a coincidence pair. Thus, neither modality can 

determine the location of an individual decaying nucleus. These limitations necessitate 

statistical backprojection techniques to reconstruct an image.  

Furthermore, in a PET imaging system, the annihilation point may not correspond to 

the decay vertex of the nucleus due to the random motion of positrons, and therefore the 

point of gamma emission. The reconstructed LoR, thus, may not overlap with the tumor 

location and would blur the image. Recently, the time-of-flight (TOF) PET has been 

developed, and due to its high time resolution [3, 4, 5], the position of a positron can be 

estimated at a higher resolution, and not only along a line as in conventional PET [3, 6]. 

However, the position of an individual decaying nucleus still cannot be located due to 

random positron movement.  

Several studies identify this issue, and many solutions have been proposed and others 

are being experimented [2, 7, 8]. It has been proposed that medical imaging by the non-

collinear gamma-ray cascade decay with collimated detectors is likely a promising way to 

overcome the stated limitations in conventional PET and SPECT for at least two reasons 

[9]: event-by-event analysis determines the decay vertices of nuclei and the emissions are 

devoid of blurring from random positron motions [1, 10]. The proposed method is reported 

to improve signal-to-background ratio [7], and more specifically by a factor of more than 3 

compared to that of conventional SPECT imaging systems [11].  
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Several radio-isotopes decay through the emission of cascade gamma rays. Some of 

these radio-isotopes are already being used in nuclear medicine and other are still under 

research. The cascade gamma rays from these radio-isotopes can be detected in coincidence 

and used to create coincident event-based images. By detecting cascade-emitted photons in 

coincidence with angular-resolving detectors, the source position can be localized through 

the intersection of their trajectories. Angular resolution can be achieved using either 

Compton imaging or mechanical collimation [11, 12].   

While several groups have taken the advantage of cascade gamma-rays in creating 

coincident-based images [7, 8, 10, 13 - 20], the idea of producing coincidence-based images 

from cascade gamma-rays using a collimated PET scanner has not been explored. It is a well-

known feature of some radioactive isotopes with cascade gamma-rays that their angular 

correlations are non-collinear [1, 21]. Thus, a coincidence detection of a non-collinear 

cascade pair, with the same electronic arrangement as in PET, but with an additional retrofit 

of a physical collimator as in SPECT imaging assembly, will yield a three-dimensional (3D) 

decay vertex of each nucleus. Usually, through finding an intersection point or mid-point of 

the shortest segment between two non-collinear collimator projections, a 3D vertex (image 

point) of a decaying nucleus can be found [8, 18].  

Indium-111 (111In) isotope with a 2.83 days physical half-life has been identified as a 

good test candidate. 111In decays by electron capture (99.99%) to 111Cd, emitting a strong 

gamma ray cascade pair of 171.3 keV (90.61% yield) and 245.4 keV (94.12% yield), with 85 

ns as the half-life of the intermediate state of the cascade emission [18, 22].  The two major 

emitted gamma-rays are resolved and exhibit high yield. These features make 111In an ideal 

tracer for the diagnosis and assessment of many health disorders [23, 24].  

To explore the idea of using physically collimated small animal PET as a prototype to 

produce coincidence-based images from the non-collinear cascade gamma-ray emissions of 

111In isotope, a Geant4 Application for Tomographic Emission (GATE) Monte Carlo 

simulation was used to simulate the emission and detection of cascade gamma-ray using a 
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small animal PET instrument of pixelated gadolinium orthosilicate (GSO) detectors [9]. 

GATE is an open-source software dedicated to image simulation (SPECT, PET, CT, and 

optics) and radiotherapy [25]. The analysis of GATE simulations were performed using a 

written C++ file executed through root software [26]. 

2. MATERIALS AND METHODS 

2.1. Small animal PET imaging system 

A small animal PET imaging system of RIKEN used in this study has been described 

in detail elsewhere [9, 27, 28 - 31]. The aforementioned small animal PET assembly is mainly 

used for research purposes. Its geometric characteristics and detector material composition 

are given in Table 1.  

