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A B S T R A C T

Background: High-resolution small-animal SPECT imaging plays a pivotal role in preclinical research by enabling 
quantitative visualization of radiopharmaceutical distribution in animal models. However, challenges, including 
physical degrading factors, such as photon attenuation, scattering, and limited spatial resolution hinder SPECT’s 
quantitative accuracy. Advanced reconstruction algorithms are essential to mitigate these effects and enhance 
image fidelity.
Methods: We developed a quantitative iterative reconstruction algorithm for the developed silicon photo
multipliers (SiPMs)-based HiReSPECT II preclinical SPECT system, incorporating resolution recovery, attenua
tion correction, and scatter compensation. Resolution recovery was modelled using a distance-dependent 
Gaussian collimator-detector response (CDR). Attenuation correction was implemented via binary attenuation 
maps with photon path-length calculation using Siddon’s ray-tracing method. Scatter correction was performed 
on list-mode data by estimating and subtracting scattered events using the Dual-Energy Window (DEW) tech
nique. The reconstructed images were calibrated to absolute radiotracer concentration units. Quantitative im
aging performance was validated using uniformity and NEMA NU 4–2008 image quality phantoms, followed by 
in vivo mouse imaging studies.
Results: The proposed algorithm significantly enhanced image quality and quantitative accuracy. Resolution 
recovery improved sharpness, while scatter and attenuation corrections minimized artifacts and ensured uni
formity. Key metrics demonstrated substantial improvements in contrast, uniformity and resolution. Quantitative 
accuracy also significantly improved.
Conclusion: Incorporating resolution recovery, scatter correction, and attenuation correction into preclinical 
SPECT image reconstruction is critical for achieving high quantitative accuracy. The integration of these tech
niques in systems, such as HiReSPECT II, establishes a new benchmark for preclinical imaging, facilitating 
radiotracer development and advancing translational research.

1. Introduction

Single-Photon Emission Computed Tomography (SPECT) is a nuclear 
medical imaging technique that enables three-dimensional visualization 

of radiotracer distribution by detecting emitted gamma rays [1–3]. Due 
to its ability to quantify physiological processes, such as perfusion, 
metabolism, and receptor density, SPECT has become a cornerstone in 
both clinical diagnostics and preclinical research [4–6]. In translational 
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small-animal imaging, SPECT plays a critical role in studying disease 
mechanisms, drug development [7,8], and therapeutic interventions, 
particularly in cardiology [9,10], oncology,and neuroscience [11]. 
However, physical limitations of SPECT [12]—including finite spatial 
resolution, photon attenuation, and Compton scattering—pose signifi
cant challenges in achieving quantitative accuracy, especially in small- 
animal studies where high resolution and sensitivity are essential.

The primary factors degrading SPECT image quality include 
collimator-detector response (CDR), which introduces spatial blurring 
and limits resolution; attenuation effects where gamma photons are 
absorbed or scattered as they traverse tissue, leading to non-uniform 
signal loss; and Compton scattering, which contributes to background 
noise and reduces image contrast [13]. Early reconstruction methods, 
such as filtered backprojection (FBP), limited by noise amplification and 
an inability to model these physical effects [14]. Iterative reconstruction 
techniques, including maximum likelihood expectation maximization 
(MLEM) [15] and ordered subsets − expectation maximization (OSEM) 
[16], significantly improved quantitative accuracy by incorporating 
system models and physical corrections. Recent advances have further 
refined these methods through resolution recovery techniques (e.g., 
distance-dependent CDR modelling [17,18] or Monte Carlo-based 
blurring kernels [19,20]), CT-derived attenuation correction [21,22]
and advanced scatter correction methods. such as Monte Carlo simula
tion [23,24] or energy-window-based approaches (dual-energy window 
(DEW)/triple-energy window (TEW)) [25–29].

In addition to earlier work demonstrating the benefits of physical 
corrections for quantitative SPECT imaging, recent methodological ad
vances continue to refine both resolution modelling and scatter 
compensation strategies. Polson et al. proposed a computationally effi
cient collimator–detector response (CDR) compensation method using 
one–dimensional convolutions and rotations that significantly reduce 
computational cost while maintaining quantitative fidelity compared to 
traditional two–dimensional models, illustrating ongoing interest in 
efficient resolution recovery modelling [30]. Ebrahimifard et al. inves
tigated the impact of reconstruction algorithms incorporating enhanced 
resolution modelling on recovery coefficients in phantom studies, 
highlighting how physics–based PSF/CDR models influence quantifica
tion of small structures [31]. Concurrently, recent evaluations of energy 
window–based scatter correction techniques, including comparisons 
between dual-energy window (DEW) and triple-energy window (TEW) 
methods, have demonstrated that optimized scatter estimation improves 
contrast recovery and uniformity, with TEW showing advantages under 
specific conditions [32]. Additional studies in cardiac and bone SPECT 
imaging have quantitatively shown that both DEW and TEW reduce 
scatter–related bias relative to uncorrected data, further supporting the 
continued relevance of energy window–based approaches for quantita
tive SPECT [33]. These contemporary contributions corroborate the 
importance of integrating advanced resolution modelling and tailored 
scatter compensation within iterative reconstruction frameworks, situ
ating the present work within current research efforts aiming at 
enhancing quantification and image quality in SPECT.

Despite substantial advances in small-animal SPECT imaging, robust 
quantitative performance in preclinical settings remains challenging due 
to photon attenuation, scatter, and limited system resolution. Here, a 
complete reconstruction framework was developed from the ground up, 
incorporating attenuation correction, scatter correction, and resolution 
recovery directly into the reconstruction process. All correction models 
and the core projector–backprojector pair were implemented indepen
dently, without reliance on external tools or post-processing modules.

