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(T is a diagnostic tool with many clinical applications. The CT voxel intensity is related to the magnitude of X-ray attenuation,
which is not unique to a given material. Substances with different chemical compositions can be represented by similar
voxel intensities, making the classification of different tissue types challenging. Compared to the conventional single-
energy CT, spectral CT is an emerging technology offering superior material differentiation, which is achieved using the
energy dependence of X-ray attenuation in any material. A specific form of spectral (T is dual-energy imaging, in which an
additional X-ray attenuation measurement is obtained at a second X-ray energy. Dual-energy CT has been implemented in
clinical settings with great success. This paper reviews the theoretical basis and practical implementation of spectral/dual-
energy CT.
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INTRODUCTION

X-ray computed tomography (CT) has continued to evolve
since its introduction as a noninvasive diagnostic tool half
a century ago. One of the main subject areas of ongoing
research in the field of CT is spectral imaging, which refers
to the use of energy information in polychromatic X-rays
for optimizing tissue characterization. While spectral CT
had its roots in the dawn of the CT era, its application
in real-world clinical settings has increasingly emerged
over the last decade as key technological advances have
increased its clinical feasibility. Dual-energy CT is a subset
of spectral CT that specifically refers to the use of two
X-ray energy spectra for imaging. It is the most common
form of spectral CT used in clinical applications, and it
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represents a compromise between true energy-resolving
imaging and current technological limitations. Nevertheless,
the successful application of dual-energy CT has provided

us with a glimpse into the full capability of spectral CT in
the future. In this paper, we will review the fundamental
principles, recent developments, and current and emerging
clinical applications of dual-energy/spectral CT.

Scanner Configuation and Acquisition Mode

All clinical CT scanners that are currently capable of
dual-energy acquisition can be classified into two main
categories: source-based and detector-based. Source-based
scanners use X-ray beams with different energy spectra for
imaging. This function can be achieved by employing either
two independent X-ray tubes with each tube operating at
a different tube potential or a single X-ray tube capable of
rapidly switching between low and high tube potentials.
The detector-based scanners rely on the energy-resolving
power of the X-ray detector to separate the signals that
correspond with low-energy X-ray photons from those
associated with high-energy photons. This separation can
be achieved by using a photon-counting detector or a dual-
layer energy-integrating detector with a different X-ray
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stopping power in each layer. The designs and acquisition
methods of each type of scanner are briefly discussed in the
following sections.

Dual-Source Scanner

One source-bhased approach for dual-energy imaging is
through implementation of a dual-source system (e.g.,
SOMATOM Force, Siemens Healthineers) (Fig. 1A), in which
two independent source-detector pairs are mounted to
the same gantry at about a 90° offset (1, 2). While one
X-ray tube operates at a low tube potential, the other tube
operates at a high tube potential (e.g., 70 kV vs. 120 kV).
This scanner design has several notable advantages for dual-
energy imaging. First, the tube current can be optimized
individually to ensure a comparable noise level between the
low- and high-energy projection sets. Second, an additional
filter (e.g., a tin filter) can be used in one tube to further
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enhance the separation between the two energy spectra. A
limitation of this scanner configuration is that one detector
is restricted to a smaller scan field of view than the other (33
cm vs. 50 cm) (3). Another issue is that significant photon
cross-scattering occurs when two X-ray tubes operate
simultaneously, although advanced algorithms have been
developed to correct for the increased projection noise
arising from photon cross-scattering (4, 5). Furthermore,
due to significant mismatch of view angles between the
low- and high-energy projection sets, information related
to material decomposition may be affected, especially if
patient movement (e.g., cardiac and/or respiratory motion)
occurs during the two acquisitions.

