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Purpose: To evaluate the image quality of virtual monochromatic images synthesized from dual-

source dual-energy computed tomography (CT) in comparison with conventional polychromatic

single-energy CT for the same radiation dose.

Methods: In dual-energy CT, besides the material-specific information, one may also synthesize

monochromatic images at different energies, which can be used for routine diagnosis similar to con-

ventional polychromatic single-energy images. In this work, the authors assessed whether virtual

monochromatic images generated from dual-source CT scanners had an image quality similar to

that of polychromatic single-energy images for the same radiation dose. First, the authors provided

a theoretical analysis of the optimal monochromatic energy for either the minimum noise level or

the highest iodine contrast to noise ratio (CNR) for a given patient size and dose partitioning

between the low- and high-energy scans. Second, the authors performed an experimental study on a

dual-source CT scanner to evaluate the noise and iodine CNR in monochromatic images. A thoracic

phantom with three sizes of attenuating rings was used to represent four adult sizes. For each phan-

tom size, three dose partitionings between the low-energy (80 kV) and the high-energy (140 kV)

scans were used in the dual-energy scan. Monochromatic images at eight energies (40 to 110 keV)

were generated for each scan. Phantoms were also scanned at each of the four polychromatic single

energy (80, 100, 120, and 140 kV) with the same radiation dose.

Results: The optimal virtual monochromatic energy depends on several factors: phantom size, par-

titioning of the radiation dose between low- and high-energy scans, and the image quality metrics

to be optimized. With the increase of phantom size, the optimal monochromatic energy increased.

With the increased percentage of radiation dose on the low energy scan, the optimal monochro-

matic energy decreased. When maximizing the iodine CNR in monochromatic images, the optimal

energy was lower than that when minimizing noise level. When the total radiation dose was equally

distributed between low and high energy in dual-energy scans, for minimum noise, the optimal

energies were 68, 71, 74, and 77 keV for small, medium, large, and extra-large (xlarge) phantoms,

respectively; for maximum iodine CNR, the optimal energies were 66, 68, 70, 72 keV. With the

optimal monochromatic energy, the noise level was similar to and the CNR was better than that in

a single-energy scan at 120 kV for the same radiation dose. Compared to an 80 kV scan, however,

the iodine CNR in monochromatic images was lower for the small, medium, and large phantoms.

Conclusions: In dual-source dual-energy CT, optimal virtual monochromatic energy depends on

patient size, dose partitioning, and the image quality metric optimized. With the optimal mono-

chromatic energy, the noise level was similar to and the iodine CNR was better than that in

120 kV images for the same radiation dose. Compared to single-energy 80 kV images, the

iodine CNR in virtual monochromatic images was lower for small to large phantom sizes.VC 2011
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I. INTRODUCTION

In dual-energy computed tomography (CT), besides obtain-

ing material-specific information,1–3 it is necessary to gener-

ate a single set of images that can be used as the basis for

routine diagnosis, similar to conventional polychromatic

single-energy CT images.4–8 In order to fully utilize the radi-

ation dose and optimize the image quality, such a single set

of images should be a combination of the low- and high-

energy data acquired in the dual-energy scan. One common

approach to generating a single set of images for routine

diagnosis is to linearly mix the low- and high-energy images

after image reconstruction.6–8

Another approach to generating such a single set of

images is to synthesize virtual monochromatic images using

dual-energy projection data. This approach was described in

the original work by Alvarez and Macovski,1 which involves

a basis material decomposition in the projection domain and

a linear combination of the density maps of the basis
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materials in the image domain. In principle, such a process

can remove beam-hardening artifacts and provide quantita-

tive information on the imaged anatomy.9 Reduced beam-

hardening artifacts are considered one of the main benefits

of monochromatic dual-energy CT images.1,10

Dual-source CT scanners, with two source-detector systems,

are currently used for many clinical dual-energy applica-

tions,3,4,11 including automatic bone removal,3 stone composi-

tion characterization,12–14 virtual noncontrast imaging,15 and

diagnosis of gout.16 However, in helical mode, the projection

data collected by the two source-detector systems are in a

double-helix geometry in which the two helical trajectories

have an approximately 90� phase difference and the projections

from the low- and high-energy scans are not coincident with

each other (Fig. 1). Because of this, it is challenging to perform

dual-energy processing in the projection domain. Iterativemeth-

ods have been proposed to solve this problem, though have not

been implemented in practice.17 All current dual-energy proc-

essing methods available on dual-source CT scanners are based

upon the low- and high-energy images after reconstruction.

