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Abstract 

 

Scattered X-ray photons contain information about material composition but are generally treated as contamination 

in conventional computed tomography (CT). We investigate a theoretical time- and energy-encoded CT framework 

that uses photon arrival time, position, and energy to localize scattering events and reconstruct three-dimensional 

Rayleigh and Compton scattering distributions from a single projection without mechanical rotation. The framework 

was evaluated using Geant4 Monte Carlo simulations of heterogeneous tissue, head-and-neck, and high-resolution 

pattern phantoms. Under idealized source and detector conditions, the reconstructed scattering distributions 

differentiated soft tissues and reproduced simulated structures, including features as small as 0.1 mm. Quantitative 

errors of approximately 1–7% and a simulated dose of 50 µGy were reported for the investigated configurations. 

These results establish the information-reconstruction potential of time- and energy-resolved scatter measurements, 

rather than the performance of a realizable clinical scanner. Implementation will require ultrashort X-ray pulses, 

precise photon timing and energy measurements, and adequate detector coverage. The approach provides a 

theoretical basis for investigating single-projection volumetric X-ray scatter imaging and material characterization. 
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Introduction 

 

Computed Tomography (CT) is an X-ray imaging modality that estimates the linear attenuation coefficient 

(LAC) of objects along their cross-sections. In the most widely used energy-integration mode, the attenuation 

of the X-ray beam intensity after passing through the object is measured along multiple paths. These 

measurements are then formulated into a system of linear equations based on the Beer–Lambert law 1, from 

which the cross-sectional LACs can be estimated. Computationally efficient methods, including filtered back 

projection, iterative reconstruction, and deep learning, have been developed for high-resolution and large field-

of-view applications 2. CT has become a cornerstone of modern imaging science and practice with wide 

applications in medicine, basic science, and industrial material inspection. Conventional CT image formation 

relies on the collection of primary photon signals that penetrate the scanning object without interacting with it. 

The unavoidable scattered photons from Compton and Rayleigh interactions are deemed contamination to the 

primary photon signals and a cause of image quality degradation.  

The severity of scatter artifacts is strongly influenced by scanning geometry. In fan-beam CT, scatter is 

minimal because most scattered photons deviate away from the detector and are naturally rejected. As the beam 

geometry broadens, scatter artifacts increase and become most pronounced in cone-beam CT, which acquires 

volumetric images in a single source–detector rotation. Scattered photons lead to an overestimation of the exit 

signal intensity, resulting in characteristic distortions, such as cupping artifacts, and degraded contrast and 

resolution. These artifacts are further amplified in regions with high-density materials, where scattering 

increases with material density 3. Over the past decades, considerable effort has been devoted to mitigating 

scatter contamination. Common approaches include anti-scatter grids 4,5, beam-pass or beam-stop filters 6–8 and 

iterative estimation of linear attenuation coefficients (LAC) and scatter using approximate scatter models9 10. 

In a recent theoretical paper, Time-of-Flight (TOF) detectors were modeled to filter out scattered photons, 

which travel longer paths to the detector 11.  

Despite practical approaches to minimize scatter photon contributions in CT reconstruction, in theory, scatter 

photons interact with the object and carry unique information about the scanned object. A similar concept was 

exploited in the Compton camera, where Compton-scattered photons were used to estimate the location of the 

gamma-ray source 12,13. This technique employs two detectors: one to induce Compton scattering and the other 

to record the energy of the scattered photons. For each Compton scattering event, it is possible to determine 

that the source lies on the surface of a cone, with the cone angle derived from the Klein–Nishina formula. 

Finally, the radioactive source distribution is derived based on the cone intersections.  The concept of Compton 

Scatter Imaging (CSI) for constrained imaging geometry, where the X-ray source and detectors are on the same 

side of the object, was investigated14,15. The scatter photon energy was used to determine the scatter angle for 

image reconstruction. A related application of scatter photon imaging is real-time anatomical monitoring 
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during radiation therapy. For example, researchers 16 collect scattered photons produced by MV therapeutic 

beams interacting with tissue to image the lung tumor during stereotactic body radiation therapy (SBRT). CSI 

potentially provides major internal contours of the subjects, while higher-quality kV X-ray imaging is 

unattainable.  