Single-Source Scanner Capable of Ultrafast Potential
Switching
A different source-based approach is through the
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Fig. 1. CT scanner systems that are currently available for dual-energy/spectral imaging.
A. Dual-source. B. Single-source with ultrafast kV switching. C. Single-source without ultrafast kV switching. D. Single-source with dual-layer
detector. E. Single-source with split-filter. F. Single-source with photon-counting detector. CT = computed tomography
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implementation of a single X-ray tube capable of
repetitively switching between low and high tube potentials
within a full gantry rotation period (e.g., Discovery CT750
HD, GE Healthcare) (Fig. 1B) (6, 7). Since the switching of
tube potential occurs extremely fast (approximately every
0.2 milliseconds), the 80-kV and 140-kV projection sets are
practically acquired from the same view angle. The minimal
mismatch of view angles between low- and high-energy
projection sets due to the near-simultaneous acquisition
facilitates performance of material decomposition in

the projection domain, which theoretically results in a
more exact beam-hardening correction in the measured
projections and material decomposition, as shown in
previous studies (8). However, a limitation of this system
is the relatively high overlap of the energy spectra. To
reduce spectral contamination between rapid consecutive
acquisitions, a scintillating material that has an ultrafast
primary decay time and a very low afterglow (delayed
fluorescence) is used for the X-ray detector elements

(9, 10). Another limitation associated with this system

is that the tube current cannot be modulated as fast as

the tube potential; therefore, the tube current cannot

be independently adjusted for each tube potential. An
equivalent method to optimize the tube current for each
tube potential is to modulate the duration of exposure (X-ray
fluence) at each tube potential in order to achieve optimal
image quality without dose penalty (6, 11).

Single-Source Scanner without Ultrafast Potential
Switching

An alternative approach for dual-energy imaging by
a single-source scanner is through switching the tube
potential between successive gantry rotations in an axial
or helical (spiral) mode rather than within each gantry
rotation (e.g., Aquilion One, Canon Medical Systems) (Fig.
1C) (12, 13). While the projection sets corresponding to
different energy levels can be acquired at exactly the same
view angle, this acquisition method is considered to be
less ideal than the rapid kV-switching method, especially
for cardiac and abdominal applications, since cardiac and
respiratory motion during the two full gantry rotations may
induce larger degrees of inconsistency in the two energy
projection sets.

Single-Source Scanner with Dual-Layer Detector

Compared to the three systems discussed above, a system
equipped with a single X-ray tube and a layered X-ray
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detector bears perhaps the closest resemblance to the ideal
energy-resolving photon-counting system because the low-
and high-energy X-ray photons from a single polychromatic
X-ray beam can be separated simultaneously (e.g., IQon
Spectral CT, Philips Healthcare) (Fig. 1D) (14, 15). The
layered detector is made of two materials with different
X-ray attenuation properties. In this configuration, the
material with the lower stopping power (yttrium-based
garnet) is placed above the material with the higher
stopping power (gadolinium oxysulphide) (16). This design
allows low-energy X-ray photons to be predominately
collected from the top detector layer and high-energy
photons to be collected from the bottom detector layer.
The main advantage of this approach is that the low- and
high-energy projection sets are acquired simultaneously

at identical view angles, which facilitates a more accurate
material decomposition. Furthermore, the inconsistent noise
level associated with the low- and high-energy projection
sets can be corrected by changing the thicknesses of the
two detector layers (17). However, the mechanism of this
dual-energy acquisition technique relies on the assumptions
that all the low-energy photons are attenuated in the top
detector layer and that the high-energy photons do not
interact with the top layer material during transit to the
bottom detector layer. Violation of these assumptions
results in a suboptimal spectral separation between the
low- and high-energy data and an inaccurate material
decomposition (14).

Single-Source Scanner with Split-Filter

More recently, a vendor has introduced a new technique
of acquiring dual-energy projections from a single-source
scanner by placing a split filter directly in front of the X-ray
tube (e.g., TwinBeam Dual-Energy technology in SOMATOM
Edge, Siemens Healthineers) (Fig. 1E) (18). The split filter
is composed of gold and tin stacked adjacent to each other
in the longitudinal direction in order to achieve spectral
separation of a polychromatic beam of X-rays. For instance,
at the 120-kV energy spectrum, filtration with gold and
tin leads to a low-energy spectrum with a mean photon
energy of 68 keV and a high-energy spectrum with a mean
energy of 86 keV, respectively. The main advantage of this
technology is that many current clinical CT scanners can
easily be upgraded with an add-on split filter to perform
dual-energy imaging. However, the spectral separation
achieved with the split filter is relatively subtle compared to
the separation achieved with a dual-source scanner, leading
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to inferior performance of material decomposition (19).

