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The effect of the energy dispersion of a quasi-monochromatic x-ray beam on the performance of a
dual-energy x-ray imaging system is studied by means of Monte Carlo simulations using MCNPX

�Monte Carlo N-Particle eXtended� version 2.6.0. In particular, the case of subtraction imaging at
the iodine K-edge, suitable for angiographic imaging application, is investigated. The average
energies of the two beams bracketing the iodine K-edge are set to the values of 31.2 and 35.6 keV
corresponding to the ones obtained with a compact source based on a conventional x-ray tube and
a mosaic crystal monochromator. The energy dispersion of the two beams is varied between 0 and
10 keV of full width at half-maximum �FWHM�. The signal and signal-to-noise ratio produced in
the simulated images by iodine-filled cavities �simulating patient vessels� drilled in a PMMA
phantom are studied as a function of the x-ray energy dispersion. The obtained results show that, for
the considered energy separation of 4.4 keV, no dramatic deterioration of the image quality is
observed with increasing x-ray energy dispersion up to a FWHM of about 2.35 keV. The case of
different beam energies is also investigated by means of fast simulations of the phantom
absorption. © 2008 American Association of Physicists in Medicine. �DOI: 10.1118/1.2815360�
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I. INTRODUCTION

Dual-energy subtraction imaging at the K-edge is a promis-
ing technique for enhancing the detail visibility in medical
examinations which make use of a contrast agent. This im-
aging technique exploits the sharp rise of the absorption co-
efficient at the energy of the K-edge of a given chemical
element present in the contrast medium �e.g., iodine at 33.17
keV or gadolinium at 50.24 keV�. Two images are taken after
the contrast medium administration at two different energies,
one just below and one just above the K-edge energy of the
involved chemical element. The logarithmic subtraction of
the high-energy and low-energy images allows one to obtain
a final image where the contrast agent visibility is improved
because the background structures are canceled.1

To date, the application of this technique has been studied
mainly for coronary2,3 and neurovascular4 angiography using
iodine or gadolinium as a contrast medium. Applications of
subtraction imaging to digital mammography �to detect the
angiogenesis associated with breast cancer growth� are also
being investigated, using either temporal5 or dual-energy6
subtraction.
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The clinical application of dual-energy imaging has been
limited so far by the absence of a suitable dichromatic x-ray
source. The monochromatic x-ray beams produced with syn-
chrotron radiation would be the ideal source thanks to the
high intensity and the possibility of having the two energies
very close to the K-edge of the contrast element. However,
the high cost and the small number of imaging beam lines
available in the world disfavor the use of synchrotrons for
widespread clinical application of K-edge subtraction imag-
ing.

In the last decade, a compact source which generates
quasi-monochromatic beams with a conventional x-ray tube
and a mosaic crystal monochromator has been developed.7,8

Subtraction imaging at the iodine K-edge has been tested in
the last few years using this x-ray beam facility, together
with silicon strip detectors with single-photon counting ca-
pability. The obtained results demonstrated an interesting im-
age quality also for iodine concentrations reduced with re-
spect to normal clinical practice.9,10 In the case of coronary

angiography application, the aim is to acquire good quality
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images with the typical iodine concentrations that are ob-
tained with intra-venous injection of the contrast medium, so
as to avoid patient catheterization.

With this imaging source, two beams with energies sepa-
rated by �4 keV and energy dispersion of the order of 1
keV of Gaussian sigma are obtained. The effect of the larger
separation between the two beam energies with respect to the
performance obtained at synchrotrons has been recently stud-
ied in Refs. 11 and 12, where it is concluded that an energy
separation of 4 keV is not a limit for the application of the
K-edge subtraction technique, provided that enough photon
flux can be obtained with the compact x-ray source.