Other than these limited applications, the full information carried by scatter photons in kV X-ray imaging has 

not been thoroughly interrogated due to several technical challenges. Unlike the primary photons in energy-

integration CT, the rich information carried by scatter photons can only be resolved by a high-temporal-

resolution system, including an X-ray source with extremely short pulse widths and an ultrafast detector. More 

specific scatter photon detection requires a monochromatic X-ray source and a detector capable of quantifying 

incident photon energies. Some of the individual components for such a system have been developed for 

different purposes, e.g., time-of-flight (TOF) detectors for reconstruction-free PET17, photon-counting CT with 

energy resolution18, and photo-cathode X-ray sources with ps pulse widths 19. However, alongside the 

significant efforts required to build a dedicated imaging system, the theoretical potential to fully exploit the 

rich spatiotemporal and spectral data from both primary and scattered photons must be understood. In this 

work, we present the theoretical framework for a novel time-energy-encoded (TEE) CT system designed to 

harness the full information content of both primary and scatter photons. 

 

 

 

Results 

Slab phantom  

The slab phantom consists of five materials: water, muscle, adipose tissue, breast, and liver is placed at (0, 0, 

310 mm). The material properties are summarized in Table 1. Each material is represented by a slab of size 20 

mm × 100 mm × 100 mm. They are stacked along the z-axis, making a 100 mm × 100 mm × 100 mm cube. A 

mono-energetic source at energies 100 keV is simulated, emitting cone-beams with a half-cone-angle of 12 

degrees. The image voxel is of size 1 mm × 1 mm × 1 mm. 
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Figure 1. TEE reconstructed Rayleigh and Compton images of the slab phantom. The top and bottom rows 

show the images and profiles, respectively. 

 

Figure 1 shows the TEE reconstruction results of the phantom. From this figure, we make the following 

observations: (1) The Rayleigh images exhibit higher contrast compared to the Compton images, as Compton 

scattering is approximately proportional to the material density, whereas Rayleigh scattering scales roughly 

with the square of the atomic number (𝑍eff). (2) The LAC image closely resembles the Compton image, since 

Compton scattering dominates the linear attenuation coefficient (LAC) at this energy level. (3) The 

reconstructed Rayleigh image appears noisier than the Compton image, due to the significantly smaller 

Rayleigh scattering cross-section at this energy, which leads to a lower number of detected events. It is worth 

noting that the total dose delivered to the object is only 50 µGy due to the efficient use of photons for 

reconstruction. 
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MATERIALS WATER MUSCLE ADIPOSE  BREAST LIVER 

RAYLEIGH GT (10-4 MM) 5.34 5.71 3.87 4.27 5.88 

RAYLEIGH TEE (10-4 MM) 5.46  0.3 5.83  0.4 3.96  0.3 4.38  0.3 6.00  0.4 

RAYLEIGH TEE ERROR 5.60% 6.05% 6.89% 6.87% 5.22% 

COMPTON GT (10-2 MM) 1.62 1.71 1.58 1.61 1.73 

COMPTON TEE (10-2 MM) 1.61  0.02 1.70  0.02  1.56  0.02 1.60  0.02 1.71   0.02 

COMPTON TEE ERROR 1.09% 0.97% 1.00% 0.99% 1.10% 

Σᵣ / ΣC GT (10-2) 3.29 3.34 2.46 2.66 3.40 

Σᵣ/ΣC TEE (10-2) 3.39  0.23 3.43  0.25 2.53  0.21 2.75  0.22 3.51  0.22 

Σᵣ / ΣC ERROR 5.96% 6.34% 7.19% 7.18% 5.60% 

ZEFF,COMPTON 3.33 3.44 3.07 3.18 3.44 

ZEFF,COMPTON TEE 3.20 3.40 3.08 3.18 3.43 

ZEFF, RAYLEIGH 4.69 4.76 4.12 4.28 4.78 

ZEFF, RAYLEIGH TEE 4.67 4.80 4.17 4.31 4.85 

ZEFF, R/C 6.60 6.59 5.51 5.76 6.63 

ZEFF, R/C TEE 6.66 6.71 5.60 5.87 6.81 

Table 1 presents the reconstructed Rayleigh and Compton scattering cross-sections.  