Table 1: The geometric characteristic of a RIKEN small animal PET assembly 

ITEMS DESCRIPTION 

Detector material GSO (Ce) 

Dimensions of the Lower/First layer of crystals (mm3) 1.6 × 2.4 × 7 

Dimensions of the Upper/Second layer of crystals  (mm3) 1.6 × 2.4 × 8 

Crystal Array 11 × 15 

Crystal pitch (mm) 1.7 × 2.5 

Number of crystals per detector (module) 165 

Number of detectors (modules) in the system 16 

The outer diameter of the prototype (mm) 130 

The inner diameter of the prototype (mm) 95 

Axial field of view (mm) 37.5 

 

2.2. The model of a small animal PET imaging system with collimators 

Figures 1(a) and 1(b) show a photo of a RIKEN PET and the GATE simulation of 

RIKEN PET, respectively. In the GATE digitization module, 0.549 ns was used as the time 

resolution of the Gadolinium Orthosilicate (GSO) crystal [32]. The time resolution is defined 
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by how accurately the time at which a photon crossed the detector can be determined. Based 

on the geometry of the RIKEN PET assembly, a trapezoidal-shaped collimator geometry 

was designed [31]. Figure 1(c) and (d) shows the GATE simulated model of the RIKEN 

PET assembly to which the collimators are attached.  

Figure 1: RIKEN PET assembly. (a) A photo of the PET system [28], (b) GATE model of the PET 
system, (c) and (d) GATE model of the PET system with collimators (in blue) attached. 

          

As shown in Figures 1 (c) and (d), the collimation system is made of 16 trapezoidal 

collimator blocks (in blue), making a polygonal ring with an outer minimum radius of 41 

mm. With the trade-off between geometrical acceptances, photon leaking via septa walls, and 

spatial resolution in mind, a septa thickness of 1.0 mm was used.   
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Because of its high stopping power, pure tungsten (W) with a density of approximately 

19.3 g/cm3, was chosen and simulated as collimator material over Lead and other commonly 

used collimator materials. The simulated single collimator block had dimensions of 16.31 

mm × 37.5 mm for the surface-facing crystals and dimensions of 12.33 mm × 37.5 mm for 

the surface-facing scanned object [31]. The thickness of the collimator (hole length) was 

limited to 10 mm to avoid overlapping of neighboring collimator blocks. A single collimator 

block consists of 105 holes (1.5 × 0.7) mm [31]. The collimator holes are centered on the 

crystals, with a 7×15 array as shown in Figure 2.  

Figure 2: The view of a single PET module fitted with one of the collimator designs within GATE. The 
detector crystals (yellow) are 2.4 mm × 1.6 mm, separated by 0.1 mm reflectors. The trapezoidal collimator 

outline (blue) encloses the collimator holes (white). 

 

 

 

 

 

 

 
 

2.3. Radioactive source modeling and simulations  

In this study, for coincidence based images and their imaging parameters, a 111In ion 

point-like source with a diameter of 0.25 mm and an activity of 2.0 MBq was simulated for 

900 s (Figure 3). The full radioactive decay of 111In, which includes the emission of 171.3 keV 

and 245.4 keV gamma rays and an intermediate half-life of 85 ns [8, 18], was incorporated 

into the simulation.  
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Figure 3: GATE simulation of a collimated PET detector, with phantom and a decaying source. 

 

 
However, for testing if the source was modelled and simulated correctly, through 

assessing the curve if it portray an exponential decay, as well as evaluating the lifetime 

between cascade photons, an 111In-ion point-like source with 1.0 MBq and a diameter of 0.25 

mm was simulated for 100 s at the center of the field of view (FoV) of an uncollimated small 

animal PET scanner. 

 

2.4. Image reconstruction algorithm and imaging parameters  

2.4.1. Image reconstruction algorithm 

As described by [31], the image reconstruction algorithm consists of several steps. 

