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We compared the image contrast of a monochromatic CT, Multiple Energy Computed Tomography
(MECT), being developed at the National Synchrotron Light Source for imaging the human head and peck, and
a conventional CT scanner using phantoms. The same phantom images were also produced by computer
simulations. The experimental results indicate that monochromatic CT, with a beam energy tuned just above the
iodine K-edge, has =~ 3-fold advantage in iodine image contrast over conventional CT with a 120 kVp beam.
Modeling the same polychromatic beam and 2 monochromatic beam of the same mean energy at the same 3-rad
dose and 3-mm slice height on an 18-cm-diameter acrylic phantom, the simulations show a noise of 1.2 HU for
MECT and 1.9 HU for CCT. Furthermore, despite the Cupping-effect corrections the bone contrast is lower in
CCT and varies by 24 HU moving from the phantom’s center to the edge; this indicates an advantage for
MECT in detecting and quantifying lesions differing from surrounding tissue by their effective mean atomic
number.
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DISCLAIMER

This report was prepared as an account of work sponsored by an agency of the
United States Government. Neither the United States Government nor any agency
thereof, nor any of their employees, makes any warranty, express or implied, or
assurnes any legal liability or responsibility for the accuracy, completeness, or use-
fulness of any information, apparatus, product, or process disclosed, or represents
that its use would not infringe privately owned rights. Reference herein to any spe-
cific commercial product, process, or service by trade name, trademark, manufac-
turer, or otherwise does not necessarily constitute or imply its endorsement, recom-
mendation, or favoring by the United States Government or any agency thereof.
The views and opinions of authors expressed herein do not necessarily state or
reflect those of the United States Government or any agency thereof.
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1. Introduction

The new generation of synchrotron x-ray beamlines have allowed the use of )
monochromatic X rays in medical imaging in general, and in computed tomography (CT) in
Rarncular. Monochromatic CT studies have been carried out at Stanford Synchrotron

adiation Laboratory (SSRL) [1], at the National Synchrotron Light Source (NSLS) [2-5],
and at the Photon Factory, Tsukuba, Japan [6]. The rationale for this extensive work is that
monochromatic CT has several basic advantages beyond those of conventional CT (CCT). In
particular, monochromatic beams a) eliminate beam hardeninf artifacts; b) allow CT at
optimal beam energy for a éliven subject size [8,9]; and c) allow energy-selective imaging,
such as contrast CT above the K-edge of the contrast element and dual-energy quantitative
CT (DEQCT) [10], which is the application of dual photon absorptiometry [11] in the CT
mode. This paper describes the state of the CT beamline at the NSLS and presents our new
results on image contrast. The program, Multiple Energ Comguted Tomograghy (MECT),
uses the Synchrotron Medical Research Facility (SMERF§ which, since its establishment has
been hosting the Transvenous Coronary Angiography program. MECT uses a fixed
horizontal fan-shaped beam and a subject apparatus rotating about a vertical axis. This paper
reports our measurements of image contrast measurements with and without the use of
contrast agents.

1.1. Image contrast-to-noise ratio

The image characteristics most relevant to the system’s ability to differentiate a lesion
from its background is the contrast-to-noise ratio (CNR), which is defined for a given
subject’s contrast. Therefore, to compare two different CT systems their image contrasts and
their image noises should be measured. Image contrast is related to the attenuation
coefficient of the subject and therefore depends only on the beam’s energy spectrum and can
be compared easily between the two systems. On the other hand, image noise cannot be
easily compared because it depends on the system’s spatial resolution. Quantitatively, the
variance ¢” of the CT number in image of a uniform subject, for a given dose, is inversely

roportional to the slice thickness and the square of the in-plane spatial resolution. The latter
1s a function of several parameters in the system.and in the image reconstruction routine,
including the focal-spot size, detector’s resolution, the imaging and the reconstruction
geometries, the pixel size, and the reconstruction filter. Since all these parameters differ
between MECT and CCT, matching the images’ noise in the two systems by any
compensatory arrangement is virtually impossible. For this reason, we used computer
simulations to compare the image noise in MECT and CCT, while we carried out
extperiments and simulations to evaluate image contrast in I- and Gd-filled phantoms. The
effect of beam hardening on bone’s image contrast only was simulated.

1.2, Image contrast using a contrast agent

The advantage of a narrow-energy-band beam in contrast imaging is that the beam
energy can be tuned just above the K-edge of the contrast element, thus maximizing image
contrast. Fig. 1 demonstrates this effect by superimposing the x-ray attenuation coefficient in
iodine as a function of the photon energy, on the energy spectrum of a 120-kVp beam
filtered with a 0.125 mm Cu foil.