The aim of the present work is to investigate the effect of
the energy dispersion of such a quasi-monochromatic beam
on the imaging capabilities of the system described above.
The x-ray energy dispersion is expressed in this work
through its Gaussian width �E�

; hence, the full width at half-
maximum �FWHM� results to be 2.35·�E�

. The study is
based on MCNPX �Ref. 13� simulations, which have proved to
be able to reproduce the main features of the imaging system
as measured in imaging experiments with phantoms made
out of tissue-equivalent materials.10,14

II. MCNPX SIMULATION

The computer simulations have been carried out using the
MCNPX �Monte Carlo N-Particle eXtended� version 2.6.0
code. MCNPX is a general-purpose Monte Carlo radiation
transport code for modeling the interaction of radiation with
matter. MCNPX is designed for transporting all particle types.
In previous studies,10,14 we used MCNP-4C, which transports
only neutrons, photons, and electrons

Fig. 1 shows the simulated phantom and detector geom-
etry. The phantom consists of a PMMA slab �4�4�2 cm�
containing three iodine-filled cylindrical cavities with diam-
eters of 0.4, 0.8, and 1 mm, respectively. The phantom thick-
ness is uniform, giving rise in the image to a background
without structures. The presence of background structures is
in fact the main reason for using the K-edge subtraction tech-
nique, which allows cancellation of them. However, the

FIG. 1. Scheme of the simulated geometry with the PMMA phantom and the
silicon strip detector.
background cancellation capability has been already studied
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in previous papers �see, e.g., Refs. 9 and 10�, while the focus
of this work is on the study of the visibility of the cavities
when increasing the energy dispersion of the beam. Hence, a
simpler phantom has been chosen to investigate the effect of
nonmonochromatic beams.

The detector is a 384-strip silicon detector in edge-on
configuration.10,14 The strip pitch and length are 100 �m and
10 mm, respectively; the detector thickness is 300 �m, re-
sulting �in the case of edge-on irradiation� in a pixel size of
100�300 �m2 and an active length of 10 mm. The thick-
ness of the inactive region �guard rings+detector edges�
upstream from the strips is 765 �m.

The detector model used has been validated previously
against experimental measurements for both K-edge subtrac-
tion angiography and dual-energy mammography
applications.10,14 As in the previous cases, each incident pho-
ton is tracked until �a� it is totally absorbed within the phan-
tom volume; �b� it is totally absorbed within the detector
volume; or �c� it escapes from both of them. A photon is
counted by the detector if its energy deposit in the strip ac-
tive volume exceeds 7 keV, which corresponds to the dis-
criminator threshold used in the single-photon counting elec-
tronics of the actual detector for complete noise rejection.
The secondary electrons generated by the interaction of the
incident photons with either the phantom or the detector are
considered to locally deposit their energy and thus are not
further transported. The simulation of the interactions is
based on the mcplib02 data library that uses ENDF/B-VI
�Evaluated Nuclear Data File� cross-section data.

A parallel x-ray beam has been simulated in normal inci-
dence on the phantom’s front side. The simulated beam is 4
cm long and 300 �m wide, so it covers a fraction of the
phantom volume corresponding to the transverse size of the
silicon detector in edge-on configuration. It should be
pointed out that many issues which could play an important
role in practical applications �such as beam divergence, en-
ergy gradients, noise in the readout electronics, etc.� are not
included in these simulations, which are exclusively meant to
study the effect of x-ray energy dispersion and not to give a
full and precise description of the actual experimental situa-
tion. The energy of the incoming photons has been generated
according to a Gaussian distribution. Different simulations
have been performed varying the value of the Gaussian
width �E�

from 0 to 4 keV with 0.5 keV step �corresponding
to FWHM values ranging from 0 to 9.4 keV�. Finally, for
creating the phantom image, 15 profiles have been generated
by doing 15 runs for each average energy �31.2 and 35.6
keV� and each �E�

value, changing for each profile the start-
ing seed of the random number generator. So, a total of 270
runs per iodine concentration have been made. Three iodine
concentrations have been investigated: 92, 46, and
23 mg /ml. For every run the histories-per-simulation are 8
�106. For each value of energy dispersion a set of profiles
without phantom has also been generated and they have been
used to apply the flat-field correction in the same way as it is
applied to real profiles in order to remove artifacts caused by

the pixel-to-pixel variations of the detection efficiency and
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by the nonuniformity of the radiation field. The simulations
have been carried out using a computing cluster consisting of
128 processors �MPIS R1400/600 MHz� from SGI Origin
3800 with a total RAM of 128 GB on IRIX operating sys-
tem. MCNPX version 2.6.0 has been used on MPI parallel
processing.