First step is to detect two gamma-rays from a single cascade pair in coincidence, second is to 

construct two non-collinear lines stemming from interaction positions (P1 and P2), which 

passes through the collimator holes (collimator projections), resembling to SPECT 

acquisition. The last step, is to determine the intersection point or mid-point of the shortest 

segment between the two non-collinear lines. If the two non-collinear lines (in red), which 

are defined normal to the detector crystal face, are very close to each other but do not 
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intersect (skew) as shown in Figure 4, then a 3D decay vertex is then computed as the mid-

point located on the shortest segment between the two skew lines. However, if the lines 

intersect, the intersection point between the two lines determine a 3D decay vertex of 

individual nucleus. As shown in Figure 4, the mild-point formula was used to solve for 3D 

vertex in both skew and intersecting lines conditions. However, this algorithm is not valid 

for parallel detector orientation (180o detector orientation).  

Figure 4: Illustration of image reconstruction algorithm and procedure. The light blue dashed lines 
emitted from the source to P1 and P2 represent the 171 keV and 245 keV gamma-rays, respectively [8, 31].  

 

Therefore, with an optimal collimation system, radioisotope distribution that emits the 

non-collinear gamma-rays in cascade is then assembled by the intersections of the lines, 

which are 3D points. These 3D points are regarded as small volumes of radioisotope 

distribution. Finally, the whole image, which is the representation of radioactivity distribution 

in the scanned object, is then reconstructed from all the small volumes binned together. The 

algorithm has been designed to accept gamma-ray energies of 171.3 keV ± 15% and 245.4 

keV ± 15%. Also the two single events must be detected within a set time coincidence 

window of 100 ns. A detailed description of the coincidence detection of the non-collinear 

gamma-rays cascade and the image reconstruction algorithm can be found elsewhere [8, 31].  
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2.5. Coincidence event-based images 

i) Image sensitivity 

The image sensitivity, which is quantified as the number of useful detected coincidence 

photons per second relative to the amount of radioactivity in the scanner (cps/MBq) was 

determined with a 0.25 mm diameter, 2.0 MBq 111In-ion point-like source in air and then in 

a cubic (10 × 10 × 10 mm) polymethyl methacrylate (PMMA) phantom as scattering 

medium. In all cases, the source was located at the center of the FoV. The acquisition time 

was 900 s, whereby a total of 1.8 × 109 decays was simulated and transported. Finally, valid 

coincidence events in all detector orientations (except for parallel detectors) were used to 

reconstruct the two-dimension (2D) images and estimation of sensitivity.  

ii) Spatial resolution and image size 

To determine the spatial resolution and estimation of image size, five-point sources of 

0.25 mm, 1.0 mm, 2.0 mm, 4.0 mm, and 8.0 mm diameter each, containing 0.4 MBq, 2.0 

MBq, 3.0 MBq, 5.0 MBq, and 7.0 MBq each, were simulated in the air at the center of FoV 

for 900 s each. The one-dimension (1D) projections acquired from each direction (x, y, and 

z) were plotted into histograms, and followed by fitting to a Gaussian function to obtain the 

sigma value (σ). The spatial resolution in terms of full width at half maximum (FWHM) was 

calculated as shown in Equation (01). The simulation data for the point source in PMMA 

phantom given in part (i) were used to determine the effects of scatter on spatial resolution. 

The FWHM (mm) values were used as an estimate of the size of the reconstructed images in 

the transaxial direction (x-axis and y-axis) and axial direction (z-axis). 

     FWHM= 2.35482 × σ                         (01) 

Where the FWHM is the calculated spatial resolution and σ is the standard deviation 

iii) Resolving power 

To determine the resolving power of the prototype imager, two-point-like sources 

each with 0.25 mm diameter and 2.0 MBq in a PMMA phantom, were simulated close to 

each other, at 1.0 mm, 2.0 mm, 3.0 mm, 4.0 mm, 5.0 mm, 6.0 mm, 7.0 mm, 8.0 mm, 9.0 mm 
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and 10 mm distances between centers of the point sources in transaxial and axial directions. 

Each phantom with its point sources was simulated separately for 900 s. The 2D flattened 

images as well as their 1D projection profiles were used to estimate the resolving power of 

the simulated imager. 

3. RESULTS AND DISCUSSIONS 

3.1. Validation of 111In source modeling and simulation  

i) Decay exponential curve 

The coincidence events were extracted using a 100 ns time coincidence window. 