Single-Source Scanner with Energy-Resolving Detector
All the aforementioned CT systems use “energy-
integrating” X-ray detectors and therefore require an
additional beam, detector, and/or filter to achieve spectral
separation of the X-ray photons. A photon-counting CT
system takes a completely different approach by using a
detector capable of resolving the energies of individual
photons directly from a polychromatic X-ray beam (Fig. 1F)
(20-22). The materials used for making energy-resolving
detectors are different from those of energy-integrating
detectors, and these differences are discussed in more
detail in the next section. One advantage of this energy-
resolving capability is that the detected X-ray photons can
be categorized into a number of preset energy threshold
levels to achieve multi-energy imaging (in contrast to the

current techniques that are limited to dual-energy imaging).

Furthermore, the energy thresholds can be set at levels that
are above the system’s electronic noise level to eliminate
the noise in measured projections. Hence, photon-counting
CT is more dose efficient compared to the current dual-
energy CT techniques and is the subject of active ongoing
research. Currently, there are at least two main CT vendors
(Siemens Healthineers and Philips Healthcare) that have
developed prototype photon-counting CT systems, and the
initial results acquired with these systems are encouraging
(23, 24).

X-Ray Detectors

Radiation detectors have a crucial role in dual-energy/
spectral CT; therefore, a brief overview of the types of
radiation detectors is provided here. In general, there are
three types of detector that can detect ionizing radiation.
The simplest form is a gas-filled detector, which consists of
a chamber filled with an inert gas between two electrodes
(such as a Geiger-Miiller tube) (25). When a beam of X-rays
strikes the chamber, the gas within it is ionized, and the
resulting charged particles are collected by the electrodes,
leading to electrical signals that can be recorded and
digitized. Gas-filled detectors are primarily used for
measurements of radiation dose (26). For diagnostic
imaging, the radiation detector elements are composed
of either solid-state scintillators or semiconductors.
Scintillators are generally used for clinical CT scanners,
while semiconductors are used in prototype photon-
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counting CT scanners that are not yet clinically available.

Scintillators are materials that emit visible or ultraviolet
light after interacting with ionizing radiation. When an
incident X-ray photon strikes a crystalline scintillator, the
photoelectric effect occurs, and the resulting photoelectron
travels a short distance within the scintillator during which
time its energy is deposited to the surrounding electrons.
The excited electrons eventually return to their respective
ground energy levels and emit characteristic radiation in
the form of visible or ultraviolet light. These secondary
light photons are collected by a photodiode, which then
generates an electrical signal with a magnitude proportional
to the total energy deposited by the light photons within a
measurement interval (Fig. 2A).

One technical issue associated with the rapid kV-switching
technique is spectral contamination (cross-talk) between
the two energy data sets. To overcome this problem, one
vendor has introduced a new scintillating material (garnet
crystalline and rare earth phosphor composition) for the
X-ray detector element, which is the first of its kind in the
past two decades. This synthesized material has superior
optical properties, including a faster primary speed and
a shorter afterglow, than the cadmium tungstate and
gadolinium oxysulfide (Gd.0.S) that are commonly used for

X-ray photons X-ray photons

Semi-
conductor

Scintillator

Charged
particles

A B

Fig. 2. (A) Scintillator-based energy-integrating detector
versus (B) semiconductor-based photon counting detector.
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solid-state detectors currently (27, 28). Primary speed refers
to the time required for an excited electron to return to

its ground energy state, which is dependent on the atom’s
electron configuration (9). Commonly, a small fraction of
excited electrons will remain at a high-energy state for a
longer period of time before returning to the ground energy
state due to impurities in the scintillating crystal. Afterglow
is the measure of this prolonged decay time (10). Hence,
both primary speed and afterglow determine a detector’s
ability to differentiate successive signals from rapid
acquisitions. This new detector material has an ultrafast
primary speed (0.03 microseconds, which is 100 times
faster than the commonly used Gd.0,S) and a low degree

of afterglow (25% lower than Gd.0,S), which is crucial

for minimizing the overlap between low- and high-energy
projections acquired in successive views that are less than 0.5
milliseconds apart (29).

