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Abstract

Conventional X-ray sources for medical imaging utilize bremsstrahlung radiation. These sources 

generate large bandwidth X-ray spectra with large fractions of photons that impart dose but do 

not contribute to image production. X-ray sources based on laser-Compton scattering can have 

inherently small energy bandwidths and can be tuned to low dose-imparting energies, allowing 

them to take advantage of atomic K-edge contrast enhancement. This paper investigates the 

use of gadolinium-based K-edge subtraction imaging in the context of mammography using a 

laser-Compton source through simulations quantifying contrast and dose in such imaging systems 

as a function of laser-Compton source parameters. Our simulations indicate that a KES image 

generated with a 0.5% bandwidth (FWHM) laser-Compton X-ray source can obtain an equal 

contrast to a bremsstrahlung image with only 3% of the dose.

1. Introduction

The clinical benefit of diagnostic X-ray imaging is ultimately limited by the radiation dose 

imparted upon a patient. Conventional X-ray sources utilize the collision of electrons with 

metals to produce a broadband spectrum of X-rays with a maximum X-ray energy related 

to the energy of the incident electrons and line radiation characteristic of the metal. This 

bremsstrahlung approach to producing X-rays for diagnostic medical imaging produces large 

quantities of low-energy X-rays that cannot penetrate through the human body and only 

serve to increase dose imparted upon a patient without any contribution to image acquisition.

In the case of mammography, the presence of these non-contributing X-rays increases the 

mean glandular dose (MGD) to breast tissue unnecessarily, causing an increased, albeit 

marginal, lifetime risk of developing breast cancer. Additionally, the diagnostic power of 

mammography is limited by its ability to identify potentially cancerous lesions amid the 

backdrop of benign breast tissue structures. This diagnostic power drastically decreases with 
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increased breast density [1], which leads to frequent inconclusive mammograms and the 

need for follow-up with alternative imaging modalities. The low positive predictive value 

of mammography, especially in women with dense breasts, leads to psychological/financial 

burden on patients and administrative/financial burden on healthcare providers. While the 

benefits of breast cancer screening outweigh the risks for women over the age of 40 [2], the 

radiation lifetime risk and diagnostic limitations of mammography limit its utility. Even with 

widespread screening, breast cancer is still the second most common cause of cancer death 

in women. Improvements in the diagnostic power of mammograms and reductions in MGD 

are direly needed.

Contrast-enhanced digital mammography (CEDM) seeks to improve the diagnostic quality 

of mammography by taking advantage of the K-edge of elements contained in image 

contrast agents, namely iodine. CEDM, like other forms of K-edge subtraction (KES) 

imaging, requires the acquisition of images using X-ray energies above and below the 

binding energy of the K-shell electron of an image contrast agent. At energies just above and 

below the K-edge of the element contained in the contrast agent, the relative attenuation of 

X-rays through biological matter is nearly constant, while the relative attenuation of X-rays 

through the contrast agent is selectively enhanced. This differential effect can help isolate 

regions that preferentially retain image contrast agents, like the leaky microvasculature 

commonly found around cancerous lesions. CEDM has shown increased diagnostic power 

over traditional mammography and has even been demonstrated to have comparable 

diagnostic power to 3D contrast-enhanced breast MRI [3]. However, the dependence of 

CEDM on conventional X-ray sources increases the radiation dose imparted on patients 

relative to traditional mammography and does not use the full potential of the differential 

enhancement of the contrast agent’s K-edge.

Quasi-monochromatic X-ray sources have shown promising preliminary results as potential 

solutions to the limitations of conventional X-ray sources in KES imaging techniques like 

CEDM. These X-ray sources have small energy bandwidths, eliminating the presence of 

unwanted dose and improving the signal-to-noise ratio of injected contrast agents. To date, 

synchrotron radiation and laser-Compton scattering (LCS), sometimes also referred to as 

inverse Compton scattering (ICS), radiation are two alternative X-ray generation techniques 

that have been shown to be capable of producing quasi-monochromatic X-rays at fluxes 

acceptable for human radiographic imaging [4–6].

Several studies that employed synchrotron radiation have shown superior mammography 

to conventional sources at fractions of the MGD, and have even shown opportunities for 

high resolution breast tomography with doses less than those of conventional two-projection 

mammography [7]. While these results are promising, the facility-scale of synchrotron 

sources makes them financially and geographically impractical for widespread use in breast 

cancer screening and breast cancer diagnosis. LCS sources produce quasi-monochromatic 

X-rays with larger attainable energies than synchrotron sources, and because of their mode 

of operation, they are capable of being scaled down in size and cost, providing a clear path 

towards routine clinical use.
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Research regarding KES imaging using conventional X-ray, synchrotron, and early LCS 

sources has been limited to elements with K-edge energies between 30–40 keV such as 

iodine and experiments have been performed using filters as opposed to direct energy 

tuning [8, 9]. High-Z elements have K-edge transitions at higher energies, thereby giving 

the potential to increase image quality and decrease dose beyond what has been previously 

studied. Among these high-Z elements is gadolinium, which is routinely used as contrast for 

MRI breast imaging studies.

To investigate this new energy scale, this paper aims to quantify these benefits using 

gadolinium as a contrast agent in a series of computer simulations under clinically relevant 

conditions. As the number of LCS sources capable of performing experiments increases, this 

study will be a valuable tool for future experimental design. As the choice of X-ray energy 

and bandwidth are selectable in a laser-Compton source, the image quality and dose will be 

functions of these attributes. The authors evaluate how to configure a LCS source to perform 

gadolinium-based K-edge subtraction imaging and quantify the extent to which the unique 

properties of laser-Compton X-rays can translate into the acquisition of images with lower 

dose and higher diagnostic power when compared to traditional X-ray sources.

2. K-Edge Imaging Using Laser-Compton Sources

2.1 Laser-Compton Scattering

Laser-Compton sources produce X-rays via scattering of laser photons off relativistic 

electrons. In the rest frame of the electron, this process is simply traditional Compton 

scattering, where the energy of the scattered photon is less than or equal to that of the 

incoming photon. When transformed to the lab frame of the observer, the energy of the 

scattered photon is upshifted into the X-ray regime. Because the electron energies required 

to produce X-ray radiation are achievable by current linear accelerator technology, LCS 

sources are significantly compact. Moreover, LCS X-ray sources offer the potential for small 

energy bandwidths and small effective source sizes that can provide high-precision imaging 

techniques not afforded by bremsstrahlung sources. The energy of a Compton-scattered 

X-ray, Eγ, emerging from a collision with a relativistic electron is given by [10, 11]:

Eγ = γ − γ2 − 1cosϕ
γ − γ2 − 1cosθ + k0ƛc(1 − cosθcosϕ + cosψ sinθsinϕ)

EL (1)

Where γ is the electron’s Lorentz factor, K0 is the wave number of the incident photon, 

ƛc is the reduced Compton wavelength of the electron, EL is the incident photon energy, ϕ 
is the angle between the incident electron and photon, θ is the angle between the incident 

electron and scattered photon, and ψ is the angle between incident and scattered photons. In 

the simplified case of a head on collision, where ϕ = π, for small observation angles, where 

sin θ ≈ θ, the equation can be approximated to be

Eγ ≈ 4γ2

1 + γ2θ2 + 4γk0ƛc

EL . (2)
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LCS sources have been designed to produce fluxes greater than 1012 photons per second 

with on-axis bandwidths of 10−3 (ΔE/E, FWHM) [12, 13]. The flux at MeV energies vastly 

exceeds the capabilities of synchrotrons as well as rotating anodes used for medical imaging. 