Subsequently, the timing plots (time2 - time1) of the coincidences under three different 

conditions were analyzed.   

Firstly condition, with no cut – to show the total acquired coincidence events: 

Coincidences->Draw ("time2-time1",""). The timing plot shows a total of 7,247,942 

coincidences. However, no exponential decay is evident (see Figure 5). Secondly, a simple 

energy cut to the timing plot (time2-time1): Coincidences->Draw ("time2-time1", 

"energy1+energy2>0.280"), was applied to reveal true coincidences after removing crystal-

crystal scatters. It appears more like an exponential decay (see Figure 6), but there is still a 

significant amount of background due to recorded low-energy accidentals. 
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Figure 5: Timing plots (time2-time1) of coincidences acquired through simulation of a full radioactive 
decay of 111In-ion point-like source : With no cut. 

 

 

Figure 6: Timing plots (time2-time1) of coincidences acquired through simulation of a full radioactive 
decay of 111In-ion point-like source : With simple energy cut. 

 

                                                                                  
 Thirdly, to reveal only the true coincidences, both the energy cut and the true events 

cut: Coincidences-> Draw ("time2-time1", "energy1+energy2>0.280 && eventID1 == 

eventID2") were applied to the timing plot (time2 - time1). As shown in Figure 7, an 

exponential decay is evident as expected.  
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Figure 7: Timing plots (time2-time1) of coincidences acquired through simulation of a full radioactive 
decay of 111In-ion point-like source : With both the energy cut and the true events cut. 

                   

 
ii) The 85 ns lifetime between 171.3 keV and 245.4 keV  

To verify that the lifetime between 171.3 keV and 245.4 keV was correctly modelled 

in GATE simulations, the timing plots (time2-time1) with energy cuts and true coincidence 

event cuts, as shown in Figure 6, were fitted to an exponential function in ROOT, as 

illustrated in Figure 8. The fitting results are provided in Table 2. 

Figure 8: Timing plot (time2-time1) of true coincidence events for a full radioactive decay fitted with 
exponential function. 
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Table 2: Results of exponential fitting function 

Parameter (p) name Values Error 

Constant ( op ) 1.11159 × 101 8.93246 × 10-4 

Slope ( 1p ) - 8.19001 × 106 1.72832 × 104 

The intermediate state lifetime between 171.3 keV and 245.4 keV is obtained by 

applying the data from the fitting output to the equations (02) and (03) below. 

( ) ( )0 1  expf x p p x= + 
                                              (02) 

( ) ( )0    exp tf x N


−=                                                                   (03) 

Note that, for 85 ns lifetime, τ can be computed theoretically using equation (04). 

785    1.226  10 s
ln 2

ns −=  
                                             (04) 

Where P0 corresponds to the initial number of coincidence events, and P1 corresponds 

to the negative decay constant (Slope obtained after applying fitting as shown in Figure 8). 

No represents the y-intercept of the fitted plot in Figure 8 (Maximum number of coincidences 

counts: No = 67232) and τ represent mean lifetime. 

To align the fitting equations with the decay equation, a comparison between equa-

tion (02) and equation (03) was conducted. Initially, equation (02) was expanded, and 

subsequent parts of its equation were compared with equation (03), where by the τ from 

simulated data was calculated using equation (05). 

             
1

1
p

 −=  =   ~ 1.221  × 10-7 s                                                                     (05) 

Now the τ value from simulated data aligns closely with the expected theoretical value 

85 ns lifetime, as indicated by Equation (04). Therefore, after applying a fit to an exponential 

function, the measured intermediate state lifetime between 171.3 keV and 245.4 keV gamma 

rays emitted in the cascade decay of the indium source was found to be 84.6333 ± 0.2080 ns 

(computed using Equation (05)). This measured lifetime is consistent with theoretical or 

experimental values ranging from 84.5 ns to 85 ns [8, 18].  



 
 

Nkuba and Lugendo 

Braz. J. Radiat. Sci., Rio de Janeiro, 2026, 14(2): 01-26. e3031.  
  p. 15 

 

3.2. Coincidence event-based images 

i) Image sensitivity 

Figures 9 and 10 show the brightest 2D slices of an image from the 3D reconstructed 

position vertices of a single point source in the air and the PMMA phantom, respectively. 