Using the dual-energy images after reconstruction, it is still

possible to create virtual monochromatic images at different

energies. Although single-energy based beam hardening cor-

rection techniques are usually applied to the low- and high-

energy images prior to creating monochromatic images, those

correction techniques are not perfect. Even with some

advanced iterative beam hardening correction methods, residue

artifacts may still exist after correction when the exact knowl-

edge of the physical model (spectrum, detector, materials) is

not available.18 Therefore, virtual monochromatic images cre-

ated in the image domain may still contain beam hardening

artifacts propagated from the low- and high-energy images

when there is imperfect correction. The purpose of creating

monochromatic images in the image domain is not primarily to

eliminate beam-hardening artifacts but to generate a single

optimized set of images for routine diagnosis. Either the con-

trast, noise, or contrast to noise ratio (CNR) can be optimized

by careful selection of the virtual monochromatic energy, the

choice of which depends on the required diagnostic task.

There are two important questions to answer for using

monochromatic images in dual-source dual-energy CT. First,

what is the optimal monochromatic energy for maximizing

contrast, minimizing noise, or maximizing CNR? Second,

how does the quality of virtual monochromatic images com-

pare with conventional single-energy CT images acquired

with polychromatic x-ray beams and the same radiation

dose? If the image quality is the same or better, then mono-

chromatic images can be used as the basis for routine diag-

nosis without requiring more radiation dose.

The purpose of this work is to provide a theoretical frame-

work and phantom study to answer the above two questions.

We first provide a link between linearly mixed images and the

monochromatic images synthesized from dual-energy scans.

This link demonstrates that the optimal monochromatic

energy, corresponding to an optimal weighting factor for the

low-energy image, exists for either minimizing noise or maxi-

mizing iodine CNR. We perform a phantom study on a dual-

source CT scanner to show that the optimal monochromatic

energy depends on patient size, radiation dose partitioning,

and the image quality metric to be optimized, as predicted by

theoretical analysis. Finally, we compare image quality from

conventional polychromatic single-energy CT scans at differ-

ent tube potentials to optimized virtual monochromatic

images acquired using the same radiation dose level.

II. METHODS

II.A. Image-based monochromatic imaging

In principle, monochromatic images are created in the pro-

jection domain where x-ray spectra and detector response can

be incorporated and the beam hardening effect can be inher-

ently reduced. As explained in the Introduction, it is challeng-

ing to perform dual-energy processing in the projection

domain for dual-source CT data acquired in a helical mode.

Despite that, one can still approximately create virtual

monochromatic images based on reconstructed low- and high-

energy images. Assuming the effective mass attenuation coef-

ficients of the two basis materials at low and high-energy scans

are l

q

� �j

i
, j ¼ L;H, i ¼ 1; 2, the linear attenuation coefficients

at low- and high-energy scans after image reconstruction can

be expressed as a linear combination of the effective mass

attenuation coefficients of the two basis materials9,19

l
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Solving the two linear equations, one obtains the mass den-
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The monochromatic image at energy E is given by

FIG. 1. (a) Dual-source CT geometry. (b) A double helix trajectory formed

by a helical scan in a dual-source geometry. Because the projection data

from source A and source B are never coincident with each other during the

helical scan, it is difficult to perform a dual-energy processing in projection

data domain. This is one of the reasons why the monochromatic images are

currently generated in image space for dual-source CT.