Semiconductors are materials with electrical conductivities
lower than metals but higher than insulators. According to
quantum physics, the electrons of an atom have discrete
energy levels (bands). In a semiconducting material,
the electrons that occupy the outermost energy band
(valence band) can be raised to the next highest energy
band (conduction band) if they are given external energy
(such as from incident X-rays) to overcome the forbidden
energy gap between the two bands. The conduction-band
electrons are mobile and have high electrical conductivity.
When an electron leaves the valence band to reside in the
conduction band, it leaves behind a hole in the valence
band with a net positive charge; hence, a pair of positive
and negative charges (hole-electron) is produced (30).

Due to the external voltage applied to the semiconductor,
the negatively and positively charged particles generated
from an X-ray interaction are rapidly pulled in the opposite
direction and registered as an electrical signal by the
electronic readout circuit (Fig. 2B). It is noteworthy that

a semiconductor is usually doped with a small amount of
impurities to reduce the magnitude of current induced by
the applied external voltage in order to facilitate detection
of weaker radiation-induced signals.

The electrical signal generated from each X-ray interaction
in a semiconductor-based detector can be recorded
individually, and the magnitude of this signal is directly
proportional to the energy deposited by the incident X-ray
photon. To achieve multi-energy imaging, the electronic
system can apply multiple energy thresholds and can count
the number of electrical pulses that fall into each energy
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bin in order to categorize the X-ray photons according to
their energy levels (30). Additionally, the lowest energy
threshold can be set at a level above the electronic

noise level to eliminate the electronic noise in the signal
counts. This is a notable advantage of photon-counting
detectors in contrast to energy-integrating detectors, in
which all photon energies and electronic noise within the
measurement interval are combined.

One of the biggest challenges for photon-counting CT
is the pulse pile-up effect, which refers to a phenomenon
whereby two consecutive X-ray photons impinging on a
detector within a short time interval are registered either
as a single signal with a magnitude proportional to the
sum of the energies of the two incident X-ray photons or
as two partially overlapping signals, with corresponding
signal-magnitude distortions (31). The pulse pile-up effect
arises from the extremely high count rates encountered in
CT (on the order of 10° per second per square millimeter)
(32). If not corrected properly, this effect can lead to
significant count loss and degradation in energy resolution.
Another significant challenge for photon-counting CT is the
cross-talk effect, which refers to spectral contamination
from neighboring detector elements (33, 34). This effect
manifests in a scenario where X-ray interaction occurs near
the border of the two detector elements, and the resulting
cloud of charge particles “spills” from one detector
element to the adjacent detector element. Scattered X-ray
photons can also contribute to the cross-talk effect, since
the photons deflected from the original path may carry
a fraction of the incident energy and deposit again in a
different location. Cross-talk may lead to signal double
counting and a loss of spatial resolution.

To date, the most promising materials for photon-
counting detectors in CT appear to be cadmium zinc
telluride (CZT), cadmium telluride (CdTe), and silicon
(14, 23, 24, 35). Compared to silicon, CZT and CdTe have
superior photon-absorption efficiencies due to their higher
effective atomic numbers, which also reduces Compton
scattering and signal double counting. However, the inferior
charge-carrier mobilities of CZT and CdTe relative to silicon
leads to a more severe pile-up at high count rates. The
costs of CZT and CdTe production are also higher compared
to silicon. Different calibration methods and correction
factors have been proposed to tackle the errors in photon-
counting CT that arise from the pulse pile-up and cross-talk
effects, and these technical challenges must be overcome
for the clinical implementation of photon-counting CT.
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Image-Processing Algorithms

In this section, we review the theoretical basis for the
reconstruction of material-density images (such as iodine-
equivalent and water-equivalent images) and virtual
monochromatic images from a set of low- and high-energy
projections acquired with the CT systems discussed above.