The images were displayed in transverse, coronal, and sagittal views. The voxel bins of 

reconstructed images are 1.22 mm in size. The sensitivity of 22.2 cps/MBq was obtained for 

the 111In-ion point-like source in the air at the center of FoV. For the 111In-ion point-like 

source in the PMMA phantom at the center of FoV, the corresponding sensitivity value was 

20.0 cps/MBq. The introduction of PMMA phantom naturally reduces the sensitivity by a 

factor of approximately 1.1 compared to a sensitivity of a point source in the air. 

Figure 9: 2D-slices of an image of a single point source in the air; (a) Transverse view, (b) Coronal view, 
and (c) Sagittal view. The image pixel size is 1.22 mm × 1.22 mm. 

 
                 (a)                                         (b)                                        (c) 

Figure 10: 2D-slices of an image of a single point-source in PMMA phantom; (a) Transverse view, (b) 
Coronal view, and (c) Sagittal view. The image pixel size is 1.22 mm × 1.22 mm. 

 
     (a)                                          (b)                                        (c) 

Results show that the imager has a system sensitivity of approximately 22.2 cps/MBq 

which corresponds to a coincidence detection efficiency of approximately 2.2 × 10-5 for 111In 

source in the air at center FoV. The coincidence detection efficiency was computed as the 

ratio of the number of valid coincidence events in detector orientations (except for parallel 
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detectors) to the total number of simulated decays. Therefore, regardless of the physical 

geometry, simulated or prototype imaging system, the coincidence detection efficiency value 

from the proposed imaging modality is far better compared to previously reported imaging 

systems based on cascade gamma ray imaging [9].  

Other previous imaging systems have reported inferior performances [33]. For 

instance, systems with parallel hole collimation were reported to have coincidence detection 

efficiency of about 6.0 × 10−8 for 111In [18], 4.38 × 10-8, and 2.51 × 10-8 for 111In and 177Lu, 

respectively [8]. While with a focused collimator, the coincidence detection efficiency of 1.6 

× 10−7 for 111In was reported [34]. Other coincidence imaging designs such as Compton 

camera and dual gamma cameras-one with a multi-slit collimator, and the other with a multi-

pinhole collimator reported partial success of about 3.56 × 10−6 and 3.85 × 10−6 coincidence 

efficiency [20, 35]. Owing to its design, our imager is made of several detectors surrounding 

a source, hence a better system performance was expected. 

The introduction of PMMA phantom naturally reduces the sensitivity from 22.2 

cps/MBq to about 20.0 cps/MBq. The reason for this reduction is due to scattering in the 

phantom, which lowers the number of valid coincidence events from 40440 to 35999. This 

sensitivity value of about 20.0 cps/MBq (0.000020 cps/Bq) can be contrasted with the 

sensitivity of about 0.015 cps/Bq acquired by the same small animal PET scanner operating 

in a normal PET acquisition model, with a 0.25 mm diameter and approximately 400 kBq, 

22Na point source in a scattering medium (cubic PMMA phantom) at the center of FoV [30]. 

This represents a sensitivity difference of about a factor of 1:750. Therefore, from these 

values, it is clear that the practical use of this imaging system is challenged by the low 

sensitivity. However, this loss of sensitivity, which is caused by reduced geometric efficiency 

due to physical collimation, is overcompensated by the image reconstruction algorithm as 

each reconstructed decay vertex constitutes an image point, which is not an obvious case in 

conventional PET and SPECT imaging modalities. 
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ii) Spatial resolution and image size 

Results obtained for spatial resolution (FWHM) of simulated point sources are 

presented in Table 3. The reconstructed image of a 1.0 mm diameter 111In-ion point-like 

source in the air (Figure 9) had a spatial resolution of 4.1 mm FWHM, 4.0 mm FWHM and 

7.6 mm FWHM, in the x-axis, y-axis, and z-axis, respectively. These values are similar to the 

spatial resolution of reconstructed images for the same point source simulated in PMMA 

phantom (Figure 10), which are 4.1 mm FWHM, 4.0 mm FWHM, and 7.8 mm FWHM in 

the x-axis, y-axis, and z-axis, respectively. Thus, it was concluded that the spatial resolution 

of the proposed imaging system is 4.1 mm FWHM, 4.0 mm FWHM and 7.6 mm FWHM in 

the x-axis, y-axis, and z-axis, respectively (Table 3). 