A key aspect of this study is the full integration of the proposed 
framework into the reconstruction pipeline of a commercially available 
high-resolution preclinical SPECT system developed by our group for the 
biomedical research market. This real-world deployment on the opera
tional industrial platform enabled comprehensive evaluation using 
physical phantoms and animal datasets acquired at multiple preclinical 
imaging facilities, providing direct comparison with the manufacturer’s 

standard reconstruction under routine operating conditions.
This integration into an operational commercial system facilitates 

the assessment of the method’s performance in authentic preclinical 
environments and supports its potential adoption in research settings 
that rely on established small-animal SPECT instrumentation.

This study presents a quantitative reconstruction algorithm for 
small-animal SPECT that incorporates resolution recovery using colli
mator–detector response (CDR) modelling directly within the projec
tor–backprojector pair, attenuation correction, and an energy-based 
scatter correction method into a unified statistical iterative framework. 
Performance is evaluated through experimental phantom studies and in 
vivo small-animal imaging. By integrating these physical corrections 
within the reconstruction process, the proposed approach seeks to 
improve quantitative accuracy and spatial resolution, thereby 
strengthening the role of preclinical SPECT in drug development and 
precision medicine applications.

2. Materials and methods

2.1. System specifications

The SiPM-based HiReSPECT II scanner is a dual-detector SPECT 
system designed for high-resolution imaging developed in our labora
tory. This system is an upgraded version of the previously reported 
HiReSPECT I platform [34], incorporating enhancements in detector 
configuration, acquisition electronics, and reconstruction framework. A 
detailed technical description of the HiReSPECT II system will be pro
vided in a future article. Each detector head is equipped with inter
changeable collimators, though the current configuration employs 
parallel-hole collimators for optimal sensitivity-resolution tradeoffs. 
The system supports adjustable radii of rotation (ROR), enabling de
tector positioning optimization for specific imaging tasks through syn
chronized radial motion of both heads. The system includes a table 
designed to support the sample, which can translate over a wide range 
along the z-axis of the scanner.

The gantry assembly, which integrates the detectors, collimators, 
and readout electronics, performs step-and-shoot rotations around the 
specimen to acquire 2D projection data at predefined angular intervals. 
Each detector module incorporates four Silicon Photomultiplier (SiPM) 
blocks arranged in a surface-mount technology (SMT) configuration. 
These SiPM (SensL, Ireland) arrays are optically coupled to a pixelated 
Cesium Iodide (CsI) scintillation crystal (EBCO Optoelectronic Tech
nology, Shanghai, China) (68 × 68 array; 1.3 × 1.3 × 5 mm3 pixel di
mensions). The detector face features a lead collimator with hexagonal 
hole geometry (Nuclear Fields Pty Ltd, Australia), characterized by 1.5 
mm apertures, 0.2 mm septa, and 35 mm thickness – parameters opti
mized for 100–200 keV gamma ray detection (Fig. 1).

2.2. Data readout and calibration

SPECT systems capture detailed information for every detected 
photon, such as its interaction coordinates within the detector, the en
ergy deposited during detection, and timing labels called timestamps. 
These parameters are systematically compiled into a sequential data 
structure known as list-mode (LM) format, which preserves the temporal 
and spatial fidelity of each event. The LM data packets are then trans
mitted to the acquisition computer using the User Datagram Protocol 
(UDP), with transfer rates typically ranging between 10 and 50 Mbps, 
depending on system configuration and detector specifications.

To facilitate real-time processing, a multi-threaded acquisition 
pipeline was designed to manage high-speed data reception, perform 
essential calibrations, and verify data integrity. The calibration phase 
incorporates corrections for spatial linearity, energy response, and de
tector uniformity, ensuring that the resulting projections meet the 
necessary quantitative standards for clinical or research applications. By 
maintaining synchronization and minimizing processing delays, this 
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pipeline enhances the reliability of the acquired data for downstream 
analysis.

2.3. Reconstruction framework

2.3.1. Forward projection modelling – System matrix
Image reconstruction, treated as an inverse problem, can be formu

lated as a system of linear equations. 

g = H × f (1) 

In this context, g represents an m-dimensional vector that encodes the 
2D data acquired by the scanner, while f is an n-dimensional vector 
representing the object being imaged. The system matrix H captures the 
characteristics of the imaging system and models the forward projection 
process, mapping the object data f to the measured data g. The matrix H 
also serves as a back-projection operator when its transpose, HT, is 
applied to the measured data g. This forward projection and back- 
projection pair forms the foundation of iterative reconstruction algo
rithms, enabling the iterative refinement of the object estimate f.

The system matrix is constructed by first determining the dimensions 
of the object, voxelizing it, and specifying the number of elements (N), 
detector components (m), and projection angles (K). Projections, which 
represent the total number of gamma photons emitted along a specific 
angle and detected along a single line, are measured at each angle for 
each individual voxel to organize the data. Forward projection algo
rithms, developed from scratch in Python, leveraging NumPy for array 
operations and vectorized calculations, and SciPy’s sparse matrix func
tionality to efficiently store the large system matrix. A matrix of size (K 
× m × N) is initialized with zeros. For each voxel, its corresponding 
projection is calculated and stored as a column vector in the matrix. This 
process is repeated for all N voxels, with each projection placed in 
subsequent columns. The result is a fully populated system matrix, 
generated using Python, for further reconstruction.

2.4. Reconstruction algorithm

In this study, we developed an MLEM-based image reconstruction 
algorithm that utilizes the previously described system matrix as both 
projector and back-projector. MLEM aims to iteratively estimate the 
most likely object distribution from the 2D projection data. The process 
begins with an initial low-frequency guess, typically a matrix of ones, as 
the starting estimate. To compare this estimate with the measured data, 
the estimate must first be transformed into projection space using the 
system matrix as forward projector to simulate the forward projection 
process. The algorithm then computes the error projection by dividing 
the measured projection by the calculated one. Using this error projec
tion, the system matrix acts as a back-projector to generate an error 
image, which is used to update the estimate by multiplying it with the 
current image. This iterative process is repeated for a predefined number 

of iterations or until convergence is achieved. The MLEM algorithm is 
formulated as: 

λ(k+1)
j =

λ(k)j
∑

iaij
Σi

(
yi

Σlail.λ
(k)
l

)

aij (2) 

where λ(k)j denotes the estimated activity of voxel j at iteration k, updated 

to λ(k+1)
j in the next step. The measured projection data in detector bin i 

is represented by yi. The system matrix element aij defines the proba
bility that an emission from voxel j is detected in bin i. The normaliza
tion term 

∑
iaij accounts for the total contribution of voxel j across all 

bins. The denominator 
∑

lailλ
(k)
l , where l indexes all voxels, represents 

the forward projection estimate of bin i.

