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Purpose: To investigate the feasibility of dual-modal on-board spectral-CT/CBCT
imaging using a CZT photon-counting detector mounted on a Linac by Monte
Carlo simulations.

Methods: In this proof-of-concept study, the Monte Carlo software platform of
Geant4 Application for Tomography Emission (GATE) and a high-performance
computing hardware platform were utilized to design and validate the novel on-
board spectral-CT andconventionalCBCT imaging systemusing a singleCZTdetector
integrated into a Linac. Through the combined use of the Monte Carlo simulation and
the charge transportation model based on a diffusion equation, we simulated x-ray
energy spectra of the CZT detector with pixel sizes ranging of 200–1,000 μm, based
onwhich the optimized pixel size of the detectorwas determined. Spatial resolution of
the CBCT imaging of the systemwas evaluated by oversampling a tilted tungstenwire.
A PMMA phantom, containing calcium and contrast elements of iodine, gadolinium,
and gold, was simulated to demonstrate the spectral CT imaging capability of the
system by using the K-edge spectral imaging method.

Results: Considering the trade-off between the photon-peak efficiency and spatial
resolution of the detector, the pixel size of the CZT detector was determined to be
400 µm. The spatial resolution of the CBCT imaging of the systemwas estimated to
be 19.2 lp/cm@10%modulation transfer function. The CBCT imaging of the system
provided sufficient structural details of the phantom with a high image contrast.
Compared to the CBCT image of the phantom, the K-edge spectral CT images
differentiated the four elements contained within the phantom very well.

Conclusion: The simulation results demonstrated the feasibility of dual-modal
on-board spectral-CT/CBCT imaging by using a single CZT photon counting
detector in a Linac.
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1 Introduction

Radiation therapy (RT) has become an indispensable tool for
treatment of most cancers, with approximately half of cancer patients
receiving radiotherapy during the course of cancer treatment upon the
curative or palliative treatment intention [1]. Image guided radiation
therapy (IGRT) is currently the mostly adopted RT technique globally,
with the purpose of improving target accuracy and precision through
imaging of targets during the course of RT treatment [2]. Among the
imaging modalities for guiding therapeutic radiation beam delivery, the
x-ray imaging, including megavoltage and kilovoltage (MV/kV) planar
and volumetric imaging, is the main-stream imaging technique utilized
in the RT practice [2, 3]. Based on a survey on IGRT practice patterns in
US, replacing portal or planar imaging, cone-beamCT (CBCT) has been
the most prevalent modality for pretreatment image guidance due to the
improved soft-tissue contrast for monitoring anatomic changes of
treatment targets [2]. Currently, daily CBCT is performed for
multiple disease sites worldwide with the benefit of reducing
planning treatment volume (PTV) margins through addressing
geometric and anatomic uncertainties.

However, the well-known drawbacks of the conventional poly-
energetic CBCT include metal artifacts and/or beam harden effects,
insufficient image contrast for soft tissues (e.g., for abdominal
tissues), the lack of functional and/or molecular information
about treatment targets, and so forth. These limitations of CBCT
make the delineation of treatment targets and the monitoring of
treatment responses suboptimized or very challenging, and can
therefore compromise the efficacy of RT treatment [4, 5].

Through addressing these limitations, spectral-CT (i.e., dual- or
multiple-energy CT) has gained increasing interests in radiation
oncology with improved structure delineation, quantitative parameter
decomposition, and dose calculation [6]. It can provide quantitative
material decomposition images, such as electron density images, iodine
maps (e.g., for perfusion blood volume maps that assist in delineation of
highly vascularized tumor and aid in visualizing lung function), and so
on. These images offer additional value to the treatment planning
processes, treatment response monitoring, and differentiation of
recurrence from treatment-related changes of tumors [4, 5, 7]. For
example, spectral-CT has clinical potential as a complement to PET in
patients with certain tumors [8, 9].

In this context, we propose to replace the conventional energy
integrated detector (EID) used for CBCT imaging in Linacs with a
single CZT photon counting detector (PCD) to realize spectral CT
and conventional CBCT for improved IGRT. To the best of our
knowledge, there are no PCD-based flat panels used in clinically
available Linacs. In this study, we investigated the feasibility of this
novel design for on-board spectral-CT/CBCT imaging in a Monte
Carlo study by using simulated phantom experiments.