Table 1 shows the ground truth material properties and the reconstructed TEE material properties. Figure 1 

shows the line profile across different materials. From Table 1 and Figure 1, we observe the following: (1) At 

100 keV, the Rayleigh cross-section is significantly smaller than the Compton cross-section. (2) The 

percentage error in the Rayleigh cross-section is higher than that of the Compton cross-section, due to the 

relatively low number of Rayleigh events resulting from its smaller cross-section. (3) The ratio σᵣ / σc preserves 

the relative ranking of different materials. (4) The estimated Zeff, R/C by TEE is close to the ground truth value 

calculated using equation (11). 

Head phantom 

 

In the second experiment, a head phantom is placed at (0, 0, 310 mm). The X-source is mono-energetic at 100 

keV. The cone beam originating from the source has a half-angle of 12 degrees. The image pixel size is 1 mm 

× 1 mm × 1 mm.  
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Figure 2. TEE reconstructed Rayleigh and Compton images of the head phantom with varying detector, spatial, 

and temporal resolution. (Bottom) Profile comparison. The top and bottom rows show the images and profiles, 

respectively. 

 

In this experiment, the LAC map is treated as a known prior for attenuation correction. In practical applications, 

the LAC map can be estimated from a prior CT scan. Figure 2 presents the TEE-reconstructed Compton and 

Rayleigh images. From these results, we observe: (1) Reconstruction using five detectors is comparable to that 

using six detectors, as scatter photons traveling opposite the beam direction have very low counts and 

contribute minimally to image formation. Specifically, the detectors in the experiments accounts for 

77.5%(front), 4.1%(back), 4.5%(side), 4.1%(side), 4.7%(side), 5.1%(side) of the arriving photons. (2) When 

only one detector is used, a substantial number of scatter photons are lost, causing more noticeable image 

degradation. In addition, the posterior side of the phantom appears darker than in the six-detector case due to 

lost backward-scatter photon counts. (3) Reduced spatial-temporal resolution leads to additional blurring, since 

inaccurate photon arrival time and position result in less precise estimation of scatter origin. Other than that, 

the results are consistent with the slab phantom experiment, that the Raleigh scatter and Compton scatter cross-

sections can be separately reconstructed. Moreover, Raleigh scatter cross-section has a higher soft tissue 

contrast that reflects the material Zeff. 
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The bottom row of Figure 2 shows the line profile of TEE reconstruction. When it has 5 or 6 detectors, the 

estimated Rayleigh and Compton cross sections closely align with the ground truth. However, when it has only 

1 detector, it dramatically underestimates the cross sections. 

 

Micro phantom 

 

In the third experiment, a tissue slice phantom of size 4mm × 4mm × 4mm was placed at (0, 0, 310 mm). The 

X-source is poly-energetic with 120 kVp. The cone-beam starting from the source has a half-angle of 1 degree. 

The image pixel is of size 0.1 mm × 0.1 mm × 0.1 mm. For this experiment, we did not apply path attenuation 

correction during the imaging due to negligible attenuation from the small phantom size. It reconstructs a high-

resolution scatter image with combined Rayleigh and Compton scatters. 

 

Figure 3 TEE reconstructed scatter images of the checkerboard phantom.  

 

 

Figure 3 shows the reconstructed scatter images of the checkerboard phantom. Like the observations in the 

previous experiments, more detectors and higher resolution lead to superior quantification of the imaging 

intensity. However, even with a single detector (0.1 mm spatial resolution, 0.3 ps time resolution), the system 

is able to accurately recover the high-resolution patterns.  
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Figure 3 shows the line profile of the TEE reconstructed scatter images of the checkerboard phantom. From 

this figure, we can see that the reconstruction with 6 and 5 detectors matches the ground truth value. With only 

one detector, many scatter photons are not recorded, thus underestimating the photons. Furthermore, when the 

resolution is lower, the scatter cross section at the dark space is overestimated, resulting from inaccurate scatter 

location calculation. 