2.5. Resolution recovery

The primary cause of spatial resolution degradation in SPECT im
aging is the collimator, which exhibits a direct dependency on the dis
tance from the object being image. In this context, the CDR characterizes 
the finite dispersion of photons originating from the patient. Mathe
matically, this relationship can be expressed as: 

(3)

i( x→, x́
→
) is the intrinsic point-source response function that describes 

the probability that a photon incident at position x
→́

is detected at x→, 

g(x
→́
, r→), p(x

→́
, r→) and s(x

→́
, r→) are geometric, septal penetration and 

septal scatter response functions describing the probability that a photon 
emitted at r→ will pass through the collimator holes.

Incorporating the CDR into system modelling via the system matrix 
provides a mechanism to estimate the position-dependent blurring, 
rather than assuming uniform degradation across the field-of-view. 
Iterative reconstruction methods allow for embedding CDR modelling 
within the system matrix, resulting in a representation that more accu
rately reflects the imaging system's physics. This requires computing the 
CDR for all pixels in the image. Since CDR varies with distance, all pixels 
within a single imaging plane can be approximated to share the same 
CDR, significantly reducing computational complexity.

To empirically determine the CDR, a rod source with a known ac
tivity was positioned at varying distances from the collimator (30 mm, 
45 mm, 60 mm, 75 mm, and 90 mm). At each distance, the CDR was 
quantified for each plane using the full-width-at-half-maximum 
(FWHM) metric based on NEMA standards guideline. To achieve a 
continuous representation of the measurements rather than relying on 

Fig. 1. Photographs of the HiReSPECT II animal SPECT scanner.
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discrete distances, a Gaussian function was fitted to the data (Eq. (4). 
This approach facilitated the estimation of statistical distribution pa
rameters, enabling interpolation of the CDR at arbitrary distances.

To integrate the CDR into the system modelling process, the Gaussian 
function's value is applied to account for the influence of a pixel on a 
specific detector bin based on the pixel-to-detector distance. The 
resulting system matrix incorporates the CDR model, providing a more 
accurate depiction of the imaging system's behavior. Using this system 
matrix enables the reconstruction of images with enhanced resolution, 
effectively recovering finer details. 

f(x) =
1

σ
̅̅̅̅̅̅
2π

√ exp
(

−
(x − μ)2

2σ2

)

(4) 

f(x) is the Gaussian probability density function. The variable x denotes 
the random variable under consideration. The parameter μ is the mean, 
specifying the central location of the distribution, and σ is the standard 
deviation, controlling the spread of the distribution. The constant π is 
the mathematical constant pi, ensuring correct normalization.

2.6. Attenuation correction

Photons emitted by an injected radiopharmaceutical attenuate as 
they traverse tissue, with intensity governed by: 

ϕ = ϕ0 exp
[

−

∫

μ(x, y)dr
]

(5) 

ϕ denotes the attenuated photon flux after traversing the object, while 
ϕ0 is the initial unattenuated photons flux. The function μ(x, y) repre
sents the linear attenuation coefficient at spatial position (x, y), char
acterizing the probability of photon interaction per unit path length. The 
integral 

∫
μ(x, y) dr is evaluated along the photon path r, accounting for 

the cumulative attenuation encountered.
Attenuation is depth-dependent: photons emitted centrally travel 

longer paths, suffering greater attenuation than those near the periph
ery. This results in fewer detected photons from central regions and 
relative overrepresentation of edge photons, creating non-uniform 
detection distributions. As an unavoidable effect, this spatial bias com
promises quantitative accuracy in reconstructed images. Thus, attenu
ation correction is essential to mitigate artifacts and ensure diagnostic 
fidelity.

Chang’s attenuation correction method operates under the assump
tion of uniform tissue attenuation coefficients [35]. Correction factors 
are computed and applied to the image to account for photon attenua
tion. To implement this method, the object’s boundary must first be 
accurately contoured in each reconstructed slice, and a uniform atten
uation correction factor assigned to all regions. In animal imaging, the 
body is approximated as water-equivalent, and since the attenuation 
coefficient of water at 140 keV energy is approximately 0.15 cm− 1, this 
value is assigned to all pixels within the segmented region.

The method calculates the attenuation of photons emitted from each 
pixel as they travel within the tissue toward the detector. For a given 
emission angle, the path of each photon is traced to determine which 
pixels it traverses and the extent of attenuation along its path. This 
calculation is repeated for all pixels and all projection angles. The 
resulting attenuation values are stored in the corresponding positions of 
the system matrix. Siddon’s forward projection algorithm is employed to 
compute the path length through each pixel, thereby enabling the 
determination of attenuation for photons emitted from any pixel to the 
detector. The degree of attenuation varies depending on the pixel of 
origin and its spatial position.

During image reconstruction, the system matrix incorporating these 
attenuation values is utilized. For each pixel in the reconstructed image, 
the number of absorbed photons is estimated and added to the recon
structed photon count. This process effectively corrects for attenuation, 

thus improving the quantitative accuracy of the reconstructed images.

2.7. Siddon forward projection

The algorithm was designed to simulate the imaging process by 
modelling the propagation of photons from their emission point to the 
detector [36]. Using a pixel-driven approach, the algorithm traced the 
trajectory of emitted photons and identified the pixels they traversed. As 
photons passed through each pixel, the contribution of secondary 
emissions from that pixel was incorporated into the total photon count 
recorded by the detector. The detector response was primarily deter
mined by the cumulative values of all pixels along the photon path. More 
importantly, the algorithm assigned contribution weights to pixels based 
on the fractional pathlength of the photon within each pixel, rather than 
assigning equal weights to all pixels along the trajectory.