2 Materials and methods

2.1 Simulation platforms and configurations

The Monte Carlo software platform of Geant4 Application for
Tomography Emission (GATE) Version 6.2 [10] and a high-
performance computing hardware platform (Cray CX-1000, Cray
Inc.) were utilized to design and validate the designed on-board

spectral-CT/CBCT imaging system in a Linac. The computer
cluster-based parallel simulations were conducted with the typical
150–200 CPU cores involved concurrently. The independent
simulations were performed with random seeds automatically
generated each time the GATE was run.

The physics models, including photoelectric effect; Compton
scattering; Rayleigh scattering; multiple-electron scattering;
ionization; Bremsstrahlung radiation; radioactive decay; and positron
annihilation, were used to simulate each photon interaction with
phantoms and detector materials, etc. To account for the scattering
from the surrounding media to the detector crystals, we also modeled
the lead shielding of the CZT detector in the simulations. The energy
depositions from each photon in each pixel of the detector were
summed by the readout module/digitizer in GATE [11]. The energy
blurring of the detector was modeled based on the previous
experimental measurements [12]. The energy threshold electronics
of the detector were modeled to allocate each detected photon into
a specific energy bin data. As summarized in Figure 1, a chain of
modules (i.e., a signal process chain) that begin with the readout and
end with the signal were modeled in the simulations. The detector
output signals realistically simulated the physical observables of a
detector response to a particle interacting with it.

2.2 System design and modeling

2.2.1 Detector design
Conventional CT detectors, also referred to as EIDs, utilize an

indirect conversion detection technology, in which a upper layer of
scintillators convert the incident x-ray photons into transient visible
light and a lower layer of photodiodes further convert the visible light
into electronic signals (Figure 2A). Each output signal corresponds to
the integrated energy from all the detected x-ray photons, which
smears out the energy information of detected photons and then the
energy-dependent x-ray attenuation information (i.e., spectral
information) of imaged objects. In contrast, PCDs utilize a direct
conversion technology, in which a layer of semiconductor detection
material directly converts x-ray photons into electron-hole pairs that
travel to the corresponding electrodes with a bias voltage applied to
them [13, 14]. The electronic signals are directly generated by
collecting the charge carriers (i.e., mainly electrons) by the anode
(Figure 2B). Each output electronic pulse is proportional to the energy
of an incident photon, and the PCDs count individual photons based
on the preset energy levels or thresholds. The final energy-bin datasets
were obtained by the subtraction of one threshold data with a low
threshold from another threshold data with a high threshold.

In the ideal case of PCD measurements, one photon will
generate one electronic pulse, that is, proportional to the energy
of the photon by photoelectric effect, as shown in Figure 3A.
However, the energy dispersion in PCD measurements usually
occurs by charge sharing effect or secondary photons generated
by Compton scatter or K-fluorescence x-ray escape, in which a
photon may be registered as two or more pulses by adjacent detector
pixels with incorrect energies, especially for a small pixel size of
detectors (Figure 3B). This leads to various degradations in both
energy spectra and recorded counts (e.g., detection peak efficiency).

To obtain theoretically optimized detector pixel size design, we
simulated x-ray energy spectra of the CZT detector with pixel sizes
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ranging of 200–1,000 μm, through combined using the Monte Carlo
simulation and the charge transportation model based on a diffusion
equation. The physics interactions of x-ray photons with the CZT
detector crystals were simulated using the GATE Monte Carlo code, in
which the photoelectric effect and Compton scatter effect mainly
contribute to the energy transfer from photons to the CZT
conversion medium. The mobile charge carriers (i.e., electrons and
holes), generated by the local energy depositions in the CZT bulk, drift
toward the detector electrodes under the applied electric field. The
deposited energy and interaction position at each interaction site of a
photon calculated in the Monte Carlo simulation were recorded for the
following charge transportation simulation.