6372 Yu et al.: Monochromatic imaging in dual-source dual-energy CT 6372

Medical Physics, Vol. 38, No. 12, December 2011
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l

q
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ðEÞq2: (3)

Rewriting the linear attenuation coefficients in Eq. (3) in

terms of CT number and assuming one of the basis material

is water, one can show that the monochromatic image at

energy E can be expressed as a weighted average of the

images at low- and high-energy scans, which is given by

CTðEÞ ¼ wðEÞ � CTL þ ½1� wðEÞ� � CTH; (4)

where the weighting factor is given by

wðEÞ ¼
l1ðEÞ � l

H
2 � l2ðEÞ � l

H
1

l
L
1 � l

H
2 � l

H
1 � lL2

�
l
L
2

l2ðEÞ
: (5)

Thus, the monochromatic image generated from image space

data is simply a linear combination of the two CT images at

low and high energies, where the sum of the two weighting

factors equals 1.

II.B. Optimal monochromatic energy for CNR and noise

An optimal monochromatic energy exists that yields ei-

ther the highest CNR or the lowest noise in the monochro-

matic image. We define the standard deviations of CT

numbers in the background and signal regions for low- and

high-energy images as rj;b, and rj;s, j ¼ L;H. The contrast

(the absolute difference of the CT numbers between the sig-

nal region and background region) for the low- and high-

energy images is denoted by Cj (j ¼ L;H). As shown in our

previous work,6 the weighting factor for the lowest back-

ground noise level in the linearly mixed image is given by

wmr ¼
r
2
H;b

r
2
L;b þ r

2
H;b

; (6)

and the weighting factor for the highest CNR in the linearly

mixed image is given by

wmCNR ¼
CLðr

2
H;s þ r

2
H;bÞ

CLðr2H;s þ r
2
H;bÞ þ CHðr2L;s þ r

2
L;bÞ

: (7)

The optimal weighting factor for either the lowest noise

[Eq. (6)] or the highest CNR [Eq. (7)] corresponds to an opti-

mal monochromatic energy, which can be obtained by solving

the equation of either

wðEÞ ¼ wmr; (8)

for the minimum noise, or

wðEÞ ¼ wmCNR; (9)

for the maximum CNR. Applying Eqs. (5) and (6) in Eq. (8)

and assuming the noise level in background and signal

regions is the same: rj;s ¼ rj;b ¼ rj (j ¼ L;H), the optimal

monochromatic energy for the minimum noise satisfies
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Applying Eqs. (5) and (7) in Eq. (9), the optimal monochro-

matic energy for the maximum CNR satisfies
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As can be seen from Eqs. (10) and (11), the optimal mono-

chromatic energy depends on the noise levels of the low-

and high-energy images, which are subsequently determined

by the patient size and the dose partitioning between low-

and high-energy scans for a given total radiation dose. For

maximizing CNR, the optimal energy also depends on the

contrast ratio between high and low-energy images. Using

the measured noise and contrast at low- and high-energy

images, one can readily predict the optimal monochromatic

energy for minimizing noise or maximizing CNR.

II.C. Experimental study

The experimental setup is similar to that described in our

previous work.6 A semi-anthropomorphic thoracic phantom

(Cardio CT, QRM, Moehrendorf, Germany) and three addi-

tional layers of attenuation were used to represent the tho-

racic region of small, medium, large, and xlarge adults (Fig.

2). Two of these layers were attenuating rings that fit

securely around the thorax phantom. The final layer of

attenuation was provided by tissue-equivalent bolus material

(Superflab, Radiation Products Design, Albertville, MN).

Two syringes, one with an iodine concentration of 3.5

mg=ml and the other with 7.0 mg=ml, were placed in the car-

diac region of the thorax phantoms to allow measurements

of iodine signal within a water background.

Both the dual-energy and single-energy scans were per-

formed with a dual-source CT scanner (Definition, Siemens

Healthcare, Forchheim, Germany). For the single-energy

images, scans were acquired using one x-ray tube [50 cm

FIG. 2. A semi-anthropomorphic thoracic phantom and three additional

attenuation layers were used to represent the thoracic region of small, me-

dium, large, and extra-large adults. Two syringes with an iodine concentra-

tion of 3.5 mg=ml and 7.0 mg=ml were placed in the water-filled cardiac

regions of the phantoms. The dotted circle on each phantom represents the

ROI where the background noise level was measured.
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field-of-view (FOV)]. For each phantom, four single-energy