In practice, the algorithm calculated the pathlength of each photon 
through every pixel it traversed. This pathlength was then multiplied by 
the pixel’s emission value, representing the number of photons emitted 
from that pixel. The process was repeated for all pixels along the pho
ton’s path, and the resulting photon count detected at a specific angle 
was computed. This approach allowed for accurate modelling of photon 
attenuation, ensuring a realistic simulation of the imaging process.

2.8. Scatter correction

Simultaneous acquisition of photopeak and scatter window pro
jections was performed using a 30% energy window centred on the 140 
keV photopeak of Tc-99 m, along with a 20% lower scatter window 
positioned below the photopeak. Scatter correction was implemented 
using the Dual-Energy Window (DEW) method, in which the scatter 
distribution estimated from the lower energy window was scaled and 
subtracted from the photopeak projection. In this approach, a scaling 
factor K is introduced to compensate for the difference in scatter in
tensity between the two energy windows. Although a factor of 0.5 is 
commonly reported for clinical SPECT imaging, this value depends on 
object size, energy window configuration, and system characteristics. 
Since the present study involved small-animal imaging with reduced 
scattering volume, the scatter fraction was expected to be lower than in 
human studies. The multiplier factor k was determined experimentally 
using phantom measurements by evaluating reconstructed image 
contrast and background uniformity across a range of candidate values 
(0.25–0.5). A value of k = 0.35 provided the optimal balance between 
background suppression and preservation of activity concentration, and 
was therefore selected for subsequent reconstructions [37]. The cor
rected projections were subsequently reconstructed using the MLEM 
algorithm with 20 iterations. Following DEW subtraction, negative pixel 
values may arise in the scatter-corrected projections due to statistical 
fluctuations and overestimation of the scatter component. Since the 
MLEM algorithm assumes non-negative Poisson-distributed projection 
data, the presence of negative values may lead to numerical instability 
or reconstruction artifacts.

To ensure compatibility with the Poisson statistical model and 
maintain numerical stability, a non-negativity constraint was enforced 
in the projection space. Specifically, any negative pixel values resulting 
from the DEW subtraction were set to zero prior to reconstruction. This 
thresholding step preserves the physical validity of the projection data 
while preventing instability in the iterative reconstruction process.

2.9. Quantification

In SPECT imaging, the voxel values within the image matrix repre
sent the number of counts detected by the gamma camera but do not 
directly provide quantitative information about the actual concentration 
of the radiopharmaceutical in the object. To address this limitation, an 
experimental calibration procedure was conducted to derive a calibra
tion factor (CF) capable of converting voxel values into activity con
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centration, expressed in units of MBq/ml. A point source with a known 
activity was scanned and reconstructed using the SPECT system. The 
system calibration factor was then determined using the following 
formulation, incorporating decay correction to account for the radio
active decay of the source during the experiment: 

CF =
A

V.
∑

R
(6) 

In this formulation, A represents the activity of the point source, as 
measured by a dose calibrator, V denotes the volume of a single voxel, 
and 

∑
R corresponds to the total summation of all voxel values within 

the reconstructed image. By applying the Calibration Factor, derived 
from this relationship, each voxel value in the SPECT image matrix, 
initially representing the number of detected photons, can be converted 
into a quantitative measure of activity concentration. Specifically, 
multiplying the voxel value by the calibration factor yields the activity 
concentration in units of MBq/ml, thereby enabling the SPECT image to 
provide spatially resolved quantitative information about the distribu
tion of the radiopharmaceutical within the object.

The reconstruction package, including resolution recovery, attenu
ation correction, and scatter correction, was developed in Python. The 
software was designed with a well-organized structure to ensure clarity 
and maintainability. A user-friendly graphical interface (GUI) was also 
implemented to provide an intuitive platform for users to interact with 
the package, enhancing its accessibility and usability for practical 
applications.

2.10. Phantom experiments

2.10.1. Animal uniformity phantom
A uniformity phantom is a fillable device designed to ensure a ho

mogeneous radioactive concentration by minimizing air bubbles and 
preventing material adhesion.

2.10.2. Rod source experiment
To evaluate the resolution recovery algorithm's efficiency, a 3 mm 

diameter rod source imaged at five distances (30, 45, 60, 75, and 90 
mm). Reconstructions were performed using two system matrices—one 
incorporating the collimator-detector response function (CDRF) and one 
without. The full width at half maximum (FWHM) computed across all 
slices for both cases and compared to assess algorithmic performance.

2.10.3. NEMA image quality phantom
To assess the system’s quantitative accuracy in more complex 

structures, the NEMA NU 4–2008 image quality phantom, designed for 
small-animal imaging, was utilized. This phantom consists of three main 
components: five rods (hot regions) with diameters ranging from 1 to 5 
mm, a uniform section, and two cylindrical cavities (cold regions) with 
an inner diameter of 8 mm and a length of 15 mm, filled with nonra
dioactive water and air. The phantom’s main body has an inner diameter 
of 30 mm and was filled with a Tc-99 m solution at a concentration of 
13.9 MBq/ml. Scans were performed with a ROR of 50 mm and an 
acquisition time of 30 s per view. Detailed information about scan 

parameters are listed in Table 1. The reported pixel size of 1.4 × 1.4 mm2 

refers to the reconstructed image pixel size after calibration and appli
cation of the system zoom factor. This value differs slightly from the 1.3 
mm detector crystal pitch specified in the system description, which 
corresponds to the physical spacing of the detector elements in the 68 ×
68 crystal array. The slight increase in pixel size arises from the com
bination of reconstruction scaling and calibration adjustments applied 
during the processing of projection data.

To evaluate the system’s quantitative performance, activity con
centration measurements were performed in the uniform region and the 
hot rods of the NEMA image quality phantom. The reconstructed activity 
concentration, corrected for attenuation, scatter, and resolution recov
ery, were compared with the known true concentrations to assess 
quantitative accuracy and recovery performance.

