Comparison of Three Different Techniques for Dual-Energy
Subtraction Imaging in Digital Radiography:
A Signal-to-Noise Analysis

Chris C. Shaw and David Gur

Dual-energy subtraction imaging techniques allow the
tissue and bone structures in the patient to be visual-
ized and studied in two separate images, thus remov-
ing the obscurity associated with overlapping of the
two structures. In addition, they allow the subtraction
image signals to be used for quantifying the tissue and
bone thicknesses. Thus, capability for dual-energy
subtraction imaging is often incorporated with new
digital radiography systems. There are three different
approaches to dual-energy image subtraction imaging
techniques. Among them, the dual-kilovolt {peak)
[kV(p)] and sandwich detector techniques have been
two widely used approaches. A third approach is the
single-kV(p) dual-filter technique, which allows some
flexible control of the spectra while avoiding the
technical complexity of kV(p) value switching in slit-
scan imaging. In this report, the noise properties
associated with these three techniques are studied
and compared by computing the noise variances in the
subtraction image signals as a function of the kV(p)
values and filter thicknesses. It was found that the
dual-kVp technique results in the least noisy subtrac-
tion images, whereas the dual-filter technique results
in slightly less noisy subtraction images than the
sandwich detector technique. Following optimization
of the kV(p) value and filter thicknesses, the dual-filter
and sandwich detector techniques result in a noise
level of approximately three and four times higher
than that resulted from the dual-kV{p) technique,
respectively.

Copyright © 1992 by W.B. Saunders Company

KEY WORDS: medical imaging, digital radiography,
dual-energy subtraction imaging.

DVANCES IN DIGITAL radiography tech-
niques in the past decade have opened the
door to the implementation of various image
acquisiton, processing, storage, and display ca-
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pabilities that have been difficult if not impossi-
ble with the conventional screen-film tech-
niques. One such capability is the dual-energy
subtraction imaging technique. With this tech-
nique, low- and high-energy x-ray spectra are
used to acquire two images, which are synthe-
sized into a tissue-specific image and a bone-
specific image. In the tissue-specific image, the
bone structures are canceled out. Similarly, in a
bone-specific image, the tissue structures are
canceled out. This background cancellation has
been shown to improve the clarity of the anatom-
ical details in general and to aid certain diagnos-
tic tasks, the most notable example being the
detection of lung nodules overlapping with ribs
in chest imaging.! Various techniques for imple-
menting the dual-energy subtraction imaging
capability have been investigated.

TECHNIQUES FOR DUAL-ENERGY
SUBTRACTION IMAGING

Dual-Kilvolt (Peak) Technique

With the dual-kilovolt (peak) [kV(p)] tech-
nique, the low- and high-energy spectra are
generated at two different kV(p) levels requir-
ing two separate exposures for low- and high-
energy image acquisition. This can be achieved
by performing the entire image-acquisition pro-
cedure at two different kV(p) levels. The dual-
kV(p) approach can be used with either broad-
area’ or slit-scan* imaging techniques. However,
when patient or anatomical motions are in-
volved, the time between the two images will
result in significant motion artifacts. With slit-
scan imaging using a linear detector array, it is
possible to rapidly switch the kV(p) level during
acquisition of each image line to minimize the
motion artifacts. Because of its complexity, it
has only been successfully implemented with a
low-resolution spot-scan system and has been
used mainly for bone mineral measurement.
Despite technical complexity and potential diffi-
culty, the rapid kV(p) value change seems to be
a viable approach to implementing the dual-
kV(p) technique for dual-energy subtraction
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imaging without motion artifacts. High-speed
filter change has also been used with a spot-scan
system to further improve the separation be-
tween the low- and high-energy spectra; how-
ever, it appears to be an extremely difficult task
to implement with a slit-scan imaging system.

Single kV{(p) Dual-Filter Technique

The dual-kV(p) tehcnique can be signifi-
cantly simplified by using double-slit collimation
to generate two x-ray fan beams that are inde-
pendently filtered for low- and high-energy
image acquisition. Two linear detector arrays
are required for simultaneous low- and high-
energy image acquisition during the scan. A
logical choice for filter materials would be
tungsten and copper for the low- and high-
energy beams. Copper filtration shifts the x-ray
spectrum toward the kV(p). Tungsten, on the
other hand, attenuates the overall beam inten-
sity while shifting the x-ray spectrum towards its
K-edge energy at 69.5 keV. The use of these two
filters results in the low- and high-energy spec-
tra required for dual-energy subtraction imag-
ing. Although the spectral separation achieved
with this method is not as good as with the
dual-kV(p) technique, the resulting simplifica-
tion in implementation may be worthwhile in
some applications.