scans at 80 kV, 100 kV, 120 kV, and 140 kV were performed,

each having the same radiation output, expressed by CTDIvol,

as in a typical clinical protocol performed at 120 kV. Note that

all the terms, radiation dose or dose, used in this article refer to

the radiation output from the scanner, quantified by CTDIvol

with a standard 32 cm CTDI phantom. Automatic exposure

control (CAREDose4D, Siemens Healthcare, Forchheim, Ger-

many) was turned on to allow for automatic tube current mod-

ulation along the z axis and angularly about the phantoms

during each scan. The CTDIvol were 8.4 mGy, 13.0 mGy,

22.6 mGy, and 29.7 mGy for small, medium, large, and xlarge

phantoms, respectively. Limited by the maximum tube current,

the CTDIvol of the 80 kV single-energy scan for the xlarge

phantom (27.0 mGy) was slightly lower than scans at other

energies (29.7 mGy). We adjusted the measured noise level

(multiplied by
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi

29:7=27
p

¼ 1:05) to account for this slightly

lower dose. For the dual-energy scan, the scanner was operated

with one x-ray tube at 140 kV (50 cm FOV) and the other at

80 kV (26 cm FOV). For each phantom size, three dual-energy

scans having the same CTDIvol as in the single-energy scans

were acquired using different dose partitionings between

80 kV and 140 kV tubes. The fraction of dose applied to the

80 kV tube (as a percentage of the total CTDIvol) was 30%,

50%, and 70%. The rotation time was 1 s for all scans. The de-

tector collimation was 24� 1.2 mm for single-energy scans

and 14� 1.2 mm for dual-energy scans. Images were recon-

structed with a B30 kernel for single-energy scans and a D30

kernel for dual-energy scans at 5 mm slice thickness and 2 mm

intervals. The “D” kernel was a dedicated dual-energy kernel.

II.D. Data analysis

For each dual-energy image dataset (140 kV and 80 kV),

the CT numbers of the iodine samples and the water back-

ground, and the noise in the background, were measured and

averaged over six adjacent images. The location where the

background noise was measured was labeled in Fig. 2. Mono-

chromatic images at eight energies (40 to 110 keV) were gen-

erated (Syngo Dual Energy, DE application

“monochromatic,” Siemens Healthcare). The software allows

a wider range of monochromatic energies from 40 to 190 keV.

A narrower range (40 to 110 keV) was investigated in this

study because this range is already sufficiently large to show

the main characteristics of monochromatic images in compari-

son with single-energy scans. For each monochromatic image

dataset, the CT numbers of the iodine samples and water back-

ground, and the noise in the background, were measured in the

same fashion as in the dual-energy image datasets. The iodine

CNR for each dataset was calculated based on the contrast and

noise measurements. This process was repeated for each dose

partitioning. For comparison, the corresponding noise and io-

dine CNR in single-energy images at 80 kV, 100 kV, 120 kV,

and 140 kV were also measured and calculated.

III. RESULTS

III.A. Contrast

Example monochromatic images at energies from 40 to

110 keV are shown in Fig. 3. Iodine contrast as a function of

monochromatic energy for each phantom is plotted in the left

panel of Fig. 4. For comparison, iodine contrast as a function

of polychromatic single energy for each phantom is displayed

in the right panel of the same figure. As can be seen, iodine

contrast increases with a decrease of monochromatic energy

or polychromatic energy. Monochromatic images provided a

relatively consistent iodine CT number across phantom sizes,

while polychromatic single-energy images show larger differ-

ences across phantom sizes, with less contrast for larger phan-

toms, primarily due to the beam-hardening effect. The current

beam-hardening correction method available on the scanner

does not fully take into account the effect of iodine.20 In the

presence of iodine, there is an under-correction. With the

increase of the effective energy in larger phantom sizes,

the inherent iodine contrast relative to water decreases and the

beam-hardening correction does not completely correct for it.

For monochromatic images, the increase of the effective

energy for larger phantoms is taken into account during the

calibration for generating the monochromatic images, which

resulted in more consistent CT numbers at the same mono-

chromatic energy across different phantom sizes.