As the sample source for image analysis, we use a currently-under-construction, high-flux, 

narrow-band LCS source based on US patent #US9706631B2 that is anticipated to have the 

parameters listed in Table 1. This particular laser-Compton architecture theoretically has the 

ability to produce on-axis X-ray bandwidths of as small as 0.1% FWHM [11, 13].

In a typical LCS spectrum, half of the Compton-scattered X-rays are contained within 

a 1/γ cone. The maximum X-ray energy corresponds to the energy of X-rays in perfect 

backscatter, also referred to as the Compton edge (CE). The general energy profile of 

an LCS X-ray spectrum is dependent on the specific features (energy, shape function, 

emittance, etc.) of both the electron beam and the laser beam, and how these two beams 

overlap in time and space within the interaction region. This interaction leads to a spatially 

dependent energy spectrum and can most generally be described by the following equation 

for the energy-angle X-ray spectrum [10, 14, 15]:

dN
dΩdω = ∫ dσ

dΩδ ω − ω1
κl

κ 1 − β ⋅ ck
ω1

nl xμ ne xμ d4xμ . (3)

Here, nl and ne are the incident light and electron densities, respectively, as functions of 

the electron 4-position xμ, c is the speed of light, k is the incident light wavenumber, 

and β is the electron velocity. The differential cross-section, dσ/dΩ, is interpreted as the 

interaction probability of the two overlapping densities and is described by the Lorentz-

boosted Klein-Nishina formula [16]. The delta function appropriately chooses the scattered 

X-ray frequencies, ω, from the incident light frequency, ωl, and the ratio of the electron 

light-cone variables with respect to the incident photons, kl, and the scattered photons, k, as 

described in [15]. Figure 1 graphically illustrates an interaction zone where a laser envelope 

interacts with an electron bunch and includes sample X-ray spectra for the LCS source used 

for the simulation studies.

Adjustment of the viewing angle allows for tuning of the bandwidth. This can be performed 

using an aperture to block the lower energy and lower intensity photons that arise further 

away from the center of the spectrum according to Eq. (2). Five viewing angles were used to 

select bandwidth in this study. The 1, 1.5, 2, 3.5 and 5 mrad apertures yielded ΔE/E FWHM 

bandwidths (BW) of approximately 0.5%, 1%, 2%, 6% and 11%, respectively. Because 

linearly polarized laser light is assumed, the flux of the source is polar with higher fluxes in 

the vertical direction compared to the horizontal direction (laser polarization direction). On 

the other hand, the mean energy contours are circular as the energy of the scattered photons 

are predominantly determined by Eq. (2), with decreasing energy as you move away from 

the center axis.

Due to the tunable narrow bandwidth capabilities of LCS sources, there is motivation for 

subtraction imaging schemes in a wide range of applications. For this paper, we focus 

on applying such sources to KES and mammography. While this analysis is based on the 
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predicted performance of a source currently being developed by Lumitron Technologies, 

Inc., it is valid for any architecture when details about the X-ray source are available.

2.2 K-Edge Subtraction Imaging

K-edge subtraction imaging is a process with discussion for use in medical diagnosis dating 

back to the 1940’s [17–20] that takes advantage of the large change in attenuation cross 

section when a 1s electron absorbs radiation (see Figure 2[c] for an example K-edge 

attenuation coefficients of various metals). In theory, if two images are taken using energies 

of photons near the K-edge of a contrast element, distracting background features can 

be subtracted away leaving enhancement at the area of interest. The subtraction may be 

performed on the transmission images, log-attenuation (absorption) images, or any post-

processed version of the two. To keep the analysis simple for this paper, we perform the 

background subtraction on the transmission images (Eq. 4a) for section 3 to verify the 

photon counts between Monte Carlo and Beer-Lambert computational methods, and the 

log-attenuation (Eq. 4b) for section 4 when comparing KES to conventional absorption 

images.

S=Cb − Ca (4a)

S = logCa − logCb (4b)

Here, Ca and Cb are the photon counts at the detector for the above and below K-edge 

images, respectively. S represents the KES signal, which is calculated for every pixel of 

the image. When energies near the K-edge of an element are used, these operations will 

effectively eliminate the background leaving only the signal corresponding to the contrast 

agent. The choice of order of subtraction (below minus above) is chosen based on the 

assumption that the contrast agents have a higher attenuation than the background tissue/

material, therefore leaving a higher or brighter signal at the region of interest (ROI).

Monoenergetic X-rays would be ideal to use for KES imaging. Currently, the 

available commercial systems that are capable of dual-energy imaging use conventional 

bremsstrahlung radiation [21–23]. An LCS source would provide the low bandwidths and 

large fluxes necessary to perform quality KES imaging, while being compact enough 

for a clinical setting. The purpose of this paper is to investigate the feasibility of KES 

mammography using a LCS source and gadolinium as a contrast agent in a projection 

configuration, as well as explore the advantages and tradeoffs of flux and bandwidth 

compared to other conventional sources.

2.3 Dose and Contrast Optimization

To understand how the dose and contrast change with energy, we propose two figure of 

merits that minimizes the dose while simultaneously maximizing the contrast or photon 

counting statistics. Under charged particle equilibrium (CPE), the dose, D, for a uniform 

X-ray beam incoming on a sufficiently thin material can be approximated by [24]
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D = Eϕ μen(E)
ρ (5)

where ϕ is the incoming photon fluence with energy E and (μen/p) is the energy dependent 

mass absorption coefficient.

The image can only be created using photons that pass through the object and reach the 

detector. To quantify this, it is simply a measure of the fraction of photons, f, that get 

attenuated through the material according to the Beer-Lambert law.

f = e−μ(E) l (6)

Here, μ is the linear attenuation coefficient and l is the path length of the material. An 

appropriate figure of merit would be the dose area product per transmitted photon (DAPT) 

calculated as the dose divided by the incoming photon fluence and the attenuation. The 

resulting quantity can be interpreted as the dose per exiting photon fluence as a function of 

photon energy.

DAPT =def D
ϕf = E μen(E)

ρ eμ(E) l (7)

Minimization of this quantity would yield the optimized simultaneous scenario of minimized 

dose and maximized non-interaction with the background medium.

Monte Carlo (MC) simulation was used to verify the theoretical DAPT. All Monte Carlo 

(MC) experiments in this study were performed using TOPAS version 3.5 [25] whose 

backend is the Geant4 Simulation Toolkit version 10.06.p01 developed and maintained by 

CERN [26]. A sufficiently thin cylindrical water phantom of radius 5 cm and thickness 1 

mm was used. A simulation was run using monoenergetic photons in the energy range from 

10 keV to 1 MeV in 10 keV steps. Each simulation consisted of 1 million particles. The dose 

was monitored as well as exiting photon fluence from the phantom to calculate the DAPT.

The results of dose optimization can be found in Figure 2(a). The Monte Carlo curve was 

obtained by dividing the total dose imparted to the phantom by the exiting flux of photons 

as measured by a surface track counter 1 mm behind the phantom. The theoretical curve was 

constructed by the DAPT equation described above. The theoretical result matches well with 

the MC result until about 225 keV when the two curves diverge from each other and the 

theoretical DAPT overpredicts the one from MC. This difference is expected since at high 

X-ray energies, there is a build-up factor that needs to be accounted for where the peak dose 

depth increases with increasing energy because transient CPE is not attained until larger 

depths.