 

 

Discussion 

 

This paper presents a theoretical study on utilizing the ToF and energy information of individual scattered 

photons to reconstruct the scattering cross-section of objects. In contrast to conventional CT, which relies 

solely on primary photons to reconstruct the linear attenuation coefficient (LAC), the proposed approach 

leverages the rich information embedded in scattered photons. With a theoretical monoenergetic and ps-pulsed 

X-ray source, and a high-speed single-photon detector with energy and time resolution, we distinguished 

between Rayleigh and Compton scattering based on the measured energy of the scattered photons. This enabled 

the generation of separate Rayleigh and Compton scatter images, offering enhanced material characterization 

and effective atomic number quantification, which can be used for soft tissue differentiation 20. In addition, the 

proposed TEE CT eliminates the need for rotating the X-ray source and detector, which could allow 3D image 

acquisition where X-ray projections from multiple angles are impossible. Moreover, eliminating mechanical 

components can be beneficial for high-resolution image acquisition, where resolution is limited by rotating 

components 21.  Another notable advantage of TEE CT is its exceedingly low imaging dose, which is ~1/100 

of conventional CT for 3D imaging. Unlike conventional Compton scatter imaging without Time-of-Flight 

(ToF) data—which is typically restricted to resolving coarse object outlines 14–16—TEE possesses the 

theoretical potential to produce detailed, high-resolution 3D images. Also, due to the extremely efficient 

utilization of photons, TEE can reconstruct images with extremely low doses, e.g., 50µGy as shown in our 

simulation.  Furthermore, this approach differs from the previous work22 which utilizes ToF data primarily to 

reject, rather than analyze, scattered photons.  

 

The analysis is performed under the following idealized assumptions: (1) a fully enclosed detector capable of 

capturing all scattered photons, (2) sufficiently high spatial resolution, (3) sufficiently high temporal (ToF) 

resolution, and (4) sufficiently high energy resolution, (5) LAC of the objects for the slab phantom and head 

phantom and (6) perfectly pulsed and/or monochromatic X-ray source (monochromatic X-ray is only needed 
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for the separation of Compton and Rayleigh). In practice, the requirement of a fully enclosed detector box can 

be approximated by using a limited number of detectors positioned to cover the majority of scattering angles, 

with the results scaled accordingly based on the observed scatter events. As shown by the results, the detector 

in the opposite direction of the beam direction can be omitted in most cases without noticeable effects. To 

achieve a target spatial resolution of approximately 1 mm, the detector’s spatial resolution should be of the 

same order. Correspondingly, the ToF resolution should be around 3 ps, which translates to a path length 

uncertainty also on the order of 1 mm. Our complementary experimental results suggest that using detectors 

with 1 mm spatial resolution and 3 ps ToF resolution does not significantly degrade image quality compared 

with the ideal scenario. The LAC images for attenuation correction of the TEE images can be obtained either 

from previous images of the subject or jointly as part of the TEE reconstruction process. If the LAC images 

are acquired using poly-energetic X-rays, dual-energy CT methods can be employed to estimate mono-

energetic LAC images23. Similar to PET/CT systems, the LAC image in this context does not need to be highly 

accurate for the purpose of path attenuation correction.  

 

For the results of the head phantom, we additionally scaled the output from the proposed algorithm, since 

Geant4 handles particle interactions internally with certain approximations 24,25. Specifically, we multiply the 

reconstructed image by a constant to minimize the square error between the ground truth and the scaled 

reconstruction. When many dense objects, such as bones, are present, the results are underestimated. The 

underestimation is particularly evident in the Rayleigh-scatter images. 

 

It is worth noting that knowledge of the Rayleigh and Compton scattering cross-sections, along with the LAC, 

enables material and elemental decomposition through solving systems of linear equations. However, the 

sensitivity of such decomposition is often a concern. For instance, elements such as carbon (C), nitrogen (N), 

and oxygen (O) exhibit very similar scattering profiles due to their proximity in the periodic table, leading to 

ill-conditioned and highly sensitive linear systems.  

 

TEE CT provides enhanced contrast for soft tissues that exhibit similar linear attenuation coefficients (LACs) 

but differ in their effective atomic numbers (𝑍eff). Recall that TEE reconstructs the Rayleigh and Compton 

scattering cross-sections once a preliminary LAC image is available. Previous studies 26 have shown that the 

ratio between Rayleigh and Compton cross-sections is approximately proportional to the material’s 𝑍eff . 