In the top panels of Fig. 2 the resulting images for beam
energies of 31.2 keV �left� and 35.6 keV �right� for �E�

=1 keV and an iodine concentration of 92 mg /ml are dis-
played. In the bottom panels, the two images in the case of
�E�

=4 keV are shown. The pixel size is 100 �m perpen-
dicular to the iodine-filled cavities and 300 �m parallel to
the cavities. For �E�

=1 keV the visibility of the iodine de-
tails is much better in the high-energy image, as expected
from the larger value of the iodine absorption coefficient for
energies above the K-edge. In the case of �E�

=4 keV the
difference between the two images is much less pronounced.
This is due to the fact that in the case of �E�

=4 keV a
significant fraction �about 31%� of photons of the low energy
beam has an energy higher than the 33.17 keV of the iodine
K-edge �and about 27% of the photons of the high-energy
beam are below the K-edge�. The energy distribution of the x
rays in the high and low-energy beams is shown in the left
panels of Fig. 3 for the cases of �E�

=1 keV �top� and �E�

=4 keV �bottom�. In the right panels of Fig. 3, the corre-
sponding distributions of the iodine absorption coefficient for

FIG. 2. Simulated images at �E�� of 31.2 keV �left panels� and 35.6 keV �
corresponding to FWHM of 2.35 and 9.4 keV, respectively. The iodine con
the two beams are shown. The energy dependence of the
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iodine absorption coefficient has been taken from the XCOM

�Ref. 15� database. It can be seen that in the case of �E�

=1 keV �top panels� the distributions of the absorption co-
efficient of the high and low-energy beams are well sepa-
rated, which is not the case for �E�

=4 keV �bottom�. Con-
sequently, the difference between the average iodine
absorption coefficient of the two beams is larger for �E�

=1 keV than for �E�
=4 keV, and this is reflected in the

different contrast of the iodine-filled cavities in the low and
high-energy images of Fig. 2.

III. IMAGE PROCESSING

The low and high-energy images are given by

N�E±� = N0�E±�exp�− �
i
��

�
�E±�	

i

��t�i
 , �1�

where the subscript i denotes the various materials that com-
pose the phantom �iodine and PMMA in our case�, N0�E±� is
the number of incident photons in the area defined by an
image pixel, � /� is the mass attenuation coefficient of ma-
terial i at a given energy, � is the density, and t the path
length in material i. Since the energy separation ��E=E+

−E−� of the two quasi-monochromatic beams is about 4 keV,
the difference between the absorption coefficients of the
background structures is not negligible when performing the

panels� for �E�
values of 1 keV �top panels� and 4 keV �bottom panels�,

tion is 92 mg /ml.

right
logarithmic subtraction. This difference would generate a
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spurious background in the subtracted image due to the in-
complete cancellation of the contrast arising from the other
materials. The complete cancellation of the background ma-
terial can be obtained by introducing appropriate weighting
coefficients in the logarithmic subtraction, resulting in a
composite image H,

H = A · ln
N0

N
�E+� − B · ln

N0

N
�E−� . �2�

For background cancellation, only the ratio A /B is relevant.
If the background is composed of one single material �indi-
cated as BKG�, like in the case of our phantom, from Eq. �2�
the average pixel value in the background regions of the
log-subtracted image �HBKG� results to be

HBKG = �A · ��

�
�E+�	

BKG
− B · ��

�
�E−�	

BKG

��t�BKG.

�3�

The background cancellation is obtained for HBKG=0; hence,

A

B
=

��/��E−��BKG

��/��E+��BKG
. �4�

In Table I the values of mass attenuation coefficients for

some typical tissue-equivalent materials and iodine at the
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two energies of interest are reported. It can be seen that the
ratio of the coefficients is practically the same for all the
considered tissue-equivalent materials �i.e., the background
that should be canceled in the resulting image� and very dif-
ferent from that of iodine �i.e., the contrast agent to be iso-
lated�.

The values of the weighting coefficients A and B in Eq.
�2� can be calculated within the framework of the dual-
energy contrast cancellation algorithm,17,18 which allows the
imaged sample to be decomposed into two basis materials.
The basic idea of this method is to describe the x-ray attenu-
ation in a given image pixel as a linear superposition of the

FIG. 3. Energy and iodine absorption
coefficient distribution of the photons
in the high and low-energy beams for
�E�

=1 keV �top� and �E�
=4 keV

�bottom�, corresponding to FWHM of
2.35 and 9.4 keV, respectively. The
values of absorption coefficient as a
function of x-ray energy are from the
XCOM �Ref. 15� database.