We note, however, that the above-the-edge beam energfy for iodine, = 33.3 keV, is
not optimized for imaging the human body except, probably, for the neck or limbs. For this
reason, the future prospects for development of a compact, clinical narrow-energy-band CT
may entail development of CT contrast agents based on heavier-than-iodine elements such as
Gd (K-edge of 50.23 keV). Fig. 2 shows a plot similar to that of Fig. 1, except the Gd




attenuation curve is used instead of that for iodine.
1.3. Image contrast and quantification in tissue

In general, tissue can be characterized for CT imaging in terms of two parameters: its
electron density, and its effective mean atomic number. To fully characterize a tissue in this
way dual-photon absorptiometry in the CT mode is needed [12] (for which a monochromatic
beam is highly advantageous). For a single measurement, however, the effective mean
atomic number is most often the dominating factor. This is the reason why soft-tissue
contrast is almost eliminated when very high kVp values are used because the Z-effect
diminishes at high energies. This effect is shown best by comparing the attenuation curves
of bone and soft tissue (Fig. 3). Depending on the beam’s energy spectrum, the effective
atomic numbers of these two tissue-types are about 16 and about 10, respectively. In
characterizing soft-tissue, however, the limit of lesion detectability for a CT system can be a
small fraction of one atomic number, depending on the image noise and on the beam’s
effective energy. As shown in Fig. 3 (which is plotted on a linear ordinate to emphasize the
slopes of the curves), a small reduction in beam energy leads to a steeper region on the two
curves where the difference in the attenuation coefficients of bone and soft tissue are
enhanced. The findings discussed below show that by using a monochromatic CT a lower
effective beam energy can be employed (for the same subject dose), resulting in a gain in the
Z-dependent component of the tissue’s image contrast. Furthermore, because the effective
beam energy in monochromatic CT stays c%ose to the incident beam energy throughout the
image, quantification of the tissue’s attenuation coefficient is much more precise in the
monochromatic CT.

2. Experimental Design
2.1. The MECT system

The NSLS X-ray storage ring (energy: 2.5 GeV; maximum ring current: 300 mA)
operates 29 beamlines with 2-3 beamports at each beamline [13]. MECT uses the X17B2
superconducting wiggler beamline. The state of the MECT system used during the present
studies is described in Refs. 4-6. In particular, the monochromator was a tunable, two-crystal
Laue-Laue, fixed-exit device employing flat Si<111> crystals with an energy range of 24-
52 keV [14]. The detector was 4 linear-array modular CdWO,-photodiode device with a
1.844-mm element spacing [15] masked to a 0.922-mm active element width element to
improve the spatial resolution. The data acquisition system (DAS) included a current-
filtering front-end unit developed by Analogic Corp., connected to a DEC Alpha computer
tshor(c))tb%lb a1 custom-designed interface. It provided a usable signal dynamic range of =~

The source-subject and the subject-detector distances were 39 m and 2 m,
respectively. The size of the source spot was 0.95 mm and 0.05 mm FWHM in the
horizontal and vertical directions, respectively. :

2.2, The CCT system

The CCT used was a GE HiSpeed CT scanner [16] at the Department of Radiology,
Health Sciences Center, State University of New York, Stony Brook. The system’s energy
spectra at 80, 100, and 120 kVp were estimated on the basis of the beams’ measured half-
value layers (HVLs). The information was used then to calculate beam’s filtration at these
individual kVp settings. Table 1 summarizes the results.




2.3. Data collection parameters

The rate at which /projections were collected was 1440/s, while the subject apparatus
rotated at the rate of 24°/s. During the off-line image analysis, 24 such projections were
averaged to form one projection for reconstruction. Reference data (i.e., data taken with no
subject in the beam) collected before and after each subiiect slice were scanned. Two
separate 360° data were collected with one lateral translation of the subject’s rotation axis
corresponding to one-half of one inter-element detector spacing between collections, and
were interlaced during the reconstructions [3,5]. Short-term oscillations of the beam’s
intensity were compensated by using data from the two unattenuated ends of the fan beam,
designated "air channels”. Linear variations of the beam profile’s shape were corrected by
linear interpolation between these ends.