Consequently, TEE can generate a scaled representation of the 𝑍eff distribution. 
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Moreover, TEE introduces an additional dimension of interaction to the measurement space. Conventional 

dual- or multi-energy CT enhances imaging quality or material decomposition by varying photon energies. In 

contrast, TEE differentiates photon–matter interactions—namely, Rayleigh, Compton, and photoelectric 

effects (the latter estimated by subtracting Rayleigh and Compton contributions from the total LAC). By 

combining multiple energies, it can further boost the material decomposition and image quality. 

 

Time-of-flight (ToF) information has been leveraged for image reconstruction. In PET-CT, for example, the 

difference in the arrival times of the two coincident 511 keV annihilation photons has been used to estimate 

the location of the annihilation event along the line of response to improve resolution 27,28 or for reconstruction 

free PET29. Currently, temporal resolution ~100 ps has been achieved in practical PET systems 30. A significant 

push for 10 ps resolution is underway 31,32. Compared with PET, which focuses on 511 keV photons, TEE 

detects photons of much lower energy that alleviate some of the technical challenges in achieving both 

temporal and energy resolution. The other challenge is the X-ray source. Commonly available hot cathode X-

ray sources have pulse width ~ ms 33, which is too long for TEE. Photocathode X-rays using pulse light and a 

photocathode to produce pulsed electrons for high-speed imaging. Photocathode X-ray sources with sub 100 

ps pulse widths are commercially available. Sub ps pulses have been demonstrated in experimental conditions 

34. Alternatively, inverse Compton scattering X-ray sources, which transfer the energy from electrons to visible 

light via head-on collision, not only can achieve sub-ps pulse width, but also near monochromatic energies that 

are ideal for TEE imaging 35–37. Therefore, although significant challenges still remain, TEE as a novel imaging 

modality is worth further research and development.   

In conclusion, the paper demonstrates a theoretical framework for a novel Time and Energy encoded-CT (TEE-

CT) interrogating the full time and energy information of scatter photons. The feasibility of TEE-CT is 

validated on a tissue slab phantom, a head and neck phantom, and a micro phantom with high resolution 

patterns. The results show the reconstruction of Rayleigh and Compton scatter images from a single projection 

without moving components. At the same time, the resultant images preserve geometrical accuracy and 

resolution. 

 

 

Methods 
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General setup and Monte Carlo simulation 

The general Monte Carlo simulation setups are illustrated in Figure 4. In a 3D coordinate system, the X-ray 

source is located at xₛ = (0, 0, −290 mm), which emits cone-beams to the phantom. There are, by default, six 

(1 m × 1 m) detectors 500 mm to the origin enclosing the whole volume. We assume ideal detectors, which 

absorb and record position, energy, and time-of-flight of all arriving photons. At each time, one or a few 

photons are emitted at the same time along the same direction. The photon transportation and interaction with 

the phantom were then simulated using Geant4 with the following configuration. 

 

Figure 4. Experimental setup. The scanning object and X-ray source are enclosed in a cube, whose six sides 

are X-ray detectors. The 3D image is acquired via a single exposure without rotating the X-ray source or the 

detectors. 

The initial position and direction of each photon emitted from the X-ray source were input into Monte Carlo 

for transportation calculation. The arrival position and the ToF were then determined at the detector. Using 

this information and assuming that each detected scattered photon results from a single-scatter event, we 

estimate the scatter location within the volume. By counting the number of scattering events occurring in each 

voxel, a 3D scatter distribution map was reconstructed. We first review the theoretical framework of 

conventional CT reconstruction, which serves as a basis for the subsequent description of TEE reconstruction. 
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Other information about photon energy, phantom, resolution, and beam is detailed separately for each different 

experiment. 