2.10.4. In vivo small-animal studies
To validate the performance and accuracy of the developed quanti

tative imaging methodology, an in vivo animal study was conducted 
under ethics license no. IR.TUMS.AEC.1403.110 from Tehran University 
of Medical Sciences. Three healthy male mice were used for this 
experiment. The animals were anesthetized via subcutaneous injection 
of a mixture containing 10% Xylazine and 10% Ketamine. Following 
anesthesia, 99mTc-DMSA (dimercaptosuccinic acid) and 99mTc-MAA 
(Macro Aggregated Albumin) was administered intravenously through 
the tail vein. Imaging was performed two hours post-injection for renal 
imaging and 15 min post-injection for MAA lung perfusion imaging 
using the acquisition parameters outlined in Table 1. To quantify the 
radiopharmaceutical uptake in the related tissues, the mice were 
euthanized by administering an overdose of the anaesthetic. The kidneys 
and lungs were then surgically excised and the activity concentration 
within the tissue measured using a dose calibrator. Radioactive decay of 
Tc-99 m was corrected for during the interval between dissection and 
dose measurement. Finally, the activity concentrations obtained from 
the dose calibrator was compared with those derived from the recon
structed images to evaluate the accuracy of quantitative imaging.

2.11. Performance evaluation metrics

2.11.1. Full-width at half-maximum (FWHM)
The Full-Width at Half-Maximum (FWHM) represents the spatial 

spread of a point spread function (PSF) or line spread function (LSF) at 
half of its maximum intensity. According to SPECT imaging NEMA 
system performance standards, the FWHM is calculated by first 
acquiring an image of a point source at a specified distance. The 
reconstructed image profile, depicting pixel intensity distribution along 
the image is then plotted. The pixel with maximum intensity and its two 
adjacent pixels are selected, and a parabolic function was fitted to these 
three points to determine the profile's peak intensity. Given that the 
image profile approximates a Gaussian distribution, the points at half- 
maximum intensity on each side of the peak identified through inter
polation. Finally, the average distance between these two points is re
ported as the FWHM.

2.11.2. Spill-over ratio
The Spill-Over Ratio (SOR) is a key quantitative parameter in SPECT 

imaging that evaluates both the system's measurement accuracy and the 
reconstruction algorithm's ability to confine radioactive tracer activity 
within defined regions without spillover into adjacent areas. Specif
ically, SOR quantifies the degree of radiotracer leakage from high- 
activity (“hot”) regions into neighboring low-activity (“cold”) regions, 
serving as an important metric for assessing image quantification 
performance.

For experimental measurements, a NEMA image quality phantom 
was injected with a standard radiotracer concentration and imaged 
under standard SPECT acquisition protocols. The obtained projections 
were reconstructed using the system's standard iterative algorithm. Cold 

Table 1 
Acquisition parameters for phantom and in vivo animal SPECT imaging studies.

Parameters Phantom and animal imaging

Head Configuration Dual–Head
Radius of Rotation (mm) 30 – 50
Imaging Mode Step and shoot
Number of projections 64
Angular Step (Degree) 2.81
Time per View (Sec) 30
Matrix Size 64 x 64
Pixel Size (mm) 1.4 x 1.4
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rod regions within the hot background were then selected as regions of 
interest to establish high activity-contrast interfaces. Circular ROIs were 
precisely drawn on both hot background and cold rod regions in mul
tiple transverse slices. The SOR is then calculated as: 

Spill − OverRatio =
Activityinadjacentcoldregion

Activityinhotregion
(7) 

2.11.3. Recovery coefficients
The Recovery Coefficient (RC) quantifies the accuracy of SPECT 

systems in measuring true activity concentrations, accounting for partial 
volume effects and reconstruction algorithm performance. The RC is 
defined as: 

RecoveryCoefficient =
MeasuredActivityConcentration

TrueActivityConcentration
(8) 

Experimental measurements were performed using a NEMA image 
quality phantom with known activity concentrations. The projections 
were reconstructed using the quantitative algorithms, and ROIs placed 
on resolution rods (4–17 mm diameter). RC values were calculated to 
evaluate system performance across different spatial scales.

For SOR and recovery coefficient (RC) calculations, circular ROIs 
were defined using a custom ROI tool enabling controlled selection of 
centre, radius, and slice. ROIs were placed on the central transaxial slice 
at the visually identified peak of each rod. Diameters of 1.5, 2, 3, and 4 
pixels (2.1–5.6 mm) were used to approximate the physical rod sizes 
while accounting for the 1.4 mm pixel size. RC and SOR values were 
calculated across all transaxial slices containing the respective struc
tures (hot rods and cold regions), and the reported values correspond to 
the mean across these slices. Identical ROI definitions were applied 
across all reconstruction and correction schemes to ensure consistency.

3. Results

3.1. Resolution Recovery

3.1.1. Fitting parameters
To quantitatively characterize the collimator-induced spatial blur

ring, an experimental study was conducted using a linear rod source 
positioned at five discrete distances from the detector. Point spread 

function (PSF) measurements acquired at each distance were used to 
evaluate the progressive degradation of spatial resolution. The FWHM 
and standard deviation (σ) of the blurring kernel were extracted from 
the empirical data.

A linear regression model was applied to the measured FWHM values 
as a function of source-to-collimator distance, justified by the observed 
monotonic increase in FWHM with distance. The resulting fitted func
tion enables interpolation of FWHM and σ at arbitrary distances within 
the operational range. Fig. 2 presents the experimental measurements 
superimposed with the fitted linear model, demonstrating agreement 
between empirical data and the theoretical trend.

The derived collimator blurring parameters enable the generation of 
a physically realistic system matrix that explicitly models the distance- 
dependent spatial resolution effects. This improved system model 
yields reconstructed images with enhanced resolution fidelity compared 
to conventional approaches that approximate collimator response.