Charge transportation in the CZT bulk was simulated based on
the solution of a diffusion equation [15]. After charges with the
number ofN0 were generated at the interaction point (x0, y0, z0) in
the CZT at time t = 0, they began to drift toward the electrodes with a
velocity of v � μE. Where μ and E denote the charge carrier mobility
and the electric field strength that was calculated using the equation

of E = V/L, with V and L denoting the applied voltage and the
thickness of the CZT bulk, respectively. As time went on, the charges
diffused spatially in the CZT bulk with a diffusion constant of D
defined by the Einstein relation, and the spatial and temporal
distribution (i.e., charge density as a function of time) can be
described as

ρ x, y, z, t( ) � eN0

4πDt( )3/2 exp − x − x0( )2 + y − y0( )2 + z − z0 + vt( )2( )/4Dt[ ].
(1)

Because the poor hole transportation characteristic of the
semiconductor detector, most of the detection electronics of the
CZT detector utilize the electron collection mode. As such, the
simulation only considered collecting electrons at the detector
electrodes, with the integration time set to allow almost all the
produced electrons to arrive at the electrodes. The pixel signals were
produced by integrating the collected electrons per incident photon
over the pixel surface area. The parameters of the CZT crystal for the

FIGURE 1
A chain of modules that begin with the Adder and end with the Signal that represents the physical observable from the detector.

FIGURE 2
Schematic illustration of the principle differences between EID (A) and PCD (B) technologies.
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simulation were referred to a previous study [15]. The simulation
was performed with an equivalent monoenergy x-ray pencil beam
impinging on a 2-mm-thick CZT detector. We simulated detection
spectra of the CZT detector with four different pixel sizes: 1,000, 500,
400, 200 μm, and the pencil beam was adjusted to hit the CZT
detector at the center of the pixel.

Considering the peak detection efficiency of the CZT detector
obtained from the simulated spectra and the spatial resolution of the
on-board imaging system, we chose the pixel size of 400 µm of the
CZT detector with a thickness of 2 mm as a trade-off between
detection efficiency and spatial resolution of the detector. This pixel
size is the same as that of the XRD 1640 AL digital x-ray detector
used in the Elekta Linac in our center.

2.2.2 System design modeling
The schematic view of the designed spectral-CT/CBCT on-

board imaging system in a typical Linac is shown in Figure 4.
The imaging system consists of a kV x-ray beam source and a
pixelated CZT flat panel detector, which are mounted on the gantry
and aligned orthogonally to the MV beam direction in the Linac.
The geometric configuration of the on-board imaging system was set
similar to the VXI on-board imaging system of the Elekta Linac used
in our center. The source to detector distance (SDD) and source to
rotation axis (isocenter) distance (SAD) of the system were 100.0 cm
and 150.0 cm, respectively. The CZT detector panel was modeled
with 1024 × 1024 pixels at a resolution of 400 μm, resulting in an
active area of 409.6 × 409.6 mm2. As such, the transverse and axial

field of view (FOV) of the imaging system using the central detector
position were both 27.3 cm.

The x-ray tube was modeled with an anode angle of 14°, a focal
spot size of 0.4 mm, and the maximum tube voltage of 140 KV. The
x-ray tungsten spectrum was analytically calculated by the spectrum
simulator of the SpekCalc. As shown in Figure 5, the spectrum of the
x-ray source was generated using an energy interval of 1 keV at
140 kVp, with the 8-mm aluminum and 0.3-mm copper filters as
well as the 0.8-mm beryllium inherent filter utilized.

Orthogonal to the KV x-ray imaging system, the MV x-ray
imaging system (i.e., MV portal imaging or MV CBCT), using an
EPID integrated into the Linac, can be used as an effective IGRT tool
for specific RT applications.

2.3 Imaging performance evaluation of the
system

2.3.1 Spatial resolution evaluation of the system
The wire-based oversampling method was used to estimate the

spatial resolution of CBCT imaging the system, through calculating the
modulation transfer function (MTF) from the oversampled line spread
function (LSF) of the system [16]. A 50-µm-diameter tungsten wire was
located in air along the rotation axis with an offset of 3 cm from the
rotation center. To obtain the oversampled LSF, the wire was inclined 3°

from the rotation axis. Four hundred projections of the wire were
acquired with an increment of 0.9° over 360° using the full-energy

FIGURE 3
Schematic illustration of detection processes of PCDs. (A): proportional to the energy of the photon by photoelectric effect (B): photon may be
registered as two or more pulses by adjacent detector pixels with incorrect energies.
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window of 30–140 keV. The CBCT image of the wire was reconstructed
with a voxel size of 0.1 × 0.1 × 0.1 mmby using the FDK algorithmwith
a Hamming filter from the projection data. From the reconstructed
image of the wire, the oversampled LSF was calculated, and then the
MTF was obtained by applying a fast Fourier transform to the LSF. In
the final step, the MTF was further normalized to zero frequency.