3. Computer Simulations

The program did not follow individual photons but used synthetic normal noise to
broaden the counts in each ray, which were traced from the source to individual detector
elements, and for each single energy value. Detector and DAS noise were assumed to be
negligible. For the polychromatic beam, 1-keV energy steps were used. The detector signal
was set as the counts times the beam energy (i.e. assuming a perfect detector sensitivity).
The same image reconstruction routine used for experimental data was ai)plied to the results.
All the phantoms simulated were cylindrical ones and were imaged axially. First-order beam
hardening effects (Cupping effect) were corrected for in the polychromatic images. The
simulations presented below differ from the experiments by one detail, they emploK a 0.922
mm-pitch detector (with 0.25 mm inactive band) instead of using a 1.844 mm-pitch detector
masked to 0.922 mm used in the experiments. The same effective detector resolution was
used for MECT and CCT.

4. Results from experiments and simulations

Two different acrylic phantoms were used, one with a 13.5 cm diameter and the other
one with 18 cm. Each included thirty 11-mm diameter paraxial channels filled with different
sets of diluted solutions of different contrast agents. Fig. 4 shows the pattern of the channels
and their contents for the 18-cm phantom; Table 2 lists the concentrations of iodine and
gadolinium in different channels. The Gd agent was Magnevist [17], a brand of
gadopentetate dimeglumine with a chemical composition of C3HsGdNO,,. The individual
measurements are described below.

4.1. Gadolinium image contrast - MECT vs. CCT

The 18-cm phantom was imaged with MECT at above and below the Gd K-edge,
50.34 and 50.10 keV. Fig. 5 shows the above- (top) and below-edge (middle) images, as
well as the subtracted image (bottom). The phantom was also imaged-with CCT at 120 kVp
(not shown). The experimental MECT images were obtained at 2 rad surface dose and
3 mm slice height, using a Hanning filter at a 0.6 cutoff frequency; the image noises in the
two direct images were 2 HU.

Table 3 summarizes image contrast and noise obtained with MECT and CCT
experimentally or by simulations for the 1600 pg Gd/ml-channel in the phantom described
above. It also includes simulated CNR. MECT’s experimental results are given only for
above Gd’s K-edge, while MECT’s simulations also included 60.5 keV, which was the mean




spectral energy of the CCT’s 120 kVp beam. Simulations for both MECT and CCT were
;nade at 3 rad surface dose and 3-mm slice height, using a Hanning filter at a 0.6 cutoff
requency.

We note that in Fig. 5 that five sequential Gd channels in one set (the horizontal one,
going from left to right for decreasing concentrations) can be differentially visualized from
each other. This means that the image sensitivity is ~ 100 ug Gd/cc. Scaling the CNR of
76 obtained for 1600 ug Gd/ml to 100 ug Gd/ml, we find that the minimal observable
concentration corresponds to a CNR of 4.8, which is compatible with Rose’s condition [18]
that set the detectable CNR to S.

We also note from Table 3 that the MECT/CCT ratio of CNR is 2.8:1.0 for 50.3 keV
MECT and 2.3:1.0 for 60.5 keV MECT.

4.2. Iodine image contrast - MECT vs. CCT

The 13.5 cm phantom with iodine concentrations ranging from 240 to 0 pg I/ml was
used for these experiments and simulations. MECT’s images were obtained at above the
iodine K-edge, 33.25 keV, and at 43 keV; CCT images were taken at 80 and 100 kVp.
Table 4 summarizes our results for image contrast for the 240 pg I/ml channel in the
phantom, and for image noise. The table includes also data on CCT’s experimental image
contrast for 120 kVp, 8 HU, which was scaled from the 42 HU result obtained with the
1200-pug I/ml channel of the 18-cm phantom.

We note that the ratio of the image contrast in MECT (at 33.25 keV) to that in CCT
(at 120 kVp) is 3.1:1.0.

4,3. Tissue contrast - MECT vs. CCT

As indicated in Table 3, the simulated noises in the 18-cm phantom were the same for
the 60.5-KeV-MECT and the 120-kVp-CCT images obtained at equal surface doses.
However, the effective mean spectral energg: of the beams throughout the phantom in these
two images is not the same because the 120-kVp beam hardens 1n traversing the subject. To
quantify this effect simulations were carried out using an 18-cm diameter cylindrical water
phantom with two cylindrical, 6-mm diameter, paraxial bone inserts, one at the phantom’s
center and one positioned at the edge, 7 cm from the phantom’s center. The image contrast
for each bone was simulated with 120-kVp CCT and 60.5-keV MECT (i.e. the same mean
spectral energy). The results, summarized in Table 5, indicate the following residual beam-
hardening ef?ects. First, the bone contrast obtained with CCT is lower than that expected
from the incident beam in average by 100 HU; this corresponds to a beam hardening of
2.75 keV. Second, the bone contrast decreases by = 20 HU going from the edge of the
phantom to its center, which corresponds to a differential beam hardening of 0.5 keV.