 

A Review of Conventional CT Reconstruction 

 

Conventional CTs, including fan-beam and code-beam CT, aim to reconstruct the linear attenuation coefficient 

(LAC) μ: ℝ³ → ℝ of an object. In a typical setup, an X-ray source and a detector rotate around the object to 

record the intensity of beams along varies of paths through the volume. For each path ℓ ∈ � , the associated 

beam intensity N(ℓ) follows a Poisson distribution �(ℓ)~��
����(�0(ℓ)�−�(ℓ))       (1) 

where N0(ℓ) is the initial intensity of the beam along the path ℓ, and y(ℓ) denotes the path integral of μ �(ℓ) ≜ ∫ �(�)��ℓ         (2) 

In conventional reconstruction, an estimated path integral A(ℓ), is computed as �̃(ℓ) = −log �(ℓ)�0(ℓ)        (3) 

The reconstruction process is typically formulated as a linear inverse problem, where the goal is to find μ that 

minimizes the discrepancy between A(ℓ) and �(ℓ), with A representing the Radon transform, a linear operator 

that maps LAC μ to the estimated path integral {�̃(ℓ)}ℓ∈ℒ. 

 

In practice, the X-ray source is often polyenergetic, emitting photons over a range of energies. The above 

formulation assumes a constant energy spectrum throughout the beam’s propagation. As a result, the model 

effectively captures the average attenuation behavior, enabling accurate reconstruction under the 

monoenergetic assumption. When large attenuation or dense objects present, the condition can be violated, 

resulting in beam hardening artifacts 38 if the spectral shift is not compensated.  

 

Time-energy-encoded (TEE) CT Reconstruction 

 

Reconstruction Process 

 

In TEE CT, we collect the following information of each individual arriving. 1) Starting position xₛ ∈ ℝ³: This 

is the same as the position of the X-ray source. 2) End position xₑ ∈ ℝ³: The end position can be acquired when 
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a photon hits the detector. The accuracy of this value depends on the detector resolution. 3) Initial direction z ∈ ℝ³: The initial direction of the photon can be controlled by adopting beams toward different directions 

sequentially. 4) Time of flight t ∈ ℝ: It is the time from the photon emission to the detection. 5). Initial energy 

Eini ∈ ℝ: The initial energy of photons, which we assume monogenetic in this study. 6) Energy E ∈ ℝ: The 

arriving photon's energy recorded by the detector. The accuracy of this value depends on the detector's energy 

resolution. 

In the following, we propose a method to leverage the information from individual photons for reconstruction. 

We assume that all scattered photons result from single-scatter events and estimate the scatter cross-section for 

each voxel. Specifically, we parameterize the scatter location as $%&' = $% + )*, with ) ∈ ℝ+. Given ToF t 

and the speed of light c, we have the equation related to the photon path length ) + ‖$. − $% − )*‖ = /0. The 

solution of the equation is ) = &222−‖$3−$4‖22(&2−〈$3−$4,*〉),        (4) 

and therefore  $%&' = $% + &222−‖$3−$4‖22(&2−〈$3−$4,*〉) *       (5) 

The scatter cross-section can be estimated by counting the scatter events happening in each voxel. It is 

important to note that the frequency of detected scatter photons depends on the scatter cross-section of voxels, 

the fluence of voxels, and the path attenuation. Therefore, the following correction must be applied to the 

increment to account for the effect of path attenuation. Formally, let σ be the vector representing the scatter 

cross-section of the voxelized object and i be the index of the voxel containing  $%&' , then for all paths  ℓ: $% → $%&' → $3, we have   ;[
] = ∑ exp (∫ �(�)��ℓ ) /E[
]ℓ:%&'22.F% '2 HIJ.K L     (6) 

where E[i] is the fluence of voxel i in the blank field. Suppose prior knowledge of LACs map is available, e.g., 

from CT, the path integral in the equation can be calculated with ray-tracing algorithms. The reconstruction 

process is summarized as the following algorithm 

 

Algorithm 1 Reconstruction Process 

 

1: Inputs: Collection of detected events {($%, $. , *, 0)}, blank field fluence map E, prior knowledge of LAC 

map µ 

2: Initialization: Scatter image ;[
] = 0 for all i, where i indexes voxels. 