2.3.2 K-edge spectral CT imaging of the system
To demonstrate the spectral CT imaging capability of the on-

board imaging system, we used the K-edge spectral CT imaging
method to differentiate calcium and the high-Z contrast elements
of iodine, gadolinium, gold from multiple energy-bin
measuments.

In the diagnostic x-ray energy range, the total linear attenuation
coefficient, denoted as μ(E, �x), of a tissue medium can be
represented by the combined contributions of the photoelectric
effect and Compton scatterring effect as

μ E, �x( ) � a1 �x( ) 1
E3

+ a2 �x( )fKN
E

Ee
( ), (2)

where �x is the space vector, Ee is the electron rest mass energy, 1/E3

is the approximate photoelectric cross-section, fKN denotes the
Compton scattering cross-section, and a1( �x) and a2( �x) denote the
proportional coefficients, which describe the weights of
photoelectric effect and Compton scattering effect to the total
attenuation coefficient [17].

When a tissue medium uptakes a high-Z element based contrast
agent, such as an iodine, gadolinium, or gold based contrast agent,
the linear attenuation coefficient μ(E, �x) of the medium should be
modified with the K-edge discontinuity of x-ray attenuation of the
high-Z element accounted for as

μ E, �x( ) � a1 �x( ) 1
E3

+ a2 �x( )fKN
E

Ee
( ) + ak �x( )fk E( ), (3)

where ak( �x) and fk(E) denote the mass density and the mass
attenuation coefficient of a high-Z element with K-edge attenuation
property, respectively [18]. The third item on the right of the

FIGURE 4
Schematic view of a spectral-CT/CBCT on-board imaging system in a Linac.

FIGURE 5
The spectrum of x-ray source produced using the SpekCalc
software.
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equation describes the energy-dependent K-edge attanuation of the
high-Z element based contrast agent, which is the rationale for the
K-edge spectral CT imaging performed in this study.

Iodine, gadolinium and gold are the three main contrast
elements that have been actively investigated in medical imaging
and radiotherapy fields, either as an untargeted/targeted contrast
agent or a radiosensitizer [18, 19]. Therefore, we mainly focused on
these elements in the spectral CT imaging in this study. The curves
of linear attenuation coefficients of these elements as well as calcium
and the PMMAmaterial in the diagnostic energy range are shown in
Figure 6, in which the K-edge energies of iodine, gadolinium and
gold are 33.2, 50.2, and 80.7 keV, respectively.

As shown in Figure 6, iodine shows sharply increased x-ray
attenuation after its K-edge energy of 33.2 keV, which is higher than
those of gadolinium and gold until the K-edge energy of gadolinium.
Similarly, gadolinium shows sharply increased x-ray attenuation
after its K-edge energy of 50.2 keV, which is higher than those of
iodine and gold until the K-edge energy of gold. In the same way,
gold’s x-ray attenuation is higher than those of iodine and
gadolinium after the K-edge energy of 80.7 keV of gold.
Therefore, the energy bins of 30–50, 50–80, and 80–140 keV
were chosen to image iodine, gadolinium and gold, respectively.

2.3.3 Phantom
To demonstrate the spectral CT and CBCT imaging of the on-

board imaging system, a cylindrical PMMA phantom was
designed with the inserts filled with different high-Z element
based imaging probes or agents. As shown in Figure 7, the PMMA
phantom with a diameter of 16 cm and a height of 20 cm
contained four groups of inserts with a diameter of 16 mm.

The inserts were filled with aqueous solutions containing
iodine, gadolinium, gold (all are 30 mg/mL), and calcium
(250 mg/mL), respectively. Using the K-edge spectral CT
imaging method, the iodine-, gadolinium-, and gold-based
probes in the phantom can be distinguished.

2.3.4 Image formation and analysis
The PMMA phantom was scanned with 400 projection

angles over 360° with data collection time of 0.1 s each step
without considering the mechanical rotation time of the gantry.
The resulting photon count rate of the CZT detector was roughly
4.42 × 104 counts/s/mm2 without phantoms included in the x-ray
beam. As mentioned above, the three energy bins were chosen to
differentiate the different probes in the phantom. The K-edge
energy-bin spectral CT images and the CBCT image of the
phantom were reconstructed by using the FDK algorithm
with the Hamming filter from the energy-bin projection
dataset and the whole energy range (30–140 keV) projection
data, which were normalized by their maximum values
(i.e., normalized by air attenuation), respectively. The
reconstructed voxel size was 0.2 × 0.2 × 0.2 mm, and the
displayed images were the average of several central slices
with a total thickness of 4 mm. The subsequent image
analysis was based on these averages images.