Figure 2(a) identifies the optimal energy range for medical imaging to be between 45 keV 

and 90 keV. This corroborates prior studies showing dose minimization for energies that are 

high enough to have complete tissue penetration at 60 keV [27–30] with the added finding 

that the photon counting statistics will also be simultaneously maximized at this energy as 
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well. The K-edge of gadolinium lies within this range making it an ideal candidate for dose 

minimization and contrast enhancement. Other element candidates with K-edge energies that 

fall within the dose-optimal range that have been under recent investigation are tantalum 

(67 keV), ytterbium (61 keV), gold (81 keV) and bismuth (91 keV) [31]. Gadolinium is 

routinely used as a contrast agent for MRI-based mammography while the other metals 

listed do not currently have formulations approved for human use. For comparison, a 

molybdenum spectrum has peak energy around 17.4 keV and all the flux below 45 keV. 

This region has greater than an order of magnitude worse DAPT, though is one of the 

common anode targets used for mammography. Tungsten is a common anode target used in 

computed tomography. Although it has a characteristic peak around 60 keV, about 1/3 of the 

total flux comes from outside the optimal energy region. A LCS source, on the other hand, 

would have 100% of its flux within the optimal energy range.

The limitation of DAPT is that it does not consider the contrast material, nor does it quantify 

the attainable level of contrast. The image quality would be dependent on the relative 

attenuation of the contrast agent to the background, the amount of contrast agent, the size of 

the enhanced region, the pharmacokinetics of the contrast agent, and many other properties. 

This measure was designed out of a motivation to simply identify which energies would 

minimize the dose. Photons of energies that are 10 keV and less may deposit less energy 

to tissue, but such energies have only a small fraction of photons penetrating the tissue, 

leading to a worse DAPT. At high energies > 100 keV, most photons will pass through 

the object without scattering. However, when these high energy photons do interact with 

the medium, they tend to deposit more energy, leading to higher doses and a worse DAPT 

measure. Therefore, DAPT allows for the selection of energies that minimize the dose but at 

the same time generate images with maximized counting statistics. Making use of contrast 

agents found in the optimum region could yield lower noise contrast-enhanced images while 

simultaneously minimizing the dose.

An alternative measure would be the dose area product per contrast (DAPC). We define 

this similarly to DAPT, but instead consider the contrast between the enhanced ROI and the 

background tissue around the K-edge energy of the contrast agent.

DAPC =def 1
2 ⋅

E+ μen
ρ b

+
+ E− μen

ρ b

−

fx μx
+ − μx

− − μb
+ − μb

−
(8)

Here, superscript + and − respectively represent the energy above or below the contrast 

element’s K-edge, while subscripts x and b respectively indicate the contrast-enhanced ROI 

and background tissue. The mass absorption and linear attenuation coefficients are defined 

as before, as is the dose area product D/ϕ. In medical contexts, we typically deal with small 

concentrations of contrast agent relative to the surrounding tissues. In this limit, the dose 

area product in the numerator becomes dependent on the tissue only. The contrast in the 

denominator is computed from the log-attenuation of the photon counts as described in Eq. 

4b for a KES image with the dependence on the effective tissue length of the contrast agent, 

fx. The extra factor of ½ in front accounts for one-half of the photons used at an energy 

above the K-edge while the other half is used at an energy below.
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The DAPC metric was computed for seven different elemental candidates using energies 

that are equally spaced above and below each element’s K-edge. A graph that shows these 

DAPC calculations is presented in Figure 2(b). The DAPC was multiplied by fx to remove 

the dependence on the quantity of contrast agent. Each element improves as the energies 

come closer to the K-edge due to the concomitant increase in contrast. Gadolinium had the 

smallest, and therefore best, DAPC at energies within 2% of the K-edge. The DAPC for 

iodine and barium is close to that of gadolinium even though their K-edge energies (33.2 

keV and 37.4, respectively) are outside of the optimal DAPT range. This can be explained 

by the larger increase in attenuation iodine and barium have at their absorption K-edge 

compared to Gd. Figure 2(d) elaborates on this by plotting the relative change in the mass 

attenuation coefficients around the K-edge energy.

The periodic trend of increasing K-edge energy with increasing Z (see Figure 2[c]) is paired 

with a decreasing relative change in the mass attenuation coefficient around the element’s 

K-edge formally known as the jump factor [32]. This trend is observed in Figure 2(d) and 

holds for energies within about 10% of the K-edge where a cross between gold and bismuth 

is seen. As energies further away from the K-edge are used, there comes a point where the 

attenuation at the above and below energies equalizes. This occurs between 27% and 30% 

depending on the element, beyond which the difference in attenuation becomes negative 

due to the lower energy attenuation being larger than the higher energy one. This point is 

also observed in the DAPC plot, Figure 2(b), as a discontinuity. Hence, KES improves with 

energies closer to the K-edge of the contrast element.

To make this general contrast agent analysis more specific to mammography, and because 

imparted dose is dependent on the amount of material, this analysis was repeated for a 

4.2 cm thick phantom composed of a homogenous 50% fibroglandular tissue (FGT) and 

50% adipose tissue. The results of the MC simulations are presented in Figure 3. The 

DAPT measure has a similar optimal energy range as the thin water phantom case but 

has a significantly worse measure for low photon energies. This is because the majority 

of these photons are absorbed in this size of phantom leading to a worse DAPT measure. 

Conventional mammography uses a molybdenum or rhodium source with peak energies in 

the poor DAPT region at approximately 17 keV and 20 keV, respectively. For a 4.2 cm 

thick breast phantom, iodine and barium now have better DAPC measures than gadolinium. 

This result is in agreement with a prior monoenergetic Monte Carlo study performed for 

iodine and gadolinium [33] and can be attributable to their larger absolute contrast μx
+ − μx

−

compared to gadolinium. In fact, for narrow ΔE around the K-edge, DAPC is ordered by 

atomic number for that reason. However, compared to iodine, the DAPT for gadolinium is 

40% smaller while its DAPC is only 8% larger. This advantage manifests as a benefit to 

using gadolinium for larger phantoms and this was shown previously in the same study 

[33] leading to the suggestion of possibly using gadolinium for non-compressed KES 

mammography. This paper will continue to use a 4.2 cm phantom as is the industry standard 

for mammographic dose calibration.

Because Gd has acceptable DAPC with a K-edge energy within the optimal DAPT range, 

we choose to study Gd as the contrast agent in this paper. Moreover, in contrast to most of 

the other metals listed above, Gd has several FDA-approved formulations that are routinely 
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used in magnetic resonance imaging (MRI). This would lower the barrier for use of this 

contrast element if such an imaging method were to be adopted clinically. Table 2 lists some 

FDA-approved Gd-based contrast agents (GBCAs).

The advantage an LCS source has is that it would be tunable near the K-edge making 

it capable to optimize these metrics. The current bremsstrahlung-based dual-energy 

technologies use spectra with peak flux energies up to 40% away from the K-edge of iodine 

[34], making such sources less than ideal for KES imaging.