3: for ($%, $. , *, 0) from all recorded events do 

4:  $%&' = $% + &222−‖$3−$4‖22(&2−〈$3−$4,*〉) * 
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5:  if  $%&' is outside the volume or 
$3−$4‖$3−$4‖ = * NO3P 

6:   continue 

7:  end if 

8:  Compute path integral Q = ∫ �(�)��ℓ:$R→$RST→$3  

9:  i = FindVoxel($%&') 

10:  U[
] ⟵ U[
] + exp(Q)/E[
] 
11: end for 

12 return U 

 

 

 

If a mono-energetic X-ray source is used, Rayleigh and Compton scatter photons can be further distinguished 

by examining whether the energy of the scattered photon changes. This allows for the separate reconstruction 

of Rayleigh and Compton scatter images, enhancing tissue contrast. Specifically, if (*, $%, $. , WLXL, W) 

corresponds to a Rayleigh event, then  ;Y'�K.LZℎ[
] ← ;Y'�K.LZℎ[
] + exp(Q)/E[
].     (7) 

If  (*, $%, $. , WLXL, W) corresponds to a Compton event, then ;]I^_2IX[
] ← ;]I^_2IX[
] + exp(Q)/E[
].     (8) 

In the next section, we elaborate on how to decide the interaction types. 

 

 

Rayleigh and Compton Images 

 

The Rayleigh and Compton scatter cross-sections can be reconstructed separately if mono-energetic X-ray 

source applied. Specifically, for a scatter photon, if the arriving photon energy E equals to the initial energy 

Eini then it is considered a Rayleigh scatter; otherwise, it is considered  Compton scatter. We provide the 

following pseudocode to differentiate primary, Rayleigh scatter and Compton scatter photons. 

 

Algorithm 2 Interaction Type 

 

1: Inputs: *, $%, $. , WLXL , W 

2: if 
$`−$R‖$`−$R‖ = * then 

3:   return: “primary” 

4: end if 
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5: Calculate $%&' = $% + &222−‖$`−$R‖22(&2−〈$`−$R,*〉) * 

6: if $%&' is outside the volume then 

7:  return: None 

8: end if 

9: if W = WLXL  then 

10:  return “Rayleigh” 

11: end if 

12 if E aligns with the result of Klein-Nishina formula then 

13:  return “Compton” 

14: else 

15:  return: None 

16: end if 

  

 

It should be noted that the estimated Rayleigh image is subject to bias, as multiple-scatter events can be 

erroneously misinterpreted as single-scatter events, leading to an overestimation of the Rayleigh scattering 

cross-section. This occurs when the scattering location inferred from the detected energy and time-of-flight 

(ToF) lies within the phantom, even though the detected photon has undergone multiple scattering.   

Nevertheless, the simulation results indicate that the effect is negligible, as Rayleigh scattering events are 

relatively rare within the imaging energy range, and multiple-scattering events occur much less frequently than 

single-scattering events (approximately scaling with higher powers of the Rayleigh scattering probability).  For 

example, in our head-phantom experiment, the single, double, and triple Rayleigh-scatter photons account for 

95.58%, 4.26%, and 0.16%, respectively, of the total Rayleigh-scatter photons arriving at the head. In contrast, 

the estimate for the Compton image is unbiased, as the selection criterion requires the detected energy to match 

the theoretical prediction from the Klein–Nishina formula. This effectively excludes multi-scatter and 

photoelectric events.  

Compton scattering is closely related to electron (and thus mass) density, while Rayleigh scattering has a more 

complex relationship with the material’s atomic number. However, the ratio of Rayleigh scattering to Compton 

scattering can be used to determine the effective atomic number Zeff 
39. The separate reconstruction of two 

images thus leads to significantly improved material differentiation, especially for soft tissues with similar 

LAC but different Zeff. 

Zeff  serves as a representative value that characterizes how a compound or mixture interacts with photons as if 

it were a single-element material. The definition of Zeff depends on the interaction we are interested in. Given 

that the cross sections of Rayleigh and Compton are approximately proportional to Z2, Z, their Zeff can be 

defined as 
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𝑍.ll,Y'�K.LZℎ = √∑ no/po×ro2o∑ no/poo        (9) 

𝑍.ll,]I^_2IX = ∑ no/po×roo∑ no/poo        (10) 

Where wi is the mass fraction of the element. The Zeff of σᵣ / σc can be defined as  

𝑍.ll,Y/] = ∑ no/po×ro2o∑ no/poo ×ro         (11) 

The reconstruction pipeline was tested on three phantoms: a slab phantom consisting of heterogeneous 

materials, a head and neck phantom, and a micro phantom with high-resolution checkerboard patterns.  
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