To differentiate various materials in the reconstructed images,
the contrast-to-noises (CNRs) of the images were calculated as

CNR � μm − μb
∣∣∣∣ ∣∣∣∣

σb
, (4)

where μm and μb denote the reconstructed attenuation coefficients of
the material and background in the region of interest, and σb
describes the image noise, which was calculated as the standard
deviation of the background attenuation.

FIGURE 6
Linear attenuation coefficients of the elements of iodine,
gadolinium, gold (all 30 mg/cm3), calcium (250 mg/cm3), and the
mixture of PMMA (1.195 g/cm3). The K-edge energies of iodine,
gadolinium and gold are 33.2, 50.2, and 80.7 keV, respectively.

FIGURE 7
A cylindrical PMMA phantom (16 cm in diameter and 20 cm in
length) consist of inserts with a diameter of 16 mm, which were filled
with aqueous solutions containing iodine, gadolinium, gold (all 30 mg/
mL), and calcium (250 mg/mL), respectively.
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3 Results

3.1 Energy spectra of the CZT detector

The simulated photon detection spectra of the CZT detector
with pixel sizes ranging from 200 to 1,000 µm were shown in
Figure 8. The spectra were obtained by calculating the energy
depositions of 12000 photons of 74 keV in the CZT detector
crystal with a thickness of 2 mm, with the electric field of
2000 V/cm applied to the detector electrodes. To simulate the
electric noise, a normally distributed zero-mean noise with a
standard deviation of 200 electrons was added to each pixel of
the CZT detector. It can be observed that the photon-peak of the
spectrum of the detector increases with the increased pixel size of the
detector. The photon-peak value of the spectrum of the detector with
the pixel size of 1,000 µm was 2.47 times of the value for the detector
with the smallest pixel size of 200 μm, and was slightly higher than
that for the detector size of 400 µm (1.22 times) and 500 µm
(1.02 times).

3.2 Spatial resolution measurement

As shown in Figure 9, the spatial resolution of CBCT imaging of
the system was estimated by calculating the MTF from the
oversampled LSF of a tungsten wire with a diameter of 50 µm.
The result suggested that the system spatial resolution was 19.2 lp/
cm at 10% MTF.

3.3 Reconstructed images and imaging
analysis

The reconstructed CBCT image and K-edge spectral CT images of
the phantom (Figure 7) were shown in Figure 10. TheK-edge spectral CT
images were generated from the projection dataset with three energy bins.

FIGURE 8
Simulated 74-keV photon detection spectra of the CZT detector with various pixel sizes: (A) 1,000 μm; (B) 500 μm; (C) 400 μm; (D) 200 µm.

FIGURE 9
The measured MTF of CBCT imaging of the system by
oversampling a tungsten wire.
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In the CBCT image (Figure 10A) formed from the full energy
range of 30–140 keV, all the inserts were displayed with
sufficient structural details. The inserts with gadolinium
showed the highest visible image contrasts because of their
highest average x-ray attenuation compared to the other
inserts in the full energy range. As such, the gadolinium
inserts can be easily distinguished from the other inserts.
However, the differentiation of the other three kinds of
inserts filled with calcium, iodine and gold was unachievable,
due to the similar average x-ray attenuation of them in the full
energy range. The intensity gradient from the edge to the center
of the image, known as cup artifact, is primarily caused by the

uncorrected cone-beam scatter effect that occurs during the
image reconstruction process.

In contrast, the differentiation of these inserts with different
elements was possible in the K-edge spectral CT images, due to the
different x-ray attenuation profiles of these elements across the three
energy bins (Figure 6). In the image generated from the energy bin of
50–80 keV (Figure 10B), the gadolinium inserts were easily
differentiated from other inserts. This is attributable to the
highest average x-ray attenuation of gadolinium compared to
other elements in the energy bin of 50–80 keV, which can be
observed from the linear attenuation coefficient curves shown in
Figure 6.