TABLE I. Mass attenuation coefficients of interesting materials �from XCOM,
Ref. 15� at the two energies involved in K-edge subtraction angiography.

Material

�

�
�31.2 keV�

�

�
�35.6 keV�

�31

�35
�cm2 /g� �cm2 /g�

Water 0.3553 0.3017 1.18
PMMA 0.2905 0.2565 1.13
Soft tissue �ICRU-44� 0.3584 0.3033 1.18
Bone cortical �ICRU-44� 1.204 0.8700 1.38
Iodine 7.71 29.87 0.26
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contribution of two basis materials X and W. In our case, X is
the contrast medium which should be isolated from the “fic-
titious” element W which comprises all the other �back-
ground� materials. In order to have H=�tX �i.e., to preserve
in the log-subtracted image the quantitative information
about the distribution of the contrast agent mass density� the
weighting coefficients A and B must be set to9

A =
��/��E−��W

K0
,

B =
��/��E+��W

K0
, �5�

with

K0 = ��

�
�E−�	

W
· ��

�
�E+�	

X
− ��

�
�E+�	

W
· ��

�
�E−�	

X
.

�6�

In this way, the pixel value in the final image equals the
contrast agent mass density �H=�tiodine�, which is an impor-
tant feature that allows quantitative measurements on the
subtracted image, e.g., in the case of stenosis in angiographic
examinations. It should be noted that, even if the signal is
proportional �but not equal� to the contrast, the quantitative
information on �tiodine can be recovered by means of a cali-
bration procedure; see, e.g., Ref. 16. In the analyses pre-
sented in this paper, water and iodine have been chosen as
default “basis” materials in the dual-energy algorithm, fol-
lowing the same choice of Refs. 9, 11, and 12. The resulting
values of the weighting coefficients �calculated using Eq. �5�
and the absorption coefficients reported in Table I� are there-
fore A=0.0429 and B=0.0364 �giving a ratio A /B=1.18�. As
will be discussed in detail in Sec. IV A, the choice of water
instead of PMMA as a basis material results in an incomplete
cancellation of the PMMA signal �i.e., a nonzero level of the
background� in the log-subtracted image due to the differ-
ence between the A /B ratios of water and PMMA. For com-
parison, the results obtained using PMMA and iodine as ba-
sis materials �i.e., weighting coefficients A=0.0434 and B

FIG. 4. Logarithmic subtraction of the high and low-energy simulated imag
and 4 keV �right panel�, using iodine and water as basis materials.
=0.0383 with a ratio A /B=1.13� are also presented. Let us

Medical Physics, Vol. 35, No. 1, January 2008
stress that the cancellation of the background �and the signal-
to-noise ratio� of the resulting image depends only on the
ratio A /B, while the fact that H=�tiodine depends on the ac-
tual values of A and B.

The images obtained from the ones in Fig. 2 after loga-
rithmic subtraction using iodine and water as basis materials
are shown in Fig. 4. The values of N0�E±� are extracted from
flat-field profiles after proper renormalization. The resulting
pixel value in the background �PMMA� pixels is close to
zero ��−0.001�, but not exactly zero because the choice of
water instead of PMMA as a basis material results in an
incomplete cancellation of the background in the subtracted
image.

The quality of the image is evaluated by calculating the
values of signal and of signal-to-noise ratio �SNR�. The sig-
nal S produced by a tube filled with iodine is defined as the
difference between the peak and the background pixel values
and is averaged over the 15 profiles of the image. The SNR
is calculated as the ratio between the signal S produced by
the iodine vessel and the background noise ��BKG�,

SNR =
S

�BKG
. �7�

The noise �BKG is measured by dividing the regions of the
image where the iodine signal is not present into n subim-
ages of area ANS �sampling area for noise�. For each subim-
age an average pixel value Xsub is calculated and �BKG is
defined as the standard deviation of the Xsub values extracted
from the n subimages of area ANS. The size of the sampling
area for noise ANS should correspond to the size of the object
to be detected. The larger the detail of interest, the larger the
sampling area ANS and consequently, the smaller the fluctua-
tions of counts among sampling areas �i.e., the smaller
�BKG�.