3.1.2. Phantom studies
The results of resolution recovery are summarized in Fig. 3 and 

visualized in Fig. 4.
The derived FWHM trendline from recovered resolutions, obtained 

through function fitting (FWHM = 0.0447d + 1.362), enables extrapo
lation to estimate the minimum resolution limit at the detector surface 
(d = 0). Based on this model, the minimum achievable FWHM at the 
detector face is 1.3 mm which can be defined as optimal resolution 
achievable using the HiReSPECT II. Although CDR measurements were 
obtained up to 90 mm, any required extrapolation beyond this range is 
minimal and consistent with the expected linear resolution degradation 
behaviour of parallel-hole collimators.

To evaluate positional dependence of system resolution, a 15 mm off- 
centred rod source was imaged using the acquisition parameters speci
fied in Table 1. While the nominal radius of rotation (ROR) remained 
fixed at 45 mm, the effective source-to-detector distances became 
asymmetric (30 mm to one detector, 60 mm to the opposite detector) 
due to the off-centre placement. Following resolution recovery pro
cessing, the measured FWHM values demonstrated the expected inter
mediate behaviour between the characteristic resolutions at 30 mm (2.8 
mm) and 60 mm (4.1 mm). The off-centred source at 45 mm yielded a 
recovered resolution of 3.3 mm, confirming that the system's spatially 
variant resolution performance follows the predicted trend.

Fig. 2. Empirical characterization of collimator blurring: Measured FWHM (full-width at half-maximum) of the point spread function as a function of source-to- 
collimator distance (black markers), with linear regression fit (blue line). (For interpretation of the references to colour in this figure legend, the reader is 
referred to the web version of this article.)
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3.1.3. Attenuation correction
To address photon attenuation effects, Siddon's ray-tracing algorithm 

was implemented during system matrix generation, modelling attenu
ation for all projection angles and source-to-detector distances. Re
constructions using the attenuation-corrected system matrix 
demonstrate improved quantitative accuracy and uniformity, as shown 
in Fig. 5.

3.1.4. Scatter correction
Scatter correction was implemented using a DEW acquisition pro

tocol. Simultaneous measurements in both the photopeak and scatter 
energy windows enabled the generation of a scatter projection map, 
which was then subtracted from the photopeak projection after appro
priate weighting. This scatter-corrected projection (Fig. 6, right) dem
onstrates two key improvements over the uncorrected data: (1) reduced 
blurring artifacts at phantom boundaries, and (2) enhanced hot-to-cold 
contrast ratio These corrected projections were subsequently used for 
image reconstruction.

The proposed framework operates as follows: raw data acquired from 
the electronic readout board are processed into calibrated projections, 
followed by scatter correction at the acquisition level and subsequently 
at reconstruction, resolution recovery and attenuation correction. Fig. 7
demonstrates the performance of this integrated framework using the 
Animal image quality phantom (resolution section).

3.1.5. Phantom imaging
The calibration factor enables pixel-value-to-activity conversion 

(KBq/mL) using the known injected activity and phantom volumetry. 
Quantitative accuracy was assessed in the image quality phantom by 
comparing image-derived activity (

∑
[voxel values × CF]) against ex

pected values (concentration × segmented volume) pre- and post- 
correction. The results presented in Table 2.

3.1.6. Integrated reconstruction framework with data correction
The reconstruction framework must incorporate all three correction 

steps—resolution recovery (RR), attenuation correction (AC), and 

scatter correction (SC)—as an integrated process within the recon
struction algorithm rather than as sequential, independent operations. 
This unified approach ensures optimal image quality by systematically 
addressing physical degradation factors.

For comprehensive evaluation of quantitative accuracy, both SOR 
and RC were calculated. These complementary metrics assess different 
aspects of quantification performance (as detailed in the Methods sec
tion). The results are presented in Figs. 8 and 9.

3.1.7. In vivo animal imaging
To enable rigorous quantitative analysis, murine SPECT imaging was 

performed 2 h after intravenous administration of 99mTc-DMSA. 
Immediately after imaging, both kidneys were surgically excised and the 
absolute radioactivity in each kidney was directly measured using a 
calibrated dose calibrator (values originally recorded in µCi and con
verted to Bq for consistency with image-derived units). This ex vivo 
measurement served as the gold-standard activity concentration for 
each kidney.

In addition, a separate pulmonary perfusion study was conducted 
using 99mTc-MAA in another mice. SPECT acquisition was initiated 15 
min after intravenous injection to assess lung uptake under clinically 
relevant timing conditions.

SPECT-derived activity concentrations were obtained from recon
structed images after (1) application of the calibration factor, (2) 
adaptive thresholding-based segmentation of renal regions of interest 
(ROIs), and (3) calculation of activity concentration within the 
segmented volumes.

Quantitative accuracy was assessed by comparing SPECT-estimated 
activity concentration against the corresponding ex vivo dose- 
calibrator measurement (gold standard) for each organ separately, 
using both uncorrected and fully corrected (attenuation-, scatter-, and 
resolution-recovery-corrected, AC-SC-RR) datasets. The comparison 
demonstrated substantially improved quantitative accuracy with AC-SC- 
RR correction. In the right kidney, the absolute percentage error 
decreased from 17.1% (uncorrected) to 5.8% (fully corrected), repre
senting an 11.3 percentage-point improvement. In the left kidney, the 

Fig. 3. Comparison of reconstructed spatial resolution (FWHM) with and without CDRF modelling. For each source distance (30, 45, 60, 75, and 90 mm), slices were 
reconstructed using both a standard system matrix and a CDRF-blurred matrix. The mean FWHM (± standard deviation) across all slices is reported for each 
reconstruction method, enabling direct evaluation of resolution recovery efficiency.
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absolute percentage error decreased from 22.6% (uncorrected) to 4.0% 
(fully corrected), corresponding to an 18.6 percentage-point improve
ment. Consistent improvements were also observed in the pulmonary 
perfusion study using 99mTc-MAA, where the absolute percentage error 
decreased from 18.1% in the uncorrected images to 4.2% following AC- 
SC-RR correction. These bilateral results confirm that application of full 
AC-SC-RR correction markedly enhances the accuracy of renal activity 
concentration estimates derived from SPECT imaging when validated 
against direct ex vivo dose-calibrator measurements. A visual compari
son of the two reconstruction approaches is presented in Figs. 10 and 11.