Sandwich Detector Technique

The sandwich detector technique uses two
detectors separated by a filter plate for simulta-
neous low- and high-energy image acquisition.
It has been successfully used in digital radiogra-
phy techniques using either a linear detector
array’ or storage phoshors®® as the x-ray detec-
tor. With this technique, the front detector and
the interdetector filter together filter the x-ray
spectrum (already attenuated by the patient’s
tissue) and shift it toward the kV(p) level.
Because the order of attenuation and filtration
is irrelevant as far as transmission is concerned,
this is the equivalent of providing a higher-
energy spectrum for image acquisition with the
back detector. The most widely used filter
material for the sandwich detector technique is
copper. Although other materials have been
tested, the difference in the resulting image
quality is minimal.
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Selection of Techniques

The selection of a dual-energy subtraction
technique for a digital radiography system is
determined by several factors. Although the
choices are often limited by the shape, configu-
ration, and operating characteristics of the de-
tector used, there is often more than one
approach that can be used to implement the
dual-energy subtraction technique with a spe-
cific imaging system. Therefore, it is worthwhile
to compare the three techniques described for
image quality and other considerations.

The image quality of most imaging techniques
can be characterized by (1) signal response, (2)
spatial-resolution properties, and (3) noise prop-
erties or low-contrast performance. The signal
responses of a dual-energy subtraction imaging
technique are the range and linearity of tissue
and bone signals as the thickness measurement.
The signal response is crucial to quantitative
imaging studies such as bone density measure-
ment. In regular (qualitative) imaging studies,
signal response is not as important and will not
be considered in this report. The spatial-
resolution properties of dual-energy subtraction
images could be degraded in relation to the raw
images; however, the causes of such degrada-
tion are not intrinsic to the dual-energy subtrac-
tion imaging processing itself. They are mostly
related to the time lapse during image acquisi-
tion, misregistration of the detectors, or patient
motion. Our main concern in this report is to
show how the noise properties of the three
different techniques compare with each other.
Because the detectors used in a digital radiogra-
phy system are often operated in the quantum-
limited exposure range, we deal only with the
X-ray quantum noise present in the raw image
data and propagated to the subtraction images
through the subtraction algorithms.

THEORY

To study the noise properties, the noise
variances in tissue and bone subtraction images
were derived as a function of the noise ratios in
low- and high-energy x-ray measurements and
parameters computed from the attenuation co-
efficients averaged over the detected x-ray spec-
tra. Similar derivations have been previously
described and used to study effects of scatter in
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dual-energy subtraction imaging.’ The following
derivation, taking a more general approach, is
based on the use of a broad-spectrum x-ray
beam and nonlinear subtraction algorithm.

Dual-Energy Subtraction Algorithm

In dual-energy subtraction imaging, low- and
high-energy x-ray image data are processed by a
special subtraction algorithm to cancel out the
background structures and generate the tissue-
and bone-specific subtraction images. During
processing, quantum noises are propagated from
the original image data into the subtraction
images. Thus, noise level in the subtraction
images depends on three factors: noise ratio in
the raw image data, x-ray spectra, and the
subtraction algorithm used. Because polyener-
getic x-rays are assumed to be used, as in
practical applications, a nonlinear subtraction
algorithm should be used to avoid beam-
hardening effect and to ensure the accuracy of
the tissue and bone signals as the thickness
measurements. Such algorithms have been de-
veloped and reported elsewhere.!%!!1 Although
these algorithms vary in their approaches and
accuracies, for the purpose of this report the
two functions f, and f, can be determined and
used to accurately convert the x-ray densities D,
and D, into the tissue- and bone-thickness
signals t, and t, in centimeters as follows:

t, = f,(D, Dy)  (Equation 1)

and

t, = f,(D), Dy),  (Equation 2)

where, in analogy to the optical densities, the
x-ray densities D; and D, are defined to be
In{p®/p1) and In(p,°/pn), respectively, p; and p/’
are the attenuated and unattenuated signals
from the low-energy spectrum, and py, and py’
are the attenuated and unattenuated signals
from the high-energy spectrum. We also assume
that scattered radiation and any optical scatter
are properly controlled or corrected for so that
p® pi, pr, and py, represent true primary mea-
surements. Knowing the spectra of the incident
x-rays, p’ pu’, p and p, can be expressed as
follows:

P’ = f dER,;d,,(E)Q(E)  (Equation 3)
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and
P = fdERLh(bLh(E)e—ua(E)ta—uh(E)thQ(E),
(Equation 4)

where R; and R, are the unattenuated low- and
high-energy x-ray exposures in milliroentgens at
the detector plane, ¢,(E) and ¢,(E) are the
unattenuated photon flux per unit exposure per
unit energy (photons/cm?/mR/keV), and Q(E)
is the detector response function and represents
the signal generated by each photon with an
energy near E (keV). w,(EF) and ¢, are the linear
attenuation coefficients (1/cm) and thickness in
(centimeters) for soft tissue, and py(E) and ¢,
are those for bone.