Table 3: FWHM values (mm) for the single-point sources. 

Source geometry and size 
(mm) 

Transaxial direction Axial direction 

x-axis 
(mm) 

y-axis 
(mm) 

z-axis 
(mm) 

Diameter = 0.25 4.1 4.0 7.6 

Diameter = 1.0 4.1 4.0 7.6 

Diameter = 1.0 a 4.1 4.0 7.6 

Diameter = 2.0 4.3 4.3 7.7 

Diameter = 4.0 5.1 b 5.0 b 8.1 

Diameter = 8.0 7.3 b 7.2 b 9.1 b 

aSource in PMMA phantom. 
bSizes of the source were bigger than the FWHM of the imager for a particular direction, and hence the 

quantified sizes of images were almost the same as the sizes of the source. 

 
As shown in Table 3, for a 0.25 mm diameter 111In-ion point –like source simulated in 

the air at the center FoV, the spatial resolution of the imaging system in the transaxial 

direction was 4.1 mm FWHM in the y-axis, 4.0 mm FWHM in the x-axis, and in the axial 

direction was 7.6 mm FWHM. The image resolution was better in the transaxial direction 

than in the axial direction, because the size of the collimator hole in the transaxial is less 

compared to the hole size in the axial direction. The hole size usually affects the angular 

acceptance. Thus, with the smaller size of the hole, the narrow beam of photons is allowed 

to reach the detectors and hence good spatial resolution is expected. As expected, the spatial 
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resolution values for reconstructed images of the single 111In-ion point-like source simulated 

in air and in the scattering medium were the same (Table 3). Therefore, it can be concluded 

that the scattering medium does not affect spatial resolution.  

The acquired spatial resolution of 4.1 mm and  4.0 mm FWHM (in the x and y-axis), 

and 7.6 mm FWHM (in the z-axis) were poor compared to the spatial resolution of 2.9 mm 

FWHM (in the y-axis) and 2.4 mm FWHM (in the z-axis) in conventional small animal PET. 

The observed poor spatial resolution in the proposed imaging system might have resulted 

from septa penetration, geometric response, and septa scatter [36]. However, the spatial 

resolution from the proposed imaging system was better compared to other coincidence 

imaging systems. For example, coincidence imaging designs such as time-of-flight and 

Compton camera were reported to have a spatial resolution of 20.0 mm and 28.0 mm, 

respectively [19, 35].  

Despite their promising figure for coincidence detection efficiency, the absence of 

physical collimation affected spatial resolution [19]. For collimated coincidence imaging 

systems, the resolution from our imager was within the reported resolutions of 6.7  to 7.0 

mm for an imager with dual cameras, one with a multi-slit collimator, and the other with 

a multi-pinhole collimator [20]. Compared to clinical imaging systems, the resolution of 

our imager was better than that of clinical SPECT which ranged from 10.0-12.0 mm 

FWHM, and was within the reported spatial resolution of clinical PET which ranged from 

5.0-7.0 mm FWHM [36]. 

Despite poor spatial resolution of 4.1 mm and 4.0 mm FWHM (transaxial) and 7.6 

mm FWHM (axial) compared to that of a conventional small animal PET scanner, thanks to 

the ability of our custom image reconstruction algorithm, since with only 1,000 image points, 

our imager is capable of reconstructing images with sizes which are closer to the true sizes 

of scanned objects. However, the same phenomenon would require about 750,000 image 

points in conventional PET.  
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The relationship between the size of a scanned object (i.e., source) and FWHM can 

be deduced from Table 3. It was observed that if the size of the scanned object is greater or 

equal to 4.1 mm FWHM in transaxial (x-axis and y-axis), and greater or equal to 7.6 mm 

FWHM in axial (z-axis), then the size of the scanned object becomes approximately equal to 

the respective FWHM (mm) value. For instance, when the 8.0 mm diameter source was 

simulated, the spatial resolution values were 7.3 mm FWHM, 7.2 mm FWHM, and 9.1 mm 

FWHM in the x-axis, y-axis, and z-axis respectively. The quantified FWHM (mm) values 

were closer to the true diameter of the source. The observed differences in estimated image 

size compared to the corresponding true source size is a result of variation in FWHM value. 