4. Discussion

SPECT imaging's quantitative accuracy is fundamentally limited by 
three physical degradation factors: photon attenuation, Compton scat
tering, and CDR effects. Our study demonstrated that iterative model- 
based compensation achieved significant improvements across all do
mains: (1) CDR modelling in the system matrix reduced the system's 
FWHM by 33–42% (4.9 mm → 2.8 mm at d = 30 mm), resolving geo
metric collimator blurring more accurately; (2) dual-energy window 
scatter correction mitigated false counts (~30% at 140 keV), enhancing 

lesion edge sharpness, and (3) attenuation compensation eliminated 
characteristic central cold artifacts, establishing a foundation for abso
lute quantification. These correlated improvements validate that 
comprehensive physical modelling is essential for clinical-grade quan
titative SPECT.

The demonstrated improvements directly advance quantitative 
SPECT capabilities in both clinical and preclinical applications. The 
improved spatial resolution enhanced detection sensitivity for sub-4 mm 
lesions, overcoming traditional resolution limits imposed by collimator 
blurring. This enhanced spatial resolution, combined with improved 
quantitative accuracy (<8% error), enables more reliable uptake mea
surements for: (1) metabolic bone disease assessment, (2) myocardial 
perfusion quantification, and (3) precise radionuclide biodistribution 
studies. Notably, these advancements are particularly valuable for pre
clinical applications requiring sub-millimeter resolution, such as drug 
delivery system evaluation and micro-dosimetry calculations in small- 
animal models.

In comparison with other related studies, Vanhoeve et al. demon
strated that DEW scatter correction combined with μ-map-based atten
uation correction significantly improved quantitative accuracy in SPECT 
imaging. Phantom studies showed a reduction in quantification error 

Fig. 4. Comparison of reconstructed rod source images with and without resolution recovery (RR) across 2 distances (A: 30 mm and B: 90 mm). For each distance, 
the central slice is shown alongside its horizontal line profile, demonstrating the point spread function (PSF) narrowing achieved through RR (CDRF modelling). The 
line profiles quantitatively illustrate the improvement in spatial resolution (FWHM reduction).
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from − 15.9% to 7.3%, with comparable improvements observed in 
animal models [38]. Similarly, Khorasani et al. reported that Chang’s 
attenuation correction method enhanced accuracy from − 15.1% to 
5.1% in phantoms and from − 22.8% to 3.5% in vivo [39]. In human 
studies, Wu et al. achieved a notable error reduction from − 18.7% to 
− 1.7% after applying scatter and attenuation corrections [40]. Our 
study corroborates these findings, with corrections yielding a mean 
improvement from − 12.21% to − 1% in phantom evaluations and from 
− 19.83% to 4.8% in animal studies, underscoring the universal ne
cessity of physical corrections for quantitative SPECT across all scales.

In the present implementation, the collimator-detector response 
(CDR) was modelled as a distance-dependent 1D radial function 
embedded within the 2D projection data. This separable approximation 
captures the dominant radial resolution degradation but does not 
explicitly model axial resolution loss or inter-slice crosstalk and there
fore does not constitute a full 3D system matrix. While a complete 3D 
model may further improve physical accuracy, radial resolution degra
dation is the primary spatially varying component in parallel-hole 

SPECT systems. The adopted 1D distance-dependent formulation 
therefore represents a practical trade-off between physical completeness 
and computational feasibility. Similar reduced-dimensional CDR stra
tegies [30] demonstrate near-equivalent quantitative performance 
compared to higher-dimensional implementations while substantially 
reducing computational burden.

Attenuation correction in this study was implemented using a uni
form water–equivalent coefficient (0.15  cm− 1). Although this approach 
does not explicitly model local high–density structures such as bone, 
evidence from small–animal SPECT literature indicates that uniform 
attenuation correction can still provide reliable quantitative accuracy in 
rodents. For example, Wu et al. compared uniform Chang attenuation 
correction with CT–based non–uniform Chang attenuation in a multi
–pinhole small–animal SPECT system and found that the uniform 
method yielded quantitative results that were highly comparable to 
non–uniform correction for 99mTc imaging, with differences generally 
within a few percent across phantom and animal studies [41]. In addi
tion, Wu et al. investigated the effects of inaccuracies in attenuation 
maps on attenuation–corrected micro–SPECT images and demonstrated 
that moderate variations in the attenuation map — including coefficient 
misestimation and small map misalignments — led to relatively small 
changes in quantitative activity measurements, suggesting that micro
–SPECT quantification is robust to such imperfections [42]. Therefore, 
while CT–based or non–uniform attenuation maps could further refine 
local quantification, the use of a uniform attenuation coefficient is suf
ficient to achieve reliable quantitative accuracy in phantom and in vivo 
studies reported here.

This work presents a fully integrated Python-based SPECT recon
struction and quantification platform developed entirely from scratch. 
The software's modular architecture supports advanced corrections 
including model-based scatter compensation and attenuation correc
tion, while maintaining compatibility with standardized DICOM data 
formats. The system's scanner-independent design ensures broad clinical 
applicability without proprietary constraints. A customizable GUI sim
plifies complex workflows such as iterative reconstruction tuning and 
region-of-interest analysis through an intuitive interface. The pure Py
thon implementation guarantees exceptional extensibility for future 
enhancements, such as AI-based denoising or multi-radionuclide quan
tification. This combination of technical sophistication and accessibility 
positions the software as both a powerful research platform for algo
rithmic developments and a practical clinical solution for quantitative 
SPECT standardization. Human samples also enabled us to investigate 
the package scalability and efficient on different data.