5. Summary and Discussion

MECT’s image noise in all images presented is lower than that of CCT.
Furthermore, regarding imagin% with contrast agents We reached the following conclusions. “
First, with the monochromatic beam tuned just above the K-edge of the contrast element, '

MECT has a significant advantage in image CNR compared to CCT. The quantitative
advantage in image contrast in our particular geometry, with CCT operating at 120 kVp, was
3.1:1.0 for iodine and 2.1:1.0 for gadolinium. Second, for the same volume of contrast
agent reaching the target organ, Gd has a larger image contrast than iodine when both are




imaged with CCT at 120 kVp. This judgement comes from the fact that the CCT’s
measured image contrast at 120 kVp for the fhantom’s. 1600 pg Gd/ml-channel was 64 HU
for CCT, while that for 1200 ug I/ml was 42 HU (which relates to 56 HU for 1600 pg
I/mlg, i.e. an advantage of ~ 1,16:1.00 for Gd. On the other hand, Gd with monochromatic
CT has an 2.5:1.0 advantage in image contrast over iodine with CCT (138 and 56 HU,
respectively for imaging 1600 xg Gd/ml).

The advantages of MECT in tissue imaging with no contrast agent come about in two
ways. First, the effective beam energy of MECT for the same subject dose and image noise
is smaller than CCT, causing a larger differentiation between two tissues differing from each
other in their effective mean atomic numbers. Second, MECT’s constant and known
effective beam energy throughout the image makes it a highly quantitative system.

MECT’s first clinical studies will be dual-energy quantitative CT (i.e. dual photon
absorptiometry) for imaging the composition of carotid artery plaques, and CT angiography
using iodine or gadolinium contrast agents.
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kVp setting

Table 1

HVL, in mm of Al Spectral mean energy

Estimated beam's

(keV) filtration
80 c 4,23 42.8 2.5 mm Al
100 5.75 55.1 2.5 mm Al + 0.125 mm Cu
120 7.05 60.5 2.5 mm Al + 0.125 mm Cu
Table 2

Concentration of I and Gd in the phantom’s channels

Todine Concentrations

oS W

Gadolinium Concentrations

1200 pg/ml A: 1600
850 ug/ml B: 800
575 pg/ml C: 400
350 pug/ml D: 200
200 pg/ml E: 100
100 pg/ml F: 50

50 upg/ml G: 25
0 ug/ml H: 0
Table 3

pg/ml
pg/ml
pg/ml
pg/ml
pg/ml
pg/ml
pg/ml
pg/ml

Image Contrast for 1600 ug Gd/ml and Image Noise

System Beam Energy

MECT 50.34 keV
60.5 keV
CCT 120 kVp

Experimental ~ Simulated Simulated
Contrast Noise Contrast Noise CNR
(HU) (HU) (HU) (HU)
138 2.0° 137 1.4 98
- - 98 1.2 82
64 - 66 1.9 35

* Different parameters

from the simulations




Table 4
Image Contrast for 240 ug I/ml and Image Noise

System Beam Energy Experimental Simulated Simulated Simulated
Contrast (HU) Contrast (HU) Noise (HU) CNR
MECT 33.25 keV 26 26 1.3 20.0
43.0 keV 18 17 1.0 17.0
CCT 80 kVp 13 12 1.3 9.2
100 kVp 9 9 1.2 7.5
120 kvVp 8.4 8 0.9 8.9
Table 5

Bone Contrast simulated inside an 18-cm Water Phantom

System Contrast On Phantom’s center On Phantom's edge
for incid. Contrast Effective En. Contrast Effective En.
beam (HU) (HU) (keV) (HU) (keV)

MECT at 60.5 keV 1431 1429 . 60.56 1433 60.46

CCT at 120 kVp Not defined” 1304 63.52 1324 63.03

* The term is not meaningful as the contrast depends on the subject’s size

sz



Fig.

Fig.

Fig.

Fig.

Fig.

Figure Captions

X-ray total attenuation coefficients in gadolinium superimposed on
a 120-kVp beam energy spectrum.

X-ray total attenuation coefficients in iodine superimposed on
a 120-kVp beam energy spectrum.

X-ray total attenuation coefficient is bone and soft tissue.

Pattern of chamnels filled with different Gd and I solutions in the
18-cm phantom (see Table 2).

MECT images of the 18-cm phantom: above the Gd edge (top), below the
edge (center), and subtracted (bottom).
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