As an example, the values of SNR characterizing the three
iodine-filled cavities of the phantom in the subtracted image
of Fig. 4—left ��E�

=1 keV, FWHM=2.35 keV� are shown
in Fig. 5 as a function of the size of the sampling area for
noise together with K ·Npixels fitting functions. It can be seen

Fig. 2 for iodine concentration of 92 mg /ml and �E�
of 1 keV �left panel�
es of
that the SNR increases when the size of the noise-sampling
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area increases, and that it follows the expected Npixels

���ANS� trend. This reflects the better visibility of a larger
detail with respect to a small one having the same contrast.
As expected, the observed SNR increases with increasing
diameter of the tube, i.e., with increasing contrast-medium
thickness.

IV. RESULTS

The two important items of background cancellation and
detail visibility as a function of the energy smearing of the
s-ray beam are discussed separately in the next two subsec-
tions. Finally, in the third subsection, the case of different
energy separation between the two quasi-monochromatic
beams is investigated by means of fast simulations of phan-
tom absorption.

FIG. 5. SNR of a subtracted image �case of iodine concentration of
92 mg /ml and �E�

=1 keV� as a function of the number of pixels in the
sampling area for noise. Fitting functions K ·Npixels are also shown.

FIG. 6. Average profiles of log-subtracted images for two different choice

concentration of 92 mg /ml and �E�

=0 keV �left�, 1 keV �middle�, and 4 keV �
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IV.A. Background cancellation

As already pointed out previously, the weighting coeffi-
cients A and B in the logarithmic subtraction algorithm
should be tuned to cancel the signal of the background ma-
terials in the final image. Hence, the pixel value in the
PMMA regions of the phantom should be on average zero.
However, the choice of the two basis materials of the dual-
energy algorithm does have an influence on the background
cancellation. In Fig. 6, the average profiles of the logarith-
mically subtracted images for two different choices of the
basis materials �namely iodine/water and iodine/PMMA� are
superimposed. The three plots are for three different values
of x-ray energy dispersion, namely 0 keV �left�, 1 keV
�middle�, and 4 keV �right panel�. In all cases, the simulated
iodine concentration is 92 mg /ml. It can be seen that, when
iodine and water are used as basis materials �continuous
line�, a nonzero level is observed in the background pixels
because of residual PMMA signal. On the contrary, in the
case of iodine and PMMA as basis materials a complete
PMMA cancellation is obtained �as expected�, at least for the
two lower values of energy dispersion.

A systematic shift of the background level is observed in
the subtracted image profiles with �E�

=4 keV for both
choices of basis materials. The distributions of the back-
ground pixel values in the subtracted images are shown in
Fig. 7—left for four different values of x-ray energy smear-
ing in the case of iodine/water basis materials. The average
value of the background pixels is plotted in Fig. 7—right as
a function of the energy dispersion of the beam. For �E�

�1 keV the average background value is practically inde-
pendent of the energy smearing of the photons. For larger
values of �E�

, the background level shifts systematically
away from zero with increasing x-ray energy dispersion. The
same trend is observed when iodine and PMMA are used as
basis materials. Hence, the background cancellation in the
logarithmic subtraction results to be affected by the presence

asis materials �i.e., weighting coefficients A and B� in the case of iodine
s of b

right panel�.
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of the x-ray energy dispersion only if such dispersion has a
Gaussian width larger than �1 keV �FWHM�2.35 keV�.

IV.B. Signal and signal-to-noise ratio

The signal S of the three cavities of the simulated phan-
tom extracted from the logarithmically subtracted images is
shown in the left panel of Fig. 8 as a function of the energy
smearing �Gaussian width� of the x-ray beam in the case of
iodine concentration of 92 mg /ml. In the right panel of Fig.
8 the signal S of the 1 mm cavity for the three simulated
iodine concentrations is displayed. The measured signals in
the log-subtracted images agree with the expected values
Stheo=�tiodine �represented by the thick gray lines in Fig. 8�
for x-ray energy dispersions �E�

�1 keV, corresponding to
FWHM�2.35 keV. For larger values of energy dispersion,
a decrease of the signal S with increasing �E�

is observed.
This behavior can be understood considering that, when the

FIG. 7. Left: distribution of the pixel values in the background �PMMA�
dispersion. Right: average background level in the subtracted image as a fu

FIG. 8. Iodine signal S in the logarithmically subtracted images as a function

The thick gray lines correspond to the expected signal values �S=�tiodine�.
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x-ray energy smearing increases, the fraction of photons of
the low- �high� energy beam with energy higher �lower� than
the iodine K-edge also increases. These fractions are practi-
cally negligible �less than 2.4% and 0.75% for the high and
low-energy beam, respectively� up to �E�

=1 keV, while
they become 9.5% and 5% already at �E�

=1.5 keV.
Figure 9 shows the behavior of the signal-to-noise ratio

�SNR� as a function of the x-ray energy smearing �Gaussian
width� for the three cavities of the phantom in the case of
iodine concentration of 92 mg /ml. The sampling area for
noise is 4�2�2� pixels, i.e., 0.2�0.6 mm2. The small size
of this area has been chosen in order to have a better deter-
mination of the noise thanks to a large number of samplings
in the image region where only PMMA is present. The SNR
of the two “base” �high-energy and low-energy� images and
of the resulting subtracted image are displayed. The SNR of
the subtracted image is lower than the one of the high-energy

ns of the log-subtracted image for four different values of x-ray energy
n of energy dispersion �E�

.

E�
for the different phantom cavities �left� and iodine concentrations �right�.
regio
nctio
of �
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image. This is an expected result because in the subtracted
image the iodine signal is practically determined by the high-
energy photons �which are more absorbed by the iodine�,
while the noise is larger than that of the original images due
to the contribution of the fluctuations of both low and high-
energy images. In practice, the low-energy image allows can-
cellation of the background structures at the price of an in-
creased noise in the log-subtracted image. It should be
stressed that, even if the SNR in the subtracted image is
lower with respect to the high-energy one, the K-edge tech-
nique allows one to enhance the visibility of the interesting
details because the background structures are canceled in the
logarithmic subtraction. Finally, one can observe in Fig. 9
that the SNR of the subtracted image results to be higher
than that of the low-energy image up to a �E�

value of about
2.5 keV.

FIG. 9. SNR as a function of �E�
for the three cavities of th

FIG. 10. SNR as a function of �E�
for three different iodine concentrations:
of 1 mm.
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The dependence of the SNR on the x-ray energy disper-
sion is similar to the one observed for the signal in Fig. 8.
The SNR is practically independent of the beam energy
smearing if its Gaussian width �E�

is �1 keV �correspond-
ing to FWHM�2.35 keV�, while for larger values of energy
dispersion the SNR decreases with increasing �E�

. As al-
ready pointed out when discussing the signal in the sub-
tracted image, the decrease of the SNR with increasing x-ray
energy dispersion can be understood as a consequence of the
increase in the two quasi-monochromatic beams of the con-
tamination from photons with energy crossing the iodine
K-edge. Finally, it can be noticed in Fig. 9 that the values of
the SNR of the subtracted images scale linearly �as expected�
with the tube diameter, i.e., with the iodine length traversed
by the x-ray photons.

ulated phantom for an iodine concentration of 92 mg /ml.

ft panel�, 46 �middle panel�, and 23 �right panel� mg/ml for a tube diameter
e sim
92 �le
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The same analysis has been performed for the other two
iodine concentrations �46 and 23 mg /ml�. Figure 10 shows
the behavior of the SNR as a function of �E�

for the 1 mm
diameter cavity and three different iodine concentrations,
namely 92 �left panel�, 46 �middle panel�, and
23 �right panel� mg /ml. The expected linear scaling of the
SNR of the logarithmically subtracted image with the iodine
concentration is observed. Also in this case, the SNR is not
significantly influenced by the x-ray energy smearing if �E�

�1 keV, and for larger dispersions it decreases with in-
creasing �E�

. So, if the energy dispersion exceeds 1 keV of
Gaussian sigma �2.35 keV of FWHM�, a higher dose is re-
quired to obtain the same SNR that would be obtained with
monochromatic beams.