3. KES Simulation Software

Due to the computational difficulty of MC for the required fluxes to obtain a useful image 

at physiologically relevant concentrations of Gd, an analytic approach using Beer-Lambert 

(BL) attenuation was implemented using MATLAB. X-ray attenuation was calculated based 

on mass attenuation coefficients obtained from the National Institute of Standards and 

Technology (NIST) database for the gadolinium and water. Image noise was simulated using 

Poisson statistics as is common practice for imaging from X-ray sources [35, 36]. The 

phantom used was a cylindrical water phantom with a radius of 5 cm and a thickness of 4.2 

cm. The thickness was chosen based on the current standard for mammography phantoms 

[37]. Spherical inserts with 5 and 15 mass% Gd with 2 and 3 mm radii were placed in 

the phantom. A graphical representation of this phantom is presented in Figure 4(a). The 

large concentrations of Gd were used to make the MC simulation computationally tractable 

requiring fewer particles to be simulated to visualize the inserts. Each simulation used 109 

monoenergetic photons per projection at energies of 51 keV and 49 keV. The resolution 

of both simulations was 250 μm in each dimension. A KES image was processed, and the 

results are shown in Figure 5. Only photons that pass through without scattering within 

the phantom were used in the MC simulation to emulate the common practice of scatter 

filtering.

For each individual projection, the signal between the BL code and the MC simulation 

differs by less than 0.15% while the noise level differs by 0.69%. The KES images were 

produced by subtracting the intensity of the above projection from the below projection 

pixel-by-pixel to ensure the signal at the inserts to be greater than the background. After 

performing the subtraction operation, the signal of the inserts between the BL and MC KES 

images differed by approximately 1% in both the signal of the inserts and the noise. The 

BL simulation has the advantage of simulating many particles in a short amount of time. 

For example, simulating 1012 photons will take less than 0.7 CPU hours using the BL code, 

while the same simulation would take over 19,000 CPU hours using Monte Carlo on the 

same machine. Because of its clear improvement in computational difficulty, we therefore 

use the BL code for the remaining KES simulations in this work. A drawback of using the 

BL method compared to MC is the loss of scattering information. However, it is common 

practice to reduce scatter in projection imaging by filtering or other methods, and thus is not 

considered by the authors to be a limitation for this study.
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4. KES Simulations

4.1 Optimal Energy Tuning of LCS Source

The phantom used in the KES and conventional images is a cylindrical phantom similar 

to the one used in section 3 with a 5 cm radius and 4.2 cm depth. Instead of water, the 

background tissue of the phantom consisted of 11 different ratios of fibroglandular tissue 

and adipose tissue varying from 100% FGT to 0% FGT in 10% increments. Attenuation 

data for FGT and adipose tissue was taken from the International Commission on Radiation 

Units (ICRU) Report 44 [38]. Since cancerous breast lesions most often come from FGT 

with liposarcomas (cancer arising from fatty tissue) being exceedingly rare [39, 40], the 

spherical inserts were made with only FGT and Gd. The Gd concentrations of the inserts 

were adjusted to be 0.005 % and 0.015 % by mass with the aim to have physiologic accuracy 

to the study. These concentrations were chosen based on previous studies that estimated the 

concentration of a GBCA inside of various benign and malignant breast lesions, such as 

fibroadenoma, ductal carcinoma and lobular carcinoma, using pharmacokinetic flow models 

[41, 42]. The spherical symmetry of the phantom inserts was chosen due to the radial 

dependence on X-ray energy and flux of the LCS source as is depicted in Figure 1(c), 

allowing for spatial analysis of image quality if desired. The phantom used for the KES 

simulations is depicted in Figure 4(b).

The X-ray beam spectrum and beam profiles were simulated using a proprietary 

Mathematica script developed first at the Lawrence Livermore National Laboratory and 

optimized by Lumitron Technologies, Inc. It has been used previously to computationally 

characterize laser-Compton X-ray sources [11]. The script calculates the resulting Compton 

X-ray flux, spectrum, and spatial distribution given a simulated or experimental electron 

beam and laser pulse parameters. This script is based on physics and processes of laser-

Compton scattering described previously [43, 44]. A 75 MeV electron beam with 1 million 

particles was simulated using General Particle Tracer code [45]. The phase space values 

of this electron beam were then modified within the Mathematica script to fit the desired 

beam parameters, such as electron beam energy, divergence, spot size, etc. The laser pulse 

is modelled as a plane wave with a Gaussian beam intensity envelope. A grid of observation 

angles in horizontal and vertical planes is set up. At each grid point, for each electron 

beam particle, the script calculates the Compton-scattered X-ray energy and the number 

of photons. The energy and differential cross sections of Compton-scattered X-rays are 

calculated using energy-momentum conservation and the Klein-Nishina formula for linearly 

polarized photons. The interaction probability between the electron and laser beams is 

calculated by integrating the photon density along the ballistic trajectory of the electron, 

which then multiplied by the cross-section given the number of photons within the solid 

angle at each grid point. Finally, contributions of all electron particles for all grid points 

are summed up. This Laser Compton X-ray distribution generates a 4-dimensional X-ray 

phase space file that can be input to our BL software employed in this paper. Computational 

phantoms were placed at a distance that would be completely illuminated by the X-ray beam 

yielding 2D projection images.
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Because the integrated X-ray energy spectra can be tuned based on the electron beam 

energy, it is important to understand how the image quality changes with various above and 

below K-edge tuned X-ray energies. To maximize the contrast of the Gd inserts, the below 

K-edge (BKE) tuning would be ideally as close to and below the K-edge energy of Gd. For 

this reason, the maximum below K-edge X-ray energy ECE
B  was tuned to be approximately 

50.1 keV for all observation angles simulated. The advantage of the LCS source parameters 

used in this study is that they generate a divergence-limited spectrum that has a characteristic 

sharp drop in the maximum X-ray energy. This allows for great BKE spectrum tuning, 

though will not be applicable in all LCS source configurations.

Since the BKE X-ray energy tuning is fixed, the maximum above K-edge (AKE) X-ray 

energy ECE
A  must be chosen to maximize image quality. This means the integrated AKE 

energy spectrum must have enough flux above the K-edge energy of Gd to maximize the 

contrast. At the same time, it should be close enough to the K-edge to take advantage 

of an approximately constant background signal and therefore minimize noise. However, 

the energy spectrum has a tailing distribution towards lower energies, therefore requiring 

analysis to determine the best AKE tuning to maximize image quality (see Figures 1[d] and 

7[b]).

To this end, KES simulations were performed using the BL code and images were generated 

using 1014 simulated photons per projection at a pixel resolution of 500 μm × 500 μm. 