In the image generated from the energy bin of 30–50 keV
(Figure 10C), iodine inserts were distinguished from the others
due to the highest average x-ray attenuation of iodine compared
to other elements. Similarly, in the image formed from the energy
bin of 80–140 keV (Figure 10D), the gold inserts distinguished
well from the others. The fused image from three energy-bin
images of Figures 10B–D was shown in Figure 10E, which was
rendered as the superposition of three channel (i.e., red, green,
blue) images (i.e., energy-bin images). Although the calcium
inserts were not differentiated apparently in the energy-bin
images, they were distinguished well in the fused image, due
to the different x-ray attenuation profiles across the three energy
bins compared to other inserts. In the fused image, four elements
can be discerned well.

The calculated CNRs of inserts in the images shown in
Figures 10A–D were displayed in Figure 11. It can be observed
that CNRs of different inserts changed differently across the
energy bins. The CNRs of inserts of iodine, gadolinium, and gold
showed highest values in the corresponding energy bin of 30–50,
50–80, and 80–140 keV (i.e., K-edge energy bins), respectively, as
compared to other elements. This made the differentiation of
iodine, gadolinium and gold from other elements feasible.
Although the CNR values of calcium and gold inserts were

FIGURE 10
Central cross-section images of the PMMA phantom using the
K-edge spectral CT imagingmethod. (A) The CBCT image with the full
energy range of 30–140 keV; The K-edge spectral-CT images
reconstructed from energy bins of 50–80 keV (B), 30–50 keV
(C), 80–140 keV (D), respectively. All images (A–D) are displayed with
different color scales (“High” and “Low” indicate high and low
attenuation values, respectively). (E) The fused image of K-edge
energy-bin images of (B–D). (Color figure can be viewed online).

FIGURE 11
The CNRs of inserts of iodine, gadolinium, gold and calcium in
the PMMA phantom calculated from the images shown in Figures
10A–D.
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similar in the energy bin of 30–50 keV, they were considerably
different in the energy bins of 50–80 and 80–140 keV, which
made the differentiation of calcium inserts from gold inserts
viable. As such, the four elements were distinguished well in the
K-edge spectral CT images.

From CNRs of inserts calculated from the image of full
energy bin (i.e., 30–140 keV), it can be observed that CNR
values of all inserts were relatively uniform except for the
gadolinium insert, which made the differentiation of different
elements difficult. However, the overall CNR values of all inserts
were relatively high, which suggested that the CBCT imaging of
the system provided high-quality structural imaging of the
phantom.

4 Discussion

Through using the simulated phantom experiments, the
feasibility of dual-modal spectral-CT/CBCT functional/molecular
on-board imaging by using a single CZT photon-counting detector
in a Linac was demonstrated. The CBCT imaging of the system
provides high-quality structural images of treatment targets; the
spectral CT imaging of the system offers the capability of functional/
molecular imaging of tumors, which adds more dimensions of
information about tumors for more accurate IGRT or even
biologically guided RT.

In addition to conventional CBCT, as a standard on-board
imaging device for IGRT in Linacs, contrast-enhanced spectral
CT was added to power up the image-guidance capability in RT
processes. Although conventional on-board CBCT performs well
for localization of bony anatomical structures, it is soft tissue
localization performance is inferior due to low soft tissue contrast
and lack of biological information related to tumor
microenvironment changes during the course radiation
treatment. Instead, contrast-enhanced spectral CT helps
improve soft tissue visualization and thereby facilitates
delineation and localization of target volumes, especially for
highly vascularized tissues, such as kidney, liver, and lung, etc.
Moreover, spectral-CT/CBCT provides functional/molecular
information of tumors that helps visualize the heterogeneous
response of the tumor to radiation, and especially identifies the
interfraction variations of highly radiation-resistant volumes for
potential adaption or update of the treatment plans and/or
irradiation fields in real time, thus improving local tumor
control and therefore the treatment outcome.

In the patient setup step, on-board contrast-enhanced
CBCT/spectral-CT would be mainly used instead of
conventional CBCT if needed for localization and verification
of target volumes. Due to the intrinsic geometry registration of
the CBCT and spectral-CT images, it is convenient to fuse the
spectral-CT image with the CBCT image, which helps better
verification of the target volume changes and the functional/
molecular changes within the tumor, and better identification of
the interfraction variations of highly radiation-resistant regions
for online adaptive RT.