FIG. 11. Top: Low-energy �left�, high-energy �middle�, and log-subtracted �ri
of 92 mg /ml and �E�

=1 keV. Bottom: Average phantom profiles from fast
normalized to the fast simulated ones in the PMMA regions.

FIG. 12. Signal �left� and signal-to-noise ratio �right� as a function of x-ray

MCNPX, and fast simulations of phantom absorption are superimposed.
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Finally, let us point out that the use of PMMA instead of
water as a basis material has a very limited influence �less
than 5%� on the values of iodine signal and SNR in the
subtracted image.

IV.C. Combining beam energy separation and
dispersion

The results presented in the previous paragraph have
shown that for two quasi-monochromatic beams of 31.2 and
35.6 keV �i.e., energy separation of 4.4 keV� the energy dis-
persion of the x rays does not affect the image quality �back-
ground cancellation, signal, and SNR� if the energy smearing
is characterized by a Gaussian sigma �E�

below 1.5 keV. It is

mages from fast simulations of phantom absorption for iodine concentration
MCNPX simulations. The MCNPX profiles of low and high-energy images are

gy dispersion for iodine concentration of 92 mg /ml. Results obtained with
ght� i
and
ener
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interesting to investigate the image quality as a function of
the x-ray energy smearing also for different pairs of beam
energies.

This has been done by means of a C++ simulation pro-
gram �using ROOT, �Ref. 19� libraries� based on the absorp-
tion coefficients of the three materials which compose the
phantom used in MCNPX simulations, namely PMMA, water,
and iodine �which constitute the iodate solution injected in
the phantom cavities�. For each photon, the energy and the
position are randomly extracted using the Mersenne twister
algorithm.20 The x-ray position is generated with a flat dis-
tribution in a range of 4 cm along the phantom length and it
is used to calculate, according to the phantom geometry de-
scribed in Sec. II, the thickness of the materials �PMMA and
iodate solution� traversed by that photon. The x-ray energy is
generated according to a Gaussian distribution and it is used
to calculate the total absorption coefficients of PMMA, wa-
ter, and iodine by interpolating the values of the XCOM �Ref.
15� database. In this way, for each photon a survival prob-
ability exp��−� /�� ·�t� is calculated and surviving photons
are then counted by the corresponding pixel. An example of
resulting low-energy �left�, high-energy �middle�, and log-
subtracted �right� images is shown in the top panels of Fig.

FIG. 13. Signal as a function of x-ray energy dispersion for the 1 mm di-
ameter cavity and iodine concentration of 92 mg /ml. Results obtained with
different energy pairs are superimposed.

FIG. 14. SNR as a function of x-ray energy dispersion for the 1 mm diamete

obtained for the five different energy pairs used in the fast simulations.
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11 for the case of 92 mg /ml iodine concentration and �E�

=1 keV. In the bottom panels of Fig. 11 the average profiles
of the images in the corresponding top panels are superim-
posed to the ones obtained with MCNPX at the same energy
smearing and iodine concentration. In order to allow for an
easier comparison, the MCNPX profiles of the high and low-
energy images have been normalized to the fast-simulated
ones by using the counts measured in the PMMA regions of
the images.

This approach resulted to be much faster than the full
MCNPX simulations �about 16 s instead of �45 min to gen-
erate one profile with �5000 counts /pixel on a Pentium IV
PC�. Of course, these simulations are less realistic than the
MCNPX ones since no transport of the photon is done, the
Compton scattering is treated as if the x-ray is always com-
pletely absorbed in the phantom, and the detector response is
not included. However, as it can be seen in Fig. 12, the
results obtained with these simple simulations are in good
agreement with the ones obtained with full MCNPX simula-
tions for both the signal and the SNR, indicating that the
most important features of the image quality can be investi-
gated also with this simple model.