One projection was taken with energy tuning below the K-edge and eight others were taken 

above the K-edge with different energy tunings. The resulting transmission images were 

processed by subtracting the log of the flux adjusted AKE image from the log of the flux 

adjusted BKE image (see Eq. 4b) to allow for the signal at the insert to be larger than the 

background as is convention for medical imaging. Both methods yield very similar results, 

so transmission images were chosen for this study. For this analysis, the contrast-to-noise 

ratio (CNR) was calculated for the large inserts with 0.015% Gd according to

CNR = Si − Sb

σi
2 + σb

2 . (9)

Here, Si and Sb are the mean signals of the insert and the breast phantom near the insert 

while σi and σb are the respected standard deviations (noise level). The background signal 

region was chosen to be a ring of equal area around each insert due to the spatial variation 

in energy and intensity of the source. The appropriate AKE energy tuning is the one where 

the CNR of all the inserts are simultaneously maximized. This figure of merit (FoM) was 

attained by normalizing the CNR curves for each insert as a function of energy, then taking 

the maximum of the sum curves. Mathematically, this is expressed as

FoM = max
ECE

A
∑

i

CNRi ECE
A

CNRi Emax
, (10)

with i being the insert and the fraction in the sum is the CNR curve normalized so the 

maximum CNR equals unity. Figure 6 shows the results of the optimization simulations. The 

importance of this FoM is because the energy spectrum is dependent on the pixel location, 
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different AKE energies would result in different portions of the image having different 

image quality. For example, it is apparent in the CNR curves that at lower energies, the 

innermost inserts are favored while the outermost inserts have a lower image quality. This is 

because the average energy from an LCS source is radially dependent with higher energies 

in the middle and lower energies at the periphery (see Figures 1[c] and 6[d]). The FoM 

defined above appropriately chooses the energy in which the image quality is maximized 

globally over the phantom, as can be seen with the corresponding peaks in Figure 6.

The best ECE
A  tunings to perform KES simulations were found to be approximately 

50.7 keV, 50.8 keV, 51 keV, 52 keV, and 53.5 keV for the 0.5%, 1%, 2%, 6%, and 

11% bandwidths, respectively. These energy tunings will be used for the remaining KES 

simulations in this study. Generally, the CNR is dependent on the insert location. For 

example, from the results, insert pairs 1/7, 2/8, and 3/9 have similar CNRs, especially at 

larger bandwidths. Since these inserts are at similar radial distances from the center of the 

phantom, they are subject to the same energies from the LCS X-ray spectrum. However, 

the inserts in this phantom are embedded in background tissue of varying composition of 

fibroglandular and adipose tissue. Since the inserts 1, 2 and 3 are in an environment with 

a higher fraction of FGT, the CNRs of these inserts are lower than those of similar size 

and concentrations lying in a lower FGT density region. Due to the characteristic dipole 

radiation pattern of the LCS spectrum (see Figure 1), there is more photon flux in the 

vertical dimension compared to the horizontal dimension. In a scenario where the density 

of the background tissue was more homogeneous, it is expected that the more equatorially 

aligned inserts 1, 2, and 3 would have a slightly smaller CNR than their more vertically 

aligned counterparts (inserts 7, 8 and 9). We also performed this computational experiment 

and only a minimal difference in CNR was observed. LCS spectra that have more spatial 

variance in flux would likely be more sensitive to this phenomenon.

At larger bandwidths, the CNR becomes negative for some inserts at some AKE energies. 

This happens at AKE energies that do not provide enough flux of photons near the K-edge 

energy of Gd, like the inserts that are far from the center of the phantom as can be seen 

in Figure 6(c). Combined with the low physiologic concentration of Gd, the attenuation of 

the insert that is primarily composed of FGT to represent a glandular tumor ends up larger 

than the surrounding tissue that is composed of some adipose tissue. The result is a signal 

that is lower at the insert, and therefore has a negative CNR. It is important to note that 

most imaging studies report the absolute value of the CNR. Here, we allow the possibility 

of negative CNR as it provides important conceptual information as described above and 

highlights the benefits of the narrow bandwidths that are achievable using LCS sources.

Figure 6(d) shows how the mean energy contours change with increasing electron beam 

energy. CNR is maximized when this energy is just high enough to have the K-edge 

energy contour encompassing all the inserts. Increasing the electron beam energy from this 

point decreases image quality as the X-ray attenuation of Gd falls with increasing energy. 

Therefore, in future implementation of LCS KES imaging, the object should be placed at a 

distance such that mean energy contour for the Gd K-edge in the AKE spectrum just reaches 

the edge of the imaging region of interest for the best possible contrast.
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4.2 LCS KES Imaging Compared to Conventional Imaging from a Bremsstrahlung Source

It is of primary interest of this paper to compare how the dose and image quality of LCS 

compares to that of the current industry standard bremsstrahlung source. To this end, we 

apply the same BL code to create an absorption image on the same phantom using a 25 

kVp molybdenum (Mo) spectrum with a 0.03 mm Mo filter. A Mo source, along with Rh, 

is a common source used for screening mammograms due to a large peak around 17.4 

keV for Mo and 20 keV for Rh, which happens to be around the energy where breast 

and adipose tissue absorb the most dose allowing for the best quality absorption image 

[27]. Approximately 99.5% of the photons are absorbed or scattered at the energy with 

peak flux from a Mo source. Such a characteristic is useful for absorption images but is 

non-beneficial in KES and to the patient due to maximum dose-deposition. The spectrum 

used was generated using the SpekPy v2.0 Python toolkit [46] and is shown in Figure 7 

along with a comparison of the 2% bandwidth LCS AKE and BKE spectra.

KES images were generated at varying bandwidths (0.5%, 1%, 2%, 6% and 11%) and 

total number of photons per projection (1012 – 1014 ph/projection). Each KES simulation 

was generated using ECE
B = 50.1 keV for the BKE image and the corresponding best ECE

A

found for the AKE image. To keep the number of particles constant across all computational 

experiments, Mo simulations were run for twice the number of photons per projection as a 

conventional absorption image only uses one projection while a KES image requires two. As 

conventional X-rays are generated by depositing high energy electrons on a target resulting 

in bremsstrahlung radiation, the radiation pattern is broad and material dependent. LCS in 

comparison has a much narrower energy spectrum that can be tuned to the desired energies, 

such as above and below the K-edge of contrast material.

The images resulting from the KES and conventional simulations for the 1012, 1013, and 

1014 ph/projection cases are presented in Figure 8. Figure 8(a) shows the raw images 

without post-processing. These are the images used for later analysis. While Figure 8(b) 

shows the images after applying a threshold to the upper and lower signal bounds. These 

thresholds were arbitrarily chosen so that all densities and enhancements within the phantom 

can be distinguished simultaneously as best as possible. Application of a threshold is a 

common practice performed to resolve structures in radiographic imaging. The similarity 

between all fluxes of the conventional bremsstrahlung simulations is due to the lower noise 

associated with a single image as opposed to a composition of two images that KES uses.

Figure 9 shows in more detail the qualitative effects of the thresholds using the 0.5% BW 

case at 1014 ph/projection. The color of the area outside of the phantom was set to black 

in these images to help visualize the thresholds better with a contrasting background. The 

upper and lower signal bounds can be adjusted to highlight areas of the phantom that 

require a more isolated interpretation. As the lower bound is increased, the distracting breast 

tissue starts to disappear. Such a threshold would be useful in the scenario of overlaying 

a KES image with an absorption image to retain useful anatomical information while 

also highlighting the areas of suspicion found in the KES image. As the upper bound is 

decreased, the inserts among the higher density backdrop become more pronounced. The 

variation in the background also becomes apparent while adjusting this threshold. There 
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is both a linear sloping due to the regular variation in fibroglandular tissue density in the 

phantom by construction as well as a rounded contour to the background that is due to the 

radial dependence on the X-ray energy from the LCS source. These background artifacts 

could be accommodated for using more complicated post-processing measures if desired. 

Adjusting both the upper and lower bounds simultaneously would also allow for a more 

isolated insert enhancement if desired.