Offline spectral CT (e.g., dual-energy spectral CT) can be
placed in or next to the treatment room to do anatomic/
functional IGRT for adaptive radiation therapy (ART)

purpose. However, they are usually incompatible with the
current treatment machines with challenges in the practical
implementations, such as unknown internal organ (especially
soft tissue) motion in the couch-to-couch or room-to-room
shifting of the patient, re-positioning error, and so on.
Therefore, on-board/online imaging with the patient on the
treatment position would be desirable for IGRT or ART
processes. The CZT photon counting detector was designed to
replace the current on-board integration detector in Linacs. In
addition to conventional CBCT, it provides on-board spectral CT
functional/molecular imaging capability, which enable online
functional IGRT for ART.

Furthermore, on-board CBCT based on EIDs can hardly
address the material-specific and energy-dependent x-ray
spectral attenuation, which indicates the material
compositions of tissues related to functional-level changes
within tumors. Contrast-enhanced spectral CT can provide
high-resolution functional and molecular imaging with the
help of biomarker-tagged contrast agents. The distribution of
the contrast agent reveals the functional and molecular
information within tumors. And the quantification of
contrast agent fraction and underlying tissue characteristics
based on the contrast-enhanced spectral CT helps
delineation, localization and verification of functional
changes during the fractionated IGRT/ART processes in a
timely manner [6, 20].

The overall good performance of the dual-modal imaging of the
system relied on the optimized detector design, in which the detector
material and geometrical parameters, such as detector pixel size and
thickness, are the critical factors to be optimized according to the
specific applications.

Many attractive properties of direct-conversion
semiconductor materials make them the desirable detection
media for various applications, especially for medical
detection applications [15, 21]. CZT is currently a widely
used room-temperature semiconductor material for x-ray and
gamma ray detection in medical applications. In addition to high
spatial and energy resolutions of CZT detectors, the inherent
high resistivity of CZT allows detection of x-ray photons with a
low noise level. Moreover, the inherent high yield of charge
carriers (i.e., e-h pairs) of CZT crystal ensures the high detection
efficiency for x-ray photons [15]. Compared to the scintillator-
based indirect-conversion detectors, the high photon counting
capability of CZT detectors enables energy-resolved multi-
energy photon counting CT or spectral CT imaging.
Therefore, we chose CZT as detector material for spectral-
CT/CBCT imaging of the system.

For pixelated semiconductor detectors, the detector pixel size
and thickness are the two important parameters that determinemost
imaging metrics of the system. There are mainly two physics
processes involved in the detection of x-ray radiation using
semiconductor detectors: 1) the electromagnetic interactions
between the incident photons and the detector crystal materials;
2) the transportation of charge carriers (i.e., electrons and holes)
produced by electromagnetic energy depositions upon the voltage
applied to the detector electrodes. As mentioned above, the
photoelectric effect and Compton scattering effect mainly
account for the energy transfer from photons to the
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semiconductor detector crystal. The produced electrons and holes
move toward the according electrodes and induced detectable
electronics signals.

The charge transportation effects, such as the charge-sharing
effect between adjacent pixels, polarization effect and pulse pile-up
effect under high flux photon irradiation, can deteriorate the
performance of the detectors [21]. On one hand, the inherent
high spatial resolution and enhanced small-pixel effect of
semiconductor detectors can be achieved using the small pixel
size design, partly due to the improved electron collection
efficiency with minimized poor hole collections. In addition, the
pulse pile-up effect can be reduced with the small pixel size of the
detector. On the other hand, the charge-sharing effect of the detector
will be dominant with the small pixel size of the detector, which
deteriorates the energy response and spatial resolution of the
detector if this effect were not compensated for by an anti-
charge-sharing circuit (i.e., charge-summing circuit).

We set the photon count rate of the CZT detector as low as
about 4.4 × 104 counts/s/mm2 in data acquisitions. The
polarization and pulse pile-up effects of the detector under this
low-flux x-ray irradiation should be negligible. Furthermore, the
polarization of the detector can be further suppressed by
optimizing the detector operating parameters, such as bias
voltage applied to the detector electrodes, operating temperature
of the detector, and so on.