Material-Density Images

Within the energy range of X-ray photons encountered
in diagnostic CT examinations, the X-ray interaction in
any material can be approximately represented by a linear
combination of the photoelectric effect and the incoherent
Compton scattering, barring the K-edge effect (36):

() ® = a8 + B g

where p is the linear attenuation coefficient of the material
at photon energy E; p is the density of the material that

is energy independent; a, and o, are the coefficients that
describe the relative contributions from the photoelectric
effect and Compton scattering, respectively; and f, and

f are the functions that describe the photoelectric effect
and Compton scattering, respectively. Both f, and f. are
energy dependent and have been previously determined
using experimental data. Specifically, f, was found to be
inversely proportional to the cubic of photon energy, and f.
was found to be a complex function (also called the Klein-
Nishina function) (36). Alternatively, X-ray interaction in
any material can be represented by two basis materials
that are sufficiently different in their atomic numbers so as
to have different X-ray interaction properties. A common
choice for the basis-material pair is iodine-water, and
Equation [1] can be rewritten as follows (37):
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B @=a() ®+a(;) ® (2]

where (5); and (5)w are the mass attenuation coefficients

of iodine and water, respectively, and o1 and oy are the
coefficients related to the contributions of X-ray interaction
from iodine and water, respectively. Equation [2] can be
further rewritten in the following form:

wE) =oip () & +owp (%) &) [3]

Here, o1p and oup are the equivalent densities (in gram per
cm’®) of the basis materials, iodine and water, respectively
(Fig. 3). The line integral over the linear attenuation
coefficient in the X-ray path r can be expressed as:

[ uG.Bras = [aip@as- (%)' ®)+ [oup@ds- (%)W )
=0+ (5) & +Dw-(5) ) [4]

Here, D; and Dy denote the line integral of the equivalent
densities of iodine and water, respectively, and both
parameters have a unit of gram per cm®. In dual-energy
imaging, projection measurements at each view angle are
acquired with two different energy spectra yielding two
nonlinear equations along each X-ray path:

P==in() =-In {f QL(E)e‘[”"(5)1(“)“’W’(ﬁ)w(“)]dE/fﬂ(EL)dE}

and

=), =i

[Dr(%)l(EH)H?w‘

ONCOI i Q(EH)dE}
(5]

in which the subscripts L and H represent the low- and
high-energy spectra, respectively; P. and Py represent the
measured projections at the low- and high-energy spectra,
respectively; I and Io are the transmitted and incident X-ray

Spectral
separation

Dual-energy scan

Low- and high-
energy
attenuation sets

Projection

transformation .
Two material-

equivalent
density sets

Image
reconstruction

Linear image
operation

Virtual
monochromatic images
(in units of HU)

Two material-
density images
(in units of g/cm’)

Fig. 3. Flow diagram for generation of material-density and virtual monochromatic images from a dual-energy scan.
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intensities (or fluence), respectively; and Q(E.) and Q(Ex)
are the incident X-ray energy spectra that correspond to

the low and high tube potentials, respectively. The mass
attenuation coefficients of iodine and water correspond to
any X-ray energy within the diagnostic range and are readily
available in published tables (38). Hence, the only unknown
quantities in Equation [5] are the equivalent densities of
iodine and water, which can be approximately estimated
using polynomial expansions (39):

O-Ip(?)zC1PH+C2PL+C3PHPL+C4PI.ZI+C5P£+

and

owp(F) = c1 Py + 3P, + c3Py Py + c4PE + csPE + - [6]

where ¢; to cs are the polynomial coefficients. The nonlinear
terms in Equation [6] are needed to account for the beam-
hardening effect. Equation [5] illustrates that the two sets
of X-ray attenuation measurements are transformed into two
sets of density projection measurements, and, as such, the
reconstructed images represent the equivalent densities of
the basis materials using the unit of g-cm™ instead of the
conventional linear attenuation coefficients, which use the
unit of cm™.

It is noteworthy that material decomposition using dual-
energy or spectral CT imaging does not identify the actual
composition in each image voxel, but merely estimates
the amount of each selected basis material required to
produce the degrees of X-ray attenuation observed at the
two applied energy spectra. Iodine-equivalent images
(iodine maps) and water-equivalent images (virtual non-
contrast images) acquired from dual-energy-based material
decomposition are useful in several clinical applications.