During the x-ray detection process, only part
of the x-ray photon energy is converted into
fluorescent light in an x-ray scintillator. In
digital imaging, this light is directly or indirectly
(though an image intensifier and/or optical
coupling) detected by a light-sensitive imager,
eg, television target or charged-coupled device.
The rest of the x-ray photon energy is dissipated
into heat and does not conribute to image
signals. In reality, the ratio of the x-ray photon
energy that contributes to the image signals
varies slightly with the x-ray energy, E. How-
ever, for good approximation, we can assume
that this ratio is constant for all diagnostic
energies (10 to 120 keV) and Q(E) is propor-
tional to E. Thus, Equation 3 and 4 may be
rewritten as follows:

pin’ = J dER;d1,(E)eE  (Equation 5)
and
pip = J dER by 1(E)e HBlaBitgE,
(Equation 6)

where «a is a proportional constant. Thus, the
x-ray densities D) and Dy, may be expressed as a
function of t, and t,, as follows:

D, = F(t,, t,) = In[p/p|]
= In[J dER/(E)
x E/[ dER,(E)e ™ Eta-m(EI6E]
(Equation 7)
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and
Dy, = Fy(ta, ty) = In[py’/py)
= In[f dER,\(E)
X E/ f dER, dp(E)e w(El-m(ENE],
(Equation &)

The major tasks of dual-energy subtraction
imaging are to determine f (D, Dy) and f,-
(Dy, Dy) as the inverse functions for Fi(t,, t,)
and Fy(t,, t,) and to use them to convert the
pixel-by-pixel measurement of D; and Dy, into
the thickness information, t, and t,. Although it
is not absolutely necessary to convert the x-ray
signals p; and p into x-ray densities for such
conversion, such practice offers the advantage
of dealing with a dimensionless quantity. This
advantage will become clear once the noise
variance is derived.

Noise Variance

The low-contrast performance of dual-energy
subtraction images is dictated by the noise
propagated from the x-ray measurements repre-
sented by pY, p’, p; and p;. Although signals
through a known thickness of soft tissue can still
be used for calibration to lessen the dynamic
range requirement, such action may be unneces-
sary because of the superior dynamic range
available with most detectors used in digital
radiography. Thus, we can assume that p and
py? are measured as open-field air signals (ie,
without any attenuating material or patient in
the x-ray beams) in the calibration procedure.
Noise levels in these measurements can be
minimized to an insignificant level with suffi-
ciently high exposures (while maintaining the
shape of x-ray spectra). Thus, noise levels in p
and p;Y can be assumed to be zero. Because p,
and py are independently measured, the noise
variance in tissue- and bone-image signals, o, ?
and o, %, may be expressed as the weighted sum
of the variances in measuring p; and py, o,* and
op, 7 as follows:

Gtaz = (afa/aDl)zo'Dlz + (afa/aDh)ZO'th

(Equation 9)
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and
Glhz = (afb/aDl)ZO'Dlz + (afb/aDh)ZO'th.
(Equation 10)

Notice that because p; and p, are uncorrelated
to each other, there is no cross-term in either
equation. Because D, = In[p/p|}, ap, = (dD)/
ap))o,, = o, /p; similarly op, = (dD)/dp))a, =
op,/pi- Thus, the noise fluctuation levels in the
x-ray densities, D; and Dy, are the noise ratios in
the low- and high-energy x-ray image signals
and Equations 9 and 10 can be rewritten as
follows:

("Ia2 = kalz(c’-pl/l:)l)2 + ka\hz(gph/ph)2
(Equation 11)

and

a,,” = k*(0,,/p)* + Ken’ (0, /Pn)
(Equation 12)

where k; is defined to be 9f/dD; (i = a,b;
j=1h), and orpj/pj are the noise ratios in
low-energy and high-energy x-ray signals respec-
tively. Obviously, k; values are functions of the
x-ray densities or, alternatively, can be evalu-
ated as a function of the input x-ray spectrum,
tissue and bone thicknesses. However, because
the functions f; are not explicitly known, an
indirect method is used to compute the k; value.
With this method, the average attenuation coef-
ficients p;, defined as 9F;/dt; (i = a, b; j = 1, h),
will first be evaluated and then used to compute
the k;; values.