The design of detector thickness is a trade-off among major
performance parameters of the semiconductor detector. While the
attenuation length at certain energy range of the semiconductor
material is the main factor to determine the theoretical thickness of
the detector with sufficient detection efficiency, the volume or
thickness of the semiconductor crystal that can be fabricated with
high quality in real situations should be taken into account. To
maintain high spatial and energy resolutions of the detector, the
thickness of the detector crystal should be limited considering the
charge transportation effects, which can restrain the detection
efficiency of the detector. As the thickness of the detector
increases with increased detection efficiency, charge
transportation effects of the detector become more significant
due to the longer transportation time of charges within the
detector crystal, which could compromise the performance of the
detector.

To understand the charge transportation effects of the CZT
detector used in this study, especially the charge-sharing effect
between adjacent detector pixels, we simulated detection energy
spectra of a CZT detector with a thickness of 2 mm and various pixel
sizes ranging from 0.2 to 1.0 mm, by using the MC simulation and
an analytical transport equation. Based on the aforementioned
factors and detector simulations, the optimized design of the
CZT detector used in the dual-modal on-board imaging of the
system was achieved.

To translate this novel dual-modal on-board imaging design
into the physical system and into the clinical implementation in
Linacs, some practical technique aspects should be taken into
account in the process of building a real system, though there is
no obstacles in this translation.

In the busy clinic, the time efficiency of the IGRT or ART
workflow is crucial considering patient throughput and the potential
uncertainties caused by organ motions and physiological changes
during the treatment beam delivery. We conducted simulations to
address the optimal detector pixel size design for a high photo-peak
efficiency of the detector while maintaining reduced pixel cross talks
(e.g., K-fluorescence escape, Compton scatters, or charge sharing in
the CZT crystals). A high photo-peak efficiency of the detector
facilitated a fast RT workflow due to a short data collection time for
image formation to guide the treatment beam delivery. Although the
scatter effect in the CBCT scan was not corrected considering the
time efficiency of the image formation, it can be corrected by the
deformable image registration of daily CBCT with the planning CT
dataset.

Under high flux x-ray irradiation in real clinical practices, the
polarization effect of the CZT detector could cause a reduction of the
electric field inside the detector due to the accumulation of
immobile, trapped charge carriers and recombination of charge
carriers [22]. This effect could consequently cause count loss due to
some pulses falling below the detection threshold. A detailed
dynamical model of polarization of the CZT semiconductor
under high-flux x-ray irradiation was developed by Bale and
Szeles [23]. They showed the dominant hole dynamics that
triggered a sequence of events that ultimately resulted in a
reduced charge collection efficiency of the detector, which caused
count spectra to shift to lower energies and even the paralyzed
detector. As the X-ray flux was raised above a critical value, counts
began to decrease as the flux was increased, ultimately leading to a
polarized detector. In this model, the critical flux was found
quadratically dependent on the bias voltage applied to the
detector. In addition, an exponential dependence of the
maximum sustainable flux on the operating temperature of the
detector was found in the model. Finally, the dependencies of the
maximum sustainable flux on bias voltage and temperature have
been experimentally validated using 16 × 16 pixel CZT detector
arrays subjected to a high-flux x-ray source of 120 kVp, with a count
rate of 5×106 counts/s/mm2 achieved.

As aforementioned, we set a low photon count rate of the CZT
detector in data acquisition. As such, the polarization of the detector
under this low-flux x-ray irradiation would be negligible. In
addition, a previous study demonstrated the clinical image
quality achievable for a photon counting imager used under the
clinical x-ray photon flux [24]. Furthermore, after overcoming
extraordinary technical complexity (including polarization of the
detector using clinical x-ray flux irradiation) of semiconductor
photon-counting imaging, the world’s first commercialized
photon-counting CT scanner was recently issued. Based on these
facts, we speculate that the polarization of the detector should not be
a big concern in building the real system. However, when build the
real system in the future, the polarization of the detector should be
taken into account by optimizing the detector operating parameters.

Given the advent of the world’s first photon-counting CT
scanner, which has been a major achievement in CT imaging
over the last decade. We believe that the proposed dual-modal
on-board imaging based on the CZT photon counting detector can
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be implemented in practice in the near future with fast advances in
detector techniques.

Conclusion

The simulation results demonstrated the feasibility of dual-
modal on-board spectral-CT/CBCT imaging by using a single
CZT photon counting detector in a Linac.
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