Virtual Monochromatic Images

In addition to material-density images, virtual
monochromatic images can also be generated from a set of
dual-energy projections (40, 41). A virtual monochromatic
image depicts how the imaged object would look like if a
monochromatic beam of X-rays was used for imaging. For
monochromatic imaging at a specific X-ray photon energy
E,, integration over the entire energy spectrum is not
required, and Equation [5] can be simplified as:

P(E) = —tn () = i+ (5) o) +Dw- (8) (E) = [uGEas [7]

Equation [7] indicates that a set of monochromatic
projections can be derived from the equivalent density
projections and mass attenuation coefficients of the basis
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materials, from which virtual monochromatic images can
be reconstructed with the conventional filtered back
projection algorithm. Alternatively, virtual monochromatic
images can be generated from a simple linear operation of
the material-density images that are generated from the
material decomposition process discussed above (38, 40).
In this approach, the value of any image voxel in a virtual
monochromatic image is normalized to the attenuation
value of water, as in standard CT images:

a1p (,y) w1 (Eo)+owp (x,y)-uw (Eo)

Im(x, Y, E,) = Hw(Eo)

HI(EO) [8]

=owp(x,y) +o1p(x,y) - 2

where Im(x, vy, Eo) represents the value of an image voxel
at coordinate (x, y) that corresponds to a monochromatic
energy E,. As discussed above, owp and oip are the
equivalent densities of water and iodine, respectively.
Given the known linear attenuation coefficient values

of water and iodine over the entire range of diagnostic
energies (20-150 keV), virtual monochromatic images can
be readily generated with a unit of Hounsfield units (HUs)
(Fig. 4). Virtual monochromatic imaging with dual-energy
acquisition has useful clinical applications, including beam-
hardening correction in myocardial perfusion measurements
using CT. When a polychromatic beam of X-rays traverses
through the imaged object, low-energy X-ray photons are
preferentially attenuated first due to the photoelectric
effect, and the effective energy of the X-ray beam increases
(the beam is ‘hardened’) (42). In CT myocardial perfusion
imaging, the presence of iodinated contrast solution in

the heart chambers leads to inconsistent X-ray attenuation
(and sequentially inconsistent X-ray effective energies)
among different ray paths, which results in errors in image
reconstruction. Because the root cause of the beam-
hardening artifact is the polychromatic nature of X-rays,
virtual monochromatic contrast-enhanced heart images are
theoretically less affected by the beam-hardening artifact,
permitting a more accurate assessment of myocardial
perfusion based on the degree of contrast enhancement in
the myocardium (43).

Multi-Material Decomposition

There are many clinical applications in which more than
two materials are present in each image voxel, which poses
challenges for the binary material decomposition technique
discussed above. Methods that use the K-edge effect have
been proposed for simultaneous decomposition of multiple
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materials (44, 45) (Fig. 5), though these approaches require
the use of photon-counting or multi-energy imaging, which
is currently not available for clinical use. Alternatively,
post-processing algorithms have been proposed for
material decomposition in situations where more than

two materials are present (46-48). Since only two sets of
X-ray attenuation measurements are collected in a dual-
energy scan, additional assumptions are needed to handle
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Fig. 4. Mass attenuation coefficients of iodine (solid blue
curve) and water (solid orange curve) as a function of

X-ray photon energy. The mass attenuation coefficient of an
unknown material (calcium in this example, represented by a dotted
purple curve) over the X-ray energy range in diagnostic CT can be
approximately represented as a linear combination of two basis
materials, iodine and water, except at the K-edge energy of iodine.
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the attenuation signals between conventional iodine-based contrast
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based contrast agent may be useful for assessing the contents of an
atherosclerotic plaque to determine if it is vulnerable to rupture (44).

kjronline.org https://doi.org/10.3348/kjr.2020.0144

Korean Journal of Radiology

three or more unknown quantities (material densities).

One assumption commonly employed for this purpose is the
conservation of mass and volume (47, 48). Suppose an image
voxel contains N number of basis materials, with an N greater
than 2. In this case, Equaton [3] can be rewritten as:

N
w® = ap- (%) © [9]
j=1 J

According to the assumption of the conservation of
mass and volume, the total mass and volume of the mixed
material in an image voxel equals the sum of the mass and
volume of individual constituent (basis) materials. Hence,
the equivalent density of the mixed material in Equation [9]
can be represented by the sum of the masses of individual
constituent materials divided by the total volume of the
constituent materials:

where

= [10]
Equation [10] can be rewritten in the following form:

N

w(E) = Z% (Z‘—j’) (g)] )
N ’Uj

7
=1

= ui(E)

J

For the special case of N = 3:
W(E) = =y (E) + 2 (B) + =2 s (E)