The current implementation exhibited several constraints reflecting 
engineering trade-offs in our initial design. Most notably, the scatter 
correction module operates at the acquisition level prior to DICOM 
conversion, requiring proprietary raw data formats from our scanner 
hardware due to its dependence on specific List-Mode packet architec
tures. This packet-type sensitivity stems from fundamental requirements 
in event positioning and energy deposition interpretation that are 

Fig. 5. Attenuation correction effects in a uniform cylindrical phantom. 
(Top left) Uncorrected reconstruction showing central signal loss due to depth- 
dependent photon attenuation, quantified in the horizontal line profile (bottom 
right). (Top right) Attenuation-corrected image demonstrating pathlength- 
dependent compensation, with the strongest correction observed at central 
pixels corresponding to maximal source–detector distances.

Fig. 6. Scatter window projection (left) – photopeak window projection (middle) – scatter corrected projection (right).
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currently hardcoded for our system's data structure. While this optimi
zation ensures maximum performance for our scanners, it temporarily 
limits the software's compatibility with third-party systems. Addition
ally, the preprocessing pipeline's position upstream of DICOM stan
dardization introduces workflow constraints for sites using mixed 
vendor environments. These architectural decisions were necessary to 
achieve real-time processing during acquisition but will be addressed in 
future iterations through: (i) development of a post-acquisition DICOM- 
compatible scatter correction module, (ii) implementation of an adap
tive List-Mode parser supporting multiple vendor formats. The existing 
codebase has been deliberately structured to accommodate these plan
ned extensions without compromising the current optimized processing 
pathway.

To further enhance quantitative accuracy and clinical applicability, 
several key advancements are planned: (1) AI-based attenuation map 

generation will be implemented to improve attenuation correction, 
particularly for non-homogeneous tissues (e.g., lung/bone interfaces). 
(2) Advanced scatter correction techniques, including TEW and CT-free 
attenuation and Monte-Carlo based scatter correction [43], will be 
developed alongside a post-processing scatter correction algorithm to 
minimize noise and improve contrast recovery. (3) A fully 3D system 
matrix will be incorporated into reconstruction to better model photon 
transport, enabling more accurate 3D SPECT reconstruction. These im
provements aim to optimize quantitative precision while maintaining 

Fig. 7. Animal image quality phantom (Contrast Section (top row) Resolution Section (bottom row)) − The AC-SC-RR reconstructed image (right) demonstrates 
significant improvements in image quality, including reduced background blurring from scatter correction, enhanced edge definition and fine detail resolution 
through resolution recovery.

Table 2 
Quantitative accuracy assessment of reconstruction methods. Comparison of 
activity concentration estimates (KBq/cc) and relative errors (%) between: (1) 
attenuation- and scatter-corrected (AC_SC_RR), (2) uncorrected reconstructions, 
and (3) gold standard values across phantom regions (uniformity, resolution, 
and contrast sections).

IQ parts Gold 
standard 
KBq/cc

Uncorrected AC_SC_RR
Estimated 
Activity 
(KBq/cc)

Relative 
Error

Estimated 
Activity 
(KBq/cc)

Relative 
Error

Uniformity 
section

63,717 69,697 9.4% 63,040 − 1.0%

Resolution 
section

5194.3 5747.9 10.7% 5013 − 3.5%

Contrast 
section

29,885 34849.4 16.6% 30653.3 2.6%

Fig. 8. Evaluation of quantitative accuracy through the Spill Over Ratio factor. 
After applying corrections, the Spill Over Ratio (SOR) values are observed to 
decrease. Higher SOR values indicate reduced quantitative accuracy, as they 
reflect artificial tracer accumulation in areas where no true uptake exists. The 
reduction in SOR following corrections demonstrates improved quantitative 
accuracy, as it signifies diminished spurious tracer estimation in inac
tive regions.
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computational efficiency for clinical deployment.

Fig. 9. The recovery coefficient (RC), defined as measured-to-true activity concentration ratio, reflects the accuracy of quantification in small objects. An increase in 
RC following application of corrections demonstrates reduced partial volume error and improved quantitative accuracy. The relative change in RC for each rod was 
used to quantify the degree of improvement achieved with the corrections. Although the NEMA phantom includes rod diameters ranging from 1 to 5 mm, the 1 mm 
rod was not included in the RC analysis. Due to the detector pixel size of 1.4 mm and the intrinsic spatial resolution limitations of the system, the 1 mm rod was below 
the effective resolution limit and could not be reliably resolved or segmented. Consequently, quantitative RC estimation for this rod was not considered reliable and 
was therefore excluded from the reported results.

Fig. 10. Comparison of kidney imaging in a mouse model. Coronal views from a DMSA scan demonstrating improved image quality without correction (Left) and 
with AC-SC-RR reconstruction (Right).

Fig. 11. Comparison of perfusion Lung imaging in a mouse model. 3D modelling of lung scan demonstrating improved image quality without correction (Left) and 
with AC-SC-RR reconstruction (Right).
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5. Conclusion

Preclinical SPECT imaging serves as a vital tool in drug development, 
radiation dosimetry, and assessing tumor therapeutic response. Accurate 
quantification of SPECT images is essential in these applications, as 
precise measurement of radiopharmaceutical uptake directly influences 
the reliability of experimental outcomes. Achieving such accuracy ne
cessitates corrections for scattering, attenuation, and resolution recov
ery to ensure that imaging data closely reflects true biological 
distributions. This study highlights the substantial influence of scat
tering, attenuation, and collimator effects on SPECT image quality and 
quantitative accuracy. These factors collectively degrade image quality 
and introduce errors in quantitative analysis, underscoring the need for 
systematic corrections. The results demonstrated that iterative recon
struction yielded superior image quality compared to analytical 
computation, reinforcing its advantage in preclinical SPECT imaging.

In conclusion, this study establishes that accurate quantification in 
preclinical SPECT imaging requires comprehensive corrections for 
attenuation, scattering, and collimator effects. Implementing these 
corrections significantly improved quantitative accuracy, ensuring more 
reliable and precise outcomes in preclinical research. These findings 
emphasize the importance of optimized reconstruction techniques to 
advance the diagnostic and therapeutic applications of SPECT imaging.
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