For parallel hole collimators, the FWHM changes depending on the source position relative 

to the collimator hole. 

iii) Resolving power 

Test results for the two-point sources placed closely one to each other are presented 

as reconstructesd 2D images and 1D projection profiles in Figure 11 and 12. One can notice 

that the two sources at 7.0 mm (Figure 11 b) and 8.0 mm (Figure 11 c) distance in transaxial 

(x-axis) can be easily differentiated with a peak valley. In the axial direction, it can be seen 

that the two-ion point-like sources are partially resolved when placed at 9.0 mm distance 

apart center to center (Figure 12 b), and resolved when placed at 10.0 mm distance apart, 

center to center (Figure 12 c).    
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Figure 11: The 2D flattened images integrated over the Z-axis, and their corresponding 1D-projections of 
two 111In point sources in transaxial (x-axis) direction: (a) separated 6.0 mm apart (b) separated 7.0 mm 

apart, and (c) separated 8.0 mm apart. 

 

                     

 
 
 
 
 
 

 
           

 
 
              

           (a)                                     (b)                                     (c) 

 

Figure 12: The 2D flattened images integrated over the Y-axis, and their corresponding 1D-projections of 
two 111In point sources in axial (z-axis) direction: (a) separated 8.0 mm apart (b) separated 9.0 mm apart 

and, (c) separated 10.0 mm apart. 

 

 

 

 

 

 

 

 
 

           (a)                                  (b)                                     (c) 
 
The proposed imaging system can resolve two-point sources separated 8.0 mm 

distance apart, center to center in transaxial (x-y plane) direction, and 10.0 mm apart, center 

to center in axial (z-axis) direction, respectively. For the distances below 8.0 mm and 10.0 
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mm in the transverse and axial directions, the presence of a background in the reconstructed 

image makes the source separation impossible as shown in Figure 11 and 12. The difference 

in system resolving power has been triggered by the differences in collimator hole size in the 

transaxial and axial directions. In nuclear medicine, the resolution of an imaging system is 

mainly dependent on several factors: the size of the detector elements, the energy of the 

emitted positrons, collimator hole size, and filtering applied during or post-image 

reconstruction. Thus, in this simulation study, collimator hole size has played a great role in 

estimating the image resolution and resolving power of the proposed imaging system as no 

filtering was applied.  

4. CONCLUSIONS 

This paper presents simulation results of the proposed medical imaging system using 

a small-animal PET scanner. Coincidence detection of non-collinear cascade gamma rays 

with collimated, pixelated GSO: Ce detectors showed promising performance. The method 

successfully localized source emission points without complex reconstruction algorithms, 

producing transverse, coronal, and sagittal images with minimal blurring. Future work will 

involve a prototype imaging experiment after fabricating and integrating the collimator 

system with the PET scanner. 

The custom image reconstruction algorithm developed by Nkuba and Lugendo [31], 

used in this study, employs two collimator backprojections from valid coincidence events to 

estimate each decay vertex. This approach could be improved by including back-to-back 

(collinear) coincidences, which account for about 7.1% of valid non-collinear events. The 

algorithm can also be adapted for other radioisotopes with cascade gamma-ray decay, though 

optimizing collimator geometry for different energies remains a challenge. 

The main limitation of this approach is reduced geometric efficiency compared to 

standard PET, due to collimator use. To address this, we propose reconstruction algorithms 
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that eliminate the need for collimated detectors. The current system’s geometric acceptance, 

considering collimator losses, is about 10%, while a comparable PET system without 

collimators achieves roughly 30% [37]. Increasing acceptance to 30% and above would 

enhance data acquisition rates and image contrast. 
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