1_ =
=2 (E) + 2y (E) +—2—2 3 (E)

[11]

where  is the volume fraction of the constituent (basis)
material j, and the sum of the volume fraction of each
basis material equals unity. The above equations illustrate
how the assumption of the conservation of mass and
volume can be useful for the estimation of three unknowns
(material densities) given two attenuation measurements.
If we select three basis materials that are sufficiently
different from each other in terms of X-ray attenuation, the
CT numbers that correspond to the low- and high-energy
spectra can be plotted in a two-dimensional space to create
a triangle (Fig. 6). Any unknown material for which the CT
number pairs from the low- and high-energy images fall
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within the triangle can be represented by the three basis
materials, with the volume fraction of each basis material
given by the area coordinates (49). The three-material
decomposition algorithm is useful for contrast-enhanced
CT studies in which iodine-based contrast medium is
intravenously administered to the tissue region of interest.
For example, the materials encountered in a liver perfusion
study include fat, liver tissue, and iodine. Given that the
X-ray attenuation of these materials as a function of X-ray
energy is known, the proportion of each material required
to contribute to the measured X-ray attenuation in each
image voxel can be estimated.

Assessment of Tissue Stopping Power to Charged
Particles
Cancer is one of the leading causes of mortality in the

world, and radiotherapy is frequently used for killing
cancerous cells. Radiotherapy with protons or heavy

ions allows for a more localized dose deposition, which
sequentially minimizes the damage to the normal tissues
surrounding the targeted tumor. An accurate estimation of
tissue stopping power is necessary for treatment planning
during proton and heavy-ion radiotherapy (50). The average
energy loss of charged particles per distance traversed in a
material can be approximately estimated using the Bethe
formula, which demonstrates that the stopping power of a
material to charged particles is partially dependent on the
electron density of the material (51). The electron density
of a material can be readily assessed with dual-energy or
spectral CT imaging (52-54). The underlying rationale is that
the two basis functions (f, and f) in Equation [1], which
describe the photoelectric effect and Compton scattering,
can also be replaced by bhasis functions that relate to other
material properties, including electron density and atomic
number. Previous studies have shown that the electron
density of a material relative to that of water (relative
electron density) is proportional to the stopping power of
the material to swift ions (55), and the relative electron
density holds an approximately linear relationship with the
CT numbers (56). This linear relationship can be illustrated
by the following equation (57):

E E
0o=(—d)- (ﬂm( 1)) id. <#m( 2))
Hw(E1) Hw(E2)
where @. is the relative electron density of the material
m; Wm is the linear attenuation coefficient of the material
m; Yy is the linear attenuation coefficient of water; and d

[12]
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Fig. 6. Illustration of three-material decomposition with two-
dimensional mapping of the CT numbers (in HU) measured
from a dual-energy scan. In this example, any unknown material
that falls within the triangle defined by the HU-pairs of the three
selected basis materials can be represented as a linear combination of
these basis materials. The volume fraction of each basis material can
be determined from the corresponding vertices in the map.

is a constant that is dependent on the two selected X-ray
energy spectra E; and E,, which can be determined from
calibration scans. Recall the definition of a HU:

Hm — Hw

HU = (—) x 1000 [13]
Hw
Equation [13] can be rewritten as:

HU  pm  pw

1000~ u,

[14]
Substituting Equation [14] into Equation [12] yields:

HU HU
Qez(l—d)-( E1+1)+d-( E2

15
1000 1000 * 1) [15]

Equation [15] offers a simple way to convert CT numbers
measured in a dual-energy scan to the relative electron
density of the material of interest on a voxel-by-voxel
basis. It has been shown that the HU-g. conversion should
be linear for materials with atomic numbers less than that
of iodine (54) and that the errors of such conversions in
soft tissues and bones are 2% or less (16). In addition
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to calculating the relative electron density, dual-energy
imaging has also been used to estimate the effective
atomic number, which reflects the average atomic number
in a mixture of materials and is also related to the stopping
power to charged particles. It has been suggested that the
additional information provided by the effective atomic
number may facilitate the differentiation of different tissue
types with very similar electron densities, though the
actual usefulness in clinical applications remains to be fully
explored.
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