In general, the smaller the bandwidth of the LCS spectra used will improve the quality 

of the image with the 0.5% BW simulation creating the best subtraction image. This can 

be attributed to a higher fraction of photons being above and closer to the K-edge energy 

at smaller bandwidths. The lower concentration inserts with 3 mm radius can be seen 

only slightly in the lower flux images that have BW 2% or less and are not discernable 

in the low-flux 6% BW image. Thresholding of the higher flux images makes the low 

concentration inserts more easily visible for the large bandwidth simulations. Resampling of 

the to a lower resolution could also help resolve these structures if needed.

In the 25 kVp Mo-Mo simulation, it is easier to see the inserts as the fraction of glandular 

tissue drops. In the regions with high fractions of FGT, the inserts are no longer visible for 

the conventional simulation due to the highly similar attenuation with the background. The 

conventional simulations also show the vertical striations due to the variation in breast tissue 

density. In the KES simulations, the background is subtracted away, so this feature is less 

pronounced. Though the background can still be resolved in the KES images, especially 

in the higher BW simulations as well as the high-flux images with thresholds applied (see 

Figure 8).

In a clinical context, the disappearing inserts in high FGT regions is the difficulty of 

screening mammography for patients with dense breasts, as such lesions would “hide” 

within the attenuating dense fibroglandular backdrop. With regards to the inserts that are 

easily seen in the low FGT regions, these structures may or may not be suspicious for 

cancerous lesions, only that they have a different density relative to its neighborhood. 

Furthermore, all inserts in the conventional simulation have the same level of attenuation no 

matter how much Gd is present (see Figure 8[b]). This is a direct consequence of the low Gd 

concentrations present in the inserts and would not be true otherwise. So, the advantage of 

KES is that it can specifically identify regions that are enhancing with contrast material as 

well as quantify the amount of the uptake given by the intensity of the signal. This feature 

is particularly useful, since it is known that cancerous lesions, in general, uptake contrast 

in greater amounts and at greater velocity than benign lesions [41, 42, 47–49]. Hence, 

discrimination can be made between cancerous and benign lesions by both timing and signal 

intensity on the KES image, which would not be possible using a conventional source at the 

low concentrations of Gd. This difference in contrast can be seen in any of the KES images 

in Figures 8 and 9.

To obtain an estimate of the mean glandular dose (MGD) imparted to the phantom, we 

employ the following formula that was derived from first principles by Boone [27]:
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MGD = A
mg

∑
E

Ef(E)ϕ(E)G(E) . (11)

Eq. (11) is similar to the dose relation used for DAPC but has the difference that it accounts 

for the dose imparted only to the fibroglandular tissue present in the phantom. A is the 

cross-sectional area of the phantom, mg is the mass of the glandular tissue in the phantom, 

E is the photon energy, and ϕ is the fluence of incoming photons per area as a function of 

energy. G is the adjustment for the energy deposited into glandular tissue only and is defined 

as

G =
fg

μen
ρ g

fg
μen
ρ g

+ 1 − fg
μen
ρ a

, (12)

with the subscripts a and g to represent adipose and fibroglandular tissue and fg is the 

fraction of FGT. Finally, f(E) is the fractional energy deposited by the photon described as 

the amount of energy deposited divided by the energy of the photon. The values for f were 

taken from Boone and linearly interpolated to an overall 50% glandular phantom with 4.2 

cm thickness.

Applying the above formula gives an approximate dose per photon for each image that 

can be scaled to the number of photons that is used in the respective simulation. The 

calculated MGD for each source is listed in Table 3. It is observed that the dose increases 

as the bandwidth increases. This can be attributed to the increase in flux of lower energy 

photons that deposit more dose into the phantom. The largest relative dose was that using 

the conventional 25 kVp Mo-Mo X-ray spectrum as is expected since most of the flux from 

the Mo-Mo spectrum is near the peak of fractional energy deposition curve for breast tissue 

[27]. Unexpectedly, the MGD from a conventional source is not much higher than that from 

the LCS KES protocol. Although photons of energies from a 25 kVp Mo source deposit a 

higher fraction of their energy, the energy is low enough so that the total energy deposited 

is not much different in comparison to the photon energies used for LCS KES. For example, 

approximating the fractional energy depositions for 20 keV and 50 keV photons, f(20) ≈ 
0.5, G(20) ≈ 0.57, f(50) ≈ 0.13 and G(50) ≈ 0.54 for a 4.2 cm thick phantom with 50% 

homogeneous glandularity. This means a 20 keV photon would deposit about 5.7 keV into 

glandular tissue while a 50 keV photon would deposit a smaller, yet comparable, 3.5 keV 

into glandular tissue.

Both CNR and relative contrast ratio (RCR) were employed to quantify the image quality of 

each insert. RCR is described as

RCR = Si − Sb

Sb
. (13)

Ratios of each contrast metric and dose were compared between LCS KES and conventional 

images. The ratio of RCR and dose (RCRD) compared to conventional (CONV) images is 

defined to be
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RCRD = RCRLCS/DoseLCS

RCRCONV /DoseCONV
. (14)

This metric can be interpreted as the ratio of contrast normalized to dose. The inverse metric, 

dose reduction normalized to contrast (DRCR), is also of use and is simply the inverse of 

RCRD. A similar metric based on CNR is also used for analysis of image quality and dose 

defined as

CNRD = CNRLCS/DoseLCS

CNRCONV /DoseCONV
, (15)

which has a similar interpretation as the above metric with inverse being the dose reduction 

normalized to contrast-to-noise (DCNR).

The results from the analysis using the above metrics are presented in Table 4 for the 1012 

and 1014 photon simulations. Inserts were grouped into four categories due to their similar 

contrast metric values in the LCS KES simulations and averaged together. The inserts were 

classified as follows: high contrast large radius (HCLR) – inserts 1, 2, 3, 7, 8 and 9; high 

contrast small radius (HCSR) – inserts 4, 5, 6, 10, 11 and 12; low contrast large radius 

(LCLR) – inserts 13, 14, 15, 19, 20 and 21; low contrast small radius (LCSR) – inserts 16, 

17, 18, 22, 23 and 24.

As was observed qualitatively in the KES images above, the contrast at the insert relative 

to the background tissue increases with increasing Gd concentration and insert size. The 

increase is expected and based on the quantity of the materials within rather than on the flux. 

Constant relative contrast is also observed across fluxes where the 1012 ph/projection has the 

same RCR to an image generated with 1014 ph/projection for every insert. This constancy 

across different values of flux is due to the normalization of the images for flux. The RCR is 

also the same across the bremsstrahlung simulations for the same reason. However, the RCR 

is not as predictable since the signal is not predominantly dependent on Gd concentrations, 

as with the KES simulations, but instead is predominantly dependent on the tissue density. 

This led to a higher average RCR for the LCLR compared to the HCLR group. The metric 

that is dependent on the flux is CNR, which generally increases with increasing flux due to 

the reduction in noise. This trend is observed in the data. The CNR is generally higher at 

the larger concentrations and insert radii for the LCS KES simulations. This is not the case 

for the Mo simulation as the image quality of the inserts is dependent on the local densities 

which can be highly variable. The trend in CNR is retained for the LCS KES simulations as 

the background tissue is subtracted out of the image and the signal becomes predominantly 

dependent on the amount of Gd only.

For the 25 kVp bremsstrahlung simulations, the CNR increases only minimally when 

increasing the total number of photons. This is a consequence of the phantom choice. As 

spheres were used for the insert objects, this creates a radial dependence on the path length. 

This in turn creates a variation in the signal that scales as N (number of photons) for large N. 