III.B. Noise

Noise as a function of monochromatic energy for each

phantom is plotted in the left panel of Fig. 5. Plotted in

FIG. 3. An example of monochromatic images from

40 keV to 110 keV created from a dual-energy scan.

Display window level and width are 40 HU and

400 HU, respectively.
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the right panel of the same figure is the noise as a function

of polychromatic energy for each phantom. For simplicity,

only the results for equal dose partitioning are shown here.

To obtain minimum noise, optimal monochromatic ener-

gies were 68, 71, 74, and 77 keV for small, medium, large,

and x-large phantom sizes, respectively. At these mono-

chromatic energies, the noise level was similar to that of a

single-energy scan at 120 kV having the same radiation

dose.

III.C. Iodine CNR

Iodine CNR as a function of monochromatic energy for

each phantom is plotted in the left panel of Fig. 6. Plotted in

the right panel of the same figure is the iodine CNR as a

function of polychromatic single energy for each phantom.

For simplicity, only the results for equal dose partitioning

are shown. To obtain maximum iodine CNR, the optimal

monochromatic energies were 66, 68, 70, 72 keV for small,

medium, large, and x-large phantom sizes, respectively. At

these energies, iodine CNR was better than that of a single-

energy scan at 120 kV having the same radiation dose.

Compared to an 80 kV scan, however, the CNR in mono-

chromatic images was lower than in 80 kV polychromatic

images for the small, medium, and large phantoms.

III.D. Monochromatic energy and linear weighting
factor

According to Eq. (4), the monochromatic image at energy

E is a weighted average of the low- and high-energy images,

with the weighting factors determined by energy E and the

effective energies of the low- and high-energy scans. Figure 7

plots the weighting factor of the low-energy image as a func-

tion of monochromatic energy. The weighting factor was a

monotonic function of the monochromatic energy for each

phantom size. To create monochromatic energy images

between the effective energies of the low- and high-energy

beams, the weighting factor must be between 0 and 1; to cre-

ate monochromatic energy images below the effective

energy of the low-energy beam, the weighting factor must be

greater than 1; to create monochromatic energy images

above the effective energy of the high-energy beam, the

weighting factor must be less than 0.

Using the weighting factors, we calculated monochro-

matic images at each energy for each phantom using Eq. (4)

and then derived the noise and iodine CNR as functions of

monochromatic energy. In order to synthesize the virtual

monochromatic images, the effective energy has to be deter-

mined for each kV and phantom. We empirically adjusted

the effective energy for each phantom size until both the

FIG. 5. Noise as a function of monochromatic energy for the four phantom sizes (left panel). For comparison, noise levels at different polychromatic single

energies are also displayed in the right panel. Note that the radiation doses in terms of CTDIvol are matched for each phantom size. The radiation dose allo-

cated to 80 kV in the dual-energy scan was 50%.

FIG. 4. Left panel: Iodine contrast as a function of monochromatic energy for the four phantom sizes. Right panel: iodine contrasts at different polychromatic

single energies for the four phantom sizes.
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CNR curve and the noise curve matched to those obtained

from the scanner. The criterion of agreement was that the

mean difference between predicted and measured CNR and

noise for each phantom size was within 5%. When the effec-

tive energy of 80 kV was 59.8, 60.5, 61.4, 62.6 keV, and the

effective energy of 140 kV were 81.5, 83.8, 86.1, 89.0 keV

for small, medium, large, and xlarge phantoms, respectively,

the calculated noise and iodine CNR as functions of mono-

chromatic energy agreed with the measurement from the

scanner, as shown in Figs. 8 and 9. The percent difference for

CNR was 2.2%6 1.7%, 1.6%6 0.7%, 4.0%6 2.0%, and

2.1%6 1.3% for small, medium, large, and xlarge phantoms,

respectively. The percent difference for noise was

1.6%6 1.3%, 1.1%6 0.8%, 3.2%6 1.6%, and 1.9%6 1.2%

for small, medium, large, and xlarge phantoms, respectively.