The fast simulations of phantom absorption have been run
for five different energy pairs, which are reported in the leg-
end of Fig. 13. For each energy pair, the energy smearing has
been varied between 0 and 4 keV of Gaussian width with a
step of 0.5 keV. The resulting iodine signals in the logarith-
mic subtracted image are shown in Fig. 13 as a function of
the x-ray energy dispersion. It can be seen that for the four
energy pairs, which are approximately symmetric about the
iodine K-edge, the range of �E�

where the signal remains
constant �and equal to �t� becomes larger with increasing
energy separation. This is expected because, when the beam
energy separation increases, also the distance of the average
beam energies from the iodine K-edge increases and conse-
quently the contamination in the low �high� energy beam
from photons with energy above �below� the K-edge starts to
play an important role only for larger values of energy dis-
persion. This is indeed confirmed by the result obtained with
the 33.0–37.4 keV energy pair �cross markers in Fig. 13�,
which has the same energy separation �E=4.4 keV as the

ity and iodine concentration of 92 mg /ml. The five panels report the results
r cav
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31.2–35.6 pair, but the average low energy very close to the
iodine K-edge. In this case, the signal decreases dramatically
already for an energy dispersion with a Gaussian sigma of
0.5 keV�FWHM�1.2 keV�. As a rule of thumb, from Fig.
13 one could conclude that the signal remains practically
unaffected by the energy smearing if the distance between
the average energy of each of the two beams and the iodine
K-edge is larger than about 2 Gaussian sigmas.

In Fig. 14, the SNR values of the 1 mm iodine cavity
observed in the high-energy, low energy, and log-subtracted
images for the five different energy pairs of Fig. 13 are
shown. It can be noticed that, as already observed in Refs. 11
and 12, the increase of energy separation has a small effect
on the SNR of the subtracted image, which decreases only by
20% when the energy separation is increased �by a factor of
3.5� from 2.4 to 8.4 keV. The dependence of SNR on energy
dispersion confirms the conclusions drawn when discussing
the iodine signal: the range where the SNR is stable against
�E�

increases with increasing distance between the beam en-
ergies and the iodine K-edge. Also, the �E�

value where the
SNR of the subtracted image becomes smaller than that of
the low-energy one is seen to increase with increasing energy
separation. The resulting SNR with the 33.0–37.4 energy pair
shows that the dramatic decrease of image quality at �E�

=0.5 keV is a consequence of the simultaneous jump of the
low-energy image SNR due to the fact that 37% of the x rays
in the low-energy beam are above the K-edge and suffer
stronger absorption by the iodine. The combined dependence
of SNR on energy separation and energy dispersion indicates
that a larger separation between the average beam energies
and the iodine K-edge allows for a larger tolerable energy
dispersion at the price of a small decrease of the SNR.

V. CONCLUSIONS

In this paper, we have studied K-edge subtraction tech-
nique as a way of improving the detail visibility by subtract-
ing two images obtained with quasi-monochromatic x-ray
beams at two different energies bracketing the iodine
K-edge. Monte Carlo simulations of the images of a simple
phantom with cylindrical cavities simulating patient vessels
have been performed to investigate the effect of the energy
dispersion of the x-ray beams. This energy dispersion is neg-
ligible in the case of x-ray beams from synchrotrons, but it is
potentially important in the case of compact sources like the
one described in Ref. 7. The results presented in this paper
show that even if the “base” �high-energy and low-energy�
images are not obtained with truly monochromatic beams,
the resulting subtracted images still have a quality compat-
ible with the one that would be obtained with perfectly
monochromatic beams up to a certain value of x-ray energy
dispersion. This limiting dispersion value is found to depend
on the distance between the average energy of each beam
and the iodine K-edge. The maximum tolerable energy dis-
persion can be estimated as one half of the distance between
the average beam energy and the K-edge, so that the con-
tamination in the low- �high� energy beam from photons with

energy above�below� the K-edge is kept below �2%. For
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larger energy dispersions, a larger dose is required to obtain
the same SNR that would be obtained with monochromatic
beams. Furthermore, for energy dispersions below the men-
tioned limit the background cancellation is found to be ef-
fective and the iodine signal in the logarithmically subtracted
image results to be equal to the thickness �t of the contrast
medium. The characteristics of the quasi-monochromatic
beams produced with a conventional x-ray tube and a mosaic
crystal monochromator described in Ref. 7 with average en-
ergies of 31.2 and 35.6 keV fulfill this condition. Finally, let
us point out that the results of this simulation work may also
be useful for the design and the optimization of quasi-
monochromatic x-ray sources. For example, the geometry of
the collimator can be tuned so as to obtain the maximum
tolerable energy dispersion for a given energy pair, thus
maximizing the photon flux and reducing the imaging time.
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