Since Poisson noise goes like N, the added variation overcomes the Poisson noise resulting 
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in a CNR that becomes approximately constant for large numbers of photons. If cylindrical 

inserts were chosen, the CNR would scale according to the Poisson noise.

The RCRs for the LCS KES images are greater at every 0.015% Gd insert compared 

to the conventional image, showing the advantage of using the K-edge of Gd for 

contrast enhancement. The lower concentrations inserts have lower RCR compared to the 

conventional image for BWs of 6% and above. As for CNR, the conventional source does 

better at low fluxes, such as 2 × 1012 total photons per image as seen in the table. For larger 

fluxes > 1013 ph/projection, the CNR for the LCS KES simulations then outperforms that of 

the bremsstrahlung source at the same flux. At lower fluxes, it is likely the added noise from 

the subtraction of two images is what gives the KES simulation lower CNRs compared to 

conventional which only uses one image.

Comparing the LCS KES simulations to the Mo simulations, there is up to a 29x increase 

in relative contrast normalized to dose in the 2 × 1012 ph/image simulations. Looking at the 

inverse metric (DRCR), this would indicate that an image at the same relative contrast can 

be obtained at only 3% of the dose. Considering the 14% decrease in MGD per photon in 

the 0.5% BW LCS simulation compared to the conventional one, this benefit largely comes 

from the 25 times increase in relative contrast that KES provides. The CNRD at this same 

flux, however, showed no improvement compared to the bremsstrahlung simulation.

When increasing the flux to 2 × 1014 ph/image, the dose normalized CNR of the LCS KES 

simulation improves over the conventional image by 4 times for the smallest bandwidth 

simulation. From the inverse DCNR perspective, the same quality image as a 25 kVp 

Mo-Mo source can be obtained using a 0.5% BW LCS source at only one-quarter of the 

dose. Of course, this image quality falls by increasing the bandwidth as more of the flux 

has energies that are further away from the K-edge. This is seen in Table 4 with the 6% 

BW KES simulation having a maximum averaged CNRD of 1.72 compared to the 0.5% BW 

maximum of 4.05 or the 2% BW maximum of 3.27.

5. Conclusion

This paper explored the use of LCS in CEDM and other KES imaging using Gd as 

the contrast agent. Gd has been proposed before to decrease dose and as an alternative 

to patients with known drug allergies to iodinated contrast agents or renal insufficiency 

[50, 51]. The use of Gd for LCS KES imaging has also been proposed [8, 9], but never 

investigated thoroughly until now. It was found that, when normalized for dose, there 

was marked increase in contrast up to 29x compared to a conventional 25 kVp Mo-Mo 

bremsstrahlung source. Conversely, this corresponds to a 97% dose decrease to attain the 

same level of relative contrast. There was also a flux and BW-dependent increase in dose-

normalized CNR for the LCS source up to 4x for a flux of 1014 ph/projection.

However, at such fluxes, the dose may be prohibitive for a screening study. For example, 

the 0.5% BW LCS spectra used in this study had an estimated MGD of 3.56 × 10−15 Gy 

ph−1. This corresponds to a MGD of 3.56 mGy for a study that employs 1012 ph/projection, 

which is already 0.56 mGy above what the American College of Radiology recommends for 
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a 4.2 cm depth phantom [37]. At this flux, there was no improvement in CNRD even at the 

highest concentration of Gd studied. Before making a conclusion regarding how beneficial 

such a study would be, the imaging modality must be considered. In a KES image, the 

background is subtracted away leaving only the tissue that has undergone significant Gd 

uptake. In a conventional image, all tissue remains, leaving the possibility of suspicious 

lesions being obscured by dense fibroglandular tissue, and at the low Gd concentrations, 

there is no way to distinguish an enhanced lesion from non-enhancing tissue based on 

attenuation alone. Even though the CNR for LCS KES is low compared to conventional 

at a flux of 1012 ph/projection, there may still be clinical merit to using it as a screening 

modality due to the large difference in relative contrast between the Gd enhanced region 

and the background. In a less-frequent diagnostic scenario, a higher flux study may be 

appropriate. It is possible to mitigate the dose by cutting off the source once a minimum 

contrast requirement has been met. Although, this would only be effective at decreasing the 

dose in those with a positive screening test.

The low concentrations of Gd inside of breast lesions is the largest limiting factor for the 

dose. This limitation may be overcome in a number of ways. Considering GBCAs have 

excellent renal clearance and the median lethal dose of GBCAs (8 mmol kg−1 for Gd-DTPA 

and > 30 mmol kg−1 for gadodiamide [52, 53]) is significantly higher than the clinically 

used dose of 0.1 mmol kg−1, using higher doses for KES imaging might be a possibility. 

Alternatively, the Gd concentration in breast lesions may be increased by coming up with 

a chelating agent that shows higher uptake or specific affinity for these lesions, or by 

choosing another agent that has larger uptake. For instance, iodinated contrast agents have 

been estimated to have up to 10x greater uptake in breast lesions compared to GBCAs [54]. 

Such a concentration of iodine would lead to a near 10x lower DAPC metric and therefore 

theoretically be able to obtain an image with an order of magnitude fewer photons. This was 

in fact done in a previous computational study where the authors were able to obtain a KES 

image with 5 × 1010 photons at 0.3 × 0.3 mm2 resolution and the estimated dose was smaller 

by almost an order of magnitude [55]. In the case of larger path lengths, gadolinium has 

been shown to make images of equal contrast with lower dose compared to iodine [33]. This 

would enable compression free dual energy mammography using gadolinium-based contrast 

agents.

Because the sensitivity of CEDM has been shown to be comparable to Gd contrast-based 

MRI [3], it may be possible to offer LCS KES imaging as an alternative. An MRI study 

takes between 20 minutes to over an hour, while the source parameters examined in this 

paper would be able to take an image within seconds of exposure at the resulting fluxes. 

Considering the source studied in this paper requires two energy tunings, the rate-limiting 

step for overall imaging time is the energy switching process. This could be on the order 

of minutes yet is still significantly faster than MRI. Moreover, the spatial resolution of a 

clinical MRI is typically on the order of 1 mm and can be as large as 5 mm in the scanning 

dimension. This paper showed that a resolution of 250 μm is viable under the studied 

conditions. Therefore, it is conceivable that LCS KES can be a much faster and better 

resolved alternative to MRI. Moreover, while this paper used a relatively large detector area 

to have the entire phantom in the field of view, the ultimate resolution obtainable from a 
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laser-Compton source will be related to the photon-electron interaction spot size which, for 

next generation sources, is on the order of 5 microns.
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Fig. 1. 
Energy spectra of the LCS source tuned to CE energy of 50.1 keV: (a) schematic of the 

electron bunch and laser beam interaction in LCS, (b) energy and intensity as a function of 

viewing angle, (c) spatial intensity cross section with overlayed mean energy contours for a 

5 mrad aperture, (d) integrated energy spectra with varying aperture sizes. The bandwidths 