III.E. Influence of dose partitioning between low and
high energies

Dose partitioning between low and high energies in dual-

energy scans has an impact on the optimal monochromatic

energy, as shown in Eqs. (10) and (11). We performed the

same data analyses as above for dose fractions to the 80 kV

scans at 30% and 70% of the total applied dose. The optimal

monochromatic energies yielding the minimum noise and the

maximum iodine CNR are shown in Figs. 10 and 11, respec-

tively. Based on Eqs. (8) and (9), we calculated the optimal

monochromatic energy as a function of dose fraction to

80 kV in dual-energy scans for the four phantom sizes. The

calculated optimal monochromatic energies for minimizing

noise and maximizing CNR were also displayed in Figs. 10

and 11, respectively, which agreed with those obtained from

the monochromatic images synthesized on the scanner.

The differences between the calculated optimal mono-

chromatic energies and those obtained from the monochro-

matic images synthesized on the scanner were very small.

For maximum CNR, the mean absolute difference of the

optimal monochromatic energy was 0.64 keV, 0.53 keV,

0.59 keV, and 0.51 keV for small, medium, large, and xlarge

phantoms, respectively. For minimum noise, the mean abso-

lute difference of the optimal monochromatic energy was

0.85 keV, 0.22 keV, 0.94 keV, and 0.62 keV for small, me-

dium, large, and xlarge phantoms, respectively. These differ-

ences may be due to the imperfect match between the

effective energy for each phantom size and the calibration

performed on the scanner software, but within a very small

range (less than 1 keV).

IV. DISCUSSION

To date, no studies have systematically evaluated the

image quality of virtual monochromatic images generated

from dual-source, dual-energy scans and compared it with

that from single-energy CT scans acquired at various tube

FIG. 6. Iodine CNR as a function of monochromatic energy for the four phantom sizes (left panel). For comparison, iodine CNR at different polychromatic sin-

gle energies are also displayed in the right panel. Note that the radiation doses in terms of CTDIvol are matched for each phantom size. The radiation dose allo-

cated to 80 kV in the dual-energy scan was 50%.

FIG. 7. Weighting factor for 80 kV image as a function of monochromatic

energy for the four phantom sizes, where the effective energies of the low

and high kV were different.

FIG. 8. Comparison of calculated and measured noise in monochromatic

images as a function of energy for the four phantom sizes. The radiation

dose fraction allocated to 80 kV in the dual-energy scan was 50%.
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potentials but using the same radiation dose. The noise prop-

erties of virtual monochromatic images were studied in a

very early work by Alvarez and Seppi.21 They found that a

minimum noise exists, corresponding to a certain monochro-

matic energy. They concluded that similar noise levels could

be achieved by monochromatic images and conventional

polychromatic images for the same radiation dose, which is

consistent with the results of our study. However, they did

not evaluate the use of CNR as the image quality metric.

The effect of patient size was also not evaluated. Their ex-

perimental verification has limited applicability to modern

dual-energy CT systems, particularly dual-source CT sys-

tems, due to the now obsolete CT technology used.

Matsumoto et al. evaluated the noise and iodine CNR in

virtual monochromatic images on a single-source CT scan-

ner using a fast-kV switching dual-energy technique.22 They

compared monochromatic images to only 120 kV single-

energy images and evaluated only one setting of dose parti-

tioning and one phantom size. No theoretical analysis was

included. In another article, Goodsitt et al. evaluated the CT

number and effective atomic number measured in mono-

chromatic images obtained with a fast-kV switching dual-

energy technique.10 However, there was no evaluation per-

formed on noise or CNR in comparison to single-energy

scans at typical tube potentials.

Creating mixed images from low- and high-energy

images using both linear and nonlinear weightings is used in

dual-source, dual-energy CT to provide a single set of

images for routine diagnosis.5–8 We previously evaluated the

image quality of linearly mixed images created from dual-

source, dual-energy CT in comparison with single-energy

CT.6 In this work, we demonstrate the relationship between

a virtual monochromatic image and a linearly mixed image

created from a dual-source, dual-energy scan. Using this

relationship to extend our previous analysis, the linear com-

bination of low- and high-energy images that minimizes

noise or maximizes CNR is expressed in terms of an optimal

monochromatic energy.

More importantly, the current work compared the noise

and iodine CNR values at different monochromatic energies

to values obtained using the same dose with conventional

polychromatic single-energy CT scans at different tube

potentials. The effect of several important technical factors,

including patient size, dose partitioning, and image quality

metric to be optimized, were considered in this evaluation.

This systematic evaluation provides essential information for

the selection of optimal scanning techniques.

In the past few years, use of lower tube potentials in

single-energy CT (relative to 120 kV) has been suggested as

a method for improving image quality or reducing radiation

dose,23–28 and a strategy to automatically select the optimal

tube potential for radiation dose reduction has been pro-

posed.29 Now, with dual-energy CT and monochromatic

image synthesis, yet another type of image can be provided

to the interpreting physician. The results of this study pro-

vide important information for physicists, technologists, and

imaging physicians regarding how the image quality at an

optimal virtual monochromatic energy compares with that at

an optimal polychromatic tube potential for the same radia-

tion dose as a function of patient size.

The results of our study demonstrate how the optimal

monochromatic energy depends on several factors: phantom

size, partitioning of the radiation dose between low- and

high-energy scans, and the image quality metrics to be opti-

mized. With the increase of phantom size, the optimal

FIG. 9. Comparison of calculated and measured iodine CNR in monochro-

matic images as a function of energy for the four phantom sizes. The radia-

tion dose fraction allocated to 80 kV in the dual-energy scan was 50%.

FIG. 10. Optimal monochromatic energy yielding the minimum noise as a

function of dose fraction to 80 kV in dual-energy scans for the four phantom

sizes. Both results measured on the monochromatic images and calculated

from Eq. (8) were shown.

FIG. 11. Optimal monochromatic energy yielding the maximum CNR as a

function of dose fraction to 80 kV in dual-energy scans for the four phantom

sizes. Both results measured on the monochromatic images and calculated

from Eq. (9) were shown.
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monochromatic energy increased, mainly due to additional

beam hardening in larger phantoms. With the increased per-

centage of radiation dose being applied to the lower energy,

the optimal monochromatic energy decreased. To maximize

the iodine CNR in monochromatic images, the optimal

energy was lower than that to minimize the noise level. This

can be explained by the favorable increase in iodine contrast

and unfavorable increase in noise at lower energy, which

requires a higher weighting factor on lower energy images

for maximizing iodine CNR than for minimizing noise.

The comparison between monochromatic images and

conventional polychromatic single-energy images at differ-

ent tube potentials for the same radiation dose has important

practical implications. With optimal monochromatic ener-

gies, the noise level was similar to that of a single-energy

scan at 120 kV for all phantom sizes included in this study

(Fig. 5). With respect to iodine CNR, monochromatic images

were similar to or better than single-energy images at

120 kV for the same radiation dose (Fig. 6). Therefore, if

dual-energy CT is performed to obtain material-specific in-

formation, monochromatic images synthesized from the

dual-energy scan can provide image quality equivalent or

better than at 120 kV with no increase in radiation dose.

However, comparing virtual monochromatic images from

dual-energy CT to polychromatic single-energy CT at other

tube potentials, the conclusions regarding optimal settings

are very dependent on patient size. Iodine CNR in virtual

monochromatic images from dual-energy CT was lower than

for single-energy 80 kV images for the small, medium, and

large phantom sizes. Therefore, if there is no desire to obtain

material-specific information from the dual-energy scan, it is

better to simply perform a conventional single-energy scan

at the optimal tube potential, which for a given patient size

and diagnostic task can reduce radiation dose and=or
improve image quality.27,29,30

V. CONCLUSIONS

The image quality of monochromatic images synthesized

from a dual-energy CT scan was evaluated and compared to

that of single-energy CT scans at the same radiation dose. At

optimal monochromatic energies, the noise level was similar

to and the iodine CNR was better than that of 120 kV images

having the same radiation dose. Compared to single-energy

80 kV images, the iodine CNR in virtual monochromatic

images was lower for small to large phantom sizes.
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