(BW) provided were calculated using ΔE/E at FWHM.
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Fig. 2. 
(a) Plot relating dose per transmitted photon as a function of energy. Minimization of this 

curve would yield the energy that simultaneously optimizes low dose and high counting 

statistics (approximately 60 keV). (b) DAPC curves for various contrast agents; inset – 

zoom on overlapping curves for I, Ba and Gd. DAPC was multiplied by fx to remove its 

dependence on the amount of contrast material. The units are fundamentally arbitrary as the 

contrast can be defined in unique ways. (c) Plot of mass attenuation coefficient as a function 

of energy around the K-edge of the contrast elements. (d) Relative change in attenuation 

coefficient around the K-edge energy.
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Fig. 3. 
(a) DAPT as a function of energy for 50:50 FGT:adipose. Pure FGT and pure adipose 

simulations are included for reference. (b) DAPC curve for 50:50 FGT:adipose.
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Fig. 4. 
(a) 3-dimensional render of the computational phantom used for code verification with 

insert numbers. The phantom has 4.2 cm depth with a 5 cm radius. Spherical inserts are 

centered to mid-depth in the phantom and have radii of 2 and 3 mm. Yellow inserts are the 

large concentration inserts while the light blue ones are the low concentration inserts. (b) 

Image of phantom used in KES and conventional simulations illustrating the variation in 

fibroglandular tissue density. There are 11 different fibroglandular tissue fractions ranging 

from 100% (far left band) to 0% (far right band) in equal increments with 50% being the 

middle band. Otherwise, the sizes of the phantom and inserts are the same as (a). (CC = 

craniocaudal, LR = left-right lateral)
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Fig. 5. 
KES images comparing MC, images (a) and (b), to the BL code, images (c) and (d). Signal 

of intensities of circled inserts are 861 (blue, MC) and 851 (yellow, BL) having a difference 

of only 1.2%. The standard deviation (σ, noise) of the background for these images were 

92.6 (blue, MC) and 93.6 (yellow, BL) yielding a difference of 1.1%. (CC = craniocaudal, 

LR = left-right lateral)
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Fig. 6. 
FoM curves with individual insert CNRs for 2% (a), 6% (b) and 11% (c) bandwidth LCS 

sources. The peaks of the FoM curves (blue) yield the best maximum AKE energies to use 

at each bandwidth. Image (d) shows the mean energies contours at the K-edge of Gd (50.2 

keV) for the AKE spectrum overlayed with the phantom for the 11% bandwidth case. The 

rings tend outward as the energy of the electron beam increases. The best FoM would be the 

energy that is just high enough to encompass all the inserts, as is predicted from the formula. 

AKE energies used for the mean energy contours in (d) are 51 keV (red), 52 keV (blue) and 

54 keV (green).
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Fig. 7. 
Integrated energy spectra for (a) 25 kVp Mo-Mo bremsstrahlung and (b) 2% BW LCS 

sources used in simulations overlayed with the X-ray mass attenuation coefficient for Gd, 

FGT and adipose tissue.
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Fig. 8. 
KES images obtained for 0.5%, 1%, 2% and 6% BW at a flux of 1012, 1013 and 1014 

ph/projection, as well as the corresponding bremsstrahlung (conventional) images at the 

same number of photons per image. (a) Displays the raw images without post-processing 

while (b) shows images with arbitrary thresholds applied to the upper and lower bounds 

of the signal. Color bars for the KES images represent the difference in the log photon 

count after adjusting for flux while for the bremsstrahlung images represent the absorption 

(log-attenuation).
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Fig. 9. 
0.5% BW KES simulation at 1014 ph/projection with various thresholding. Thresholding 

is a common post-processing technique in medical imaging and can be used to highlight 

different features of the phantom.
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Table 1.

LCS Parameters of the Source Under Construction at Lumitron Technologies, Inc.

Electron Beam Parameters Laser Parameters

Micro-bunch charge 25 pC Laser micro-pulse energy 10 mJ

Pulse structure 1000 micro-bunches/pulse Laser wavelength 354 nm

Repetition rate 400 Hz Repetition rate 400 Hz

e− beam energy 30 – 100 MeV Laser pulse duration 2 ps

e− beam energy spread 0.03% Laser beam spot size > 5 μm

RF 11.424 GHz

e− beam emittance 0.2 mm mrad X-ray Characteristics

e− beam size at the interaction point / spot size 
(RMS)

5 μm Total X-ray flux > 1012 ph s−1

e− bunch length 2 ps Tunable energy range 30 keV – 3 MeV

Interaction angle π (head-on)

X-ray spot size (RMS) 5 μm

Minimum on-axis energy bandwidth (ΔE/E, 
FWHM) 10−3
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Table 2.

List of FDA-approved GBCAs

GBCA Type Excretion Concentration (M) Recommended dose (mmol kg−1)

Gadopentetate dimeglumine linear, ionic renal 0.5 0.1

Gadobenate dimeglumine linear, ionic 95–96% renal 4–5% hepatic 0.5 0.1

Gadodiamide linear, non-ionic renal 0.5 0.1

Gadoterate meglumine cyclic, ionic renal 0.5 0.1

Gadoteridol cyclic, non-ionic renal 0.5 0.1

Gadobutrol cyclic, non-ionic renal 1.0 0.1
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Table 3.

Estimated MGD for LCS at Various Bandwidths and the Conventional Source

Method KES ΔE/E = 
0.5%

KES ΔE/E = 
1%

KES ΔE/E = 
2%

KES ΔE/E = 
6%

KES ΔE/E = 
11%

25 kVp Mo-Mo 
Bremsstrahlung

MGD (10−12mGy 
ph−1)

3.56 3.58 3.61 3.74 3.92 4.16
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Table 4.

Insert Group Contrast and Dose Analysis

Photons per Image Simulation Insert Group Mean RCR Mean CNR RCRD CNRD

LCS KES, BW = 0.5%

HCLR 0.2254 0.5442 29.34 0.91

HCSR 0.1530 0.3616 20.39 0.45

LCLR 0.0684 0.1630 6.90 0.25

LCSR 0.0471 0.1163 10.69 0.18

2 × 1012

LCS KES, BW = 2%

HCLR 0.1234 0.5098 16.07 0.86

HCSR 0.0819 0.3341 10.92 0.41

LCLR 0.0347 0.1428 3.50 0.22

LCSR 0.0248 0.1051 5.63 0.17

LCS KES, BW = 6%

HCLR 0.0481 0.4345 6.26 0.73

HCSR 0.0299 0.2843 3.99 0.35

LCLR 0.0092 0.0843 0.93 0.13

LCSR 0.0087 0.0822 1.97 0.13

25 kVp Mo-Mo Bremsstrahlung

HCLR 0.0090 0.6957

HCSR 0.0088 0.9445

LCLR 0.0116 0.7568

LCSR 0.0051 0.7364

LCS KES, BW = 0.5%

HCLR 0.2245 2.4211 29.24 4.05

HCSR 0.1531 2.2131 20.41 2.60

LCLR 0.0690 1.3373 6.95 2.06

LCSR 0.0467 0.9824 10.61 1.52

2 × 1014

LCS KES, BW = 2%

HCLR 0.1237 1.9532 16.11 3.27

HCSR 0.0827 1.9072 11.03 2.24

LCLR 0.0350 0.8940 3.53 1.38

LCSR 0.0246 0.6667 5.59 1.03

LCS KES, BW = 6%

HCLR 0.0484 1.0262 6.30 1.72

HCSR 0.0300 1.0889 4.00 1.28

LCLR 0.0091 0.2541 0.92 0.39

LCSR 0.0079 0.2525 1.80 0.39

25 kVp Mo-Mo Bremsstrahlung

HCLR 0.0090 0.6978

HCSR 0.0088 0.9955

LCLR 0.0116 0.7585

LCSR 0.0051 0.7571
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