From Equations 7 and 8 the variations of D,
and Dy, dD; and dDy, may be expressed as a
linear combination of dt, and dt, as follows:

dD, = (9F,/at,)dt, + (IF,/at,)dt,
= pudt, + podty (Equation 13)
and
dDy, = (9F, /ot )dt, + (9F,/aty)dt,
= wadt, + pydt,.  (Equation 14)

Conversely, from Equations 1 and 2, dt, and dt,
may be expressed as a linear combination of dD,
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and dDy, as follows:
dt, = (af,/aD)dD, + (9f,/aD,)dD,
= k,dD, + k;dD,, (Equation 15)
and
dty, = (9f,/9D))dD, + (df,/9D;)dD,,
= k,dD, + ky, dD,. (Equation 16)

Thus, the coefficients p; and k;; can be consid-
ered as elements of two 2 X 2 matrices that are
inverse to each other and k;; can be evaluated as
the inverse matrix of p; as follows:

(Equation 17)
(Equation 18)
(Equation 19)

ky = Mbh/(ualubh - MahMbl),
Ky = _Hbl/(ﬂalubh — Kanbor)s
Kot = = Man/ (Raibon — P“ahp“bl)’

and

Kon = ar/(Railon = BanPol)- (Equation 20)

However, using Equations 7 and 8, y;; or aF;/at;
can be explicitly derived and expressed as fol-
lows:

b = [ W(EMER b (E)e w(®nwEnE])
[f dER¢,(E)e #®nwEwE],  (Equation 21)

where i = a, b and j = |, h. Equation 21 shows
that p; has the meaning of the average attenua-
tion coefficient for the material 1 (a or b)
evaluated for the attenuated spectrumj (1 or h).
Wi values can be numerically computed straight-
forwardly from the input spectra &,(E) and
¢,(E) and energy-dependent attenuation coeffi-
cients p,(E) and py,(E). Having evaluated the w;
values, the k; values can be computed as the
inverse matrix of p; according to Equations 17
through 20.

The noise variances of image signals, o’ and
op,% in Equations 11 and 12 can be evaluated
from the input spectra, &(E) and &u(E), and
energy-dependent attenuation coefficients, w,(E)
and p,(E), as follows:

Op, h2 = f dERI,hd)l,h(E)e‘“a(E)lrub(E)tbQ(E)z
(Equation 22)

This has been the standard technique for com-
puting the neise variance for a polychromatic
x-ray spectrum.’ Equations 11, 12, and 17
through 22 provide the theoretical basis for the
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numerical studies to be discussed in the follow-
ing sections.

METHODS
Noise Variances in X-ray Signals

Assuming that the subtraction signals are
properly generated to accurately represent the
actual soft tissue and bone thicknesses, the
image contrast in the subtraction images should
then be the same no matter which technique is
used. Thus, the low-contrast performance should
be determined only by the noise level in the
subtraction images. Because it is generally the
soft tissue that is of diagnostic interest in chest
imaging, we have focussed our computations on
the tissue-specific image. To be able to use
Equation 11 to estimate the noise variance in
the tissue image signal, o, *, we need to compute
the coefficients, k,; values, and noise ratios
associated with the x-ray signals, o,/p, and
oy, /pr- Both require the use of the low- and
high-energy x-ray photon flux spectra ¢(E) and
on(E). For numerical simulation, ¢(E) and
o(E) were calculated in 1-keV intervals from
the published spectra!? and attenuation coeffi-
cients for the filters used.!?

For the dual-kV(p) technique, &(E) and
o,(E) are two independent spectra specific to
the kV(p) values, target angle, and intrinsic
filtration used. For the dual-filter technique,
they were generated from the same spectrum,
bo(E), but filtered differently as follows:

dir(E) = dg(E)e HnElun

where w(E) and ¢, are the attenuation coeffi-
cients ahd thickness for the low-energy beam
filter (tungsten) and p,(£) and ¢, are those for
the high-energy beam filter (copper). For the
sandwich detector technique, ¢,(£) was gener-
ated from ¢(E) as follows:

d)h(E) = d)O(E)e—Ml(E)ll‘p.f(E)lf’

where (L) and #; are the attenuation coeffi-
cients and thickness for the front detector
(BaFBr:Eu storage phosphor) and p«(E) and &
are those for the interdetector filter (copper).
The filtered photon spectra were normalized
to a total exposure of 10 mR using published
data. For simplicity, the soft tissue was assumed
to consist of pure muscle only. Attenuation coeffi-
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cients and compositions for muscle and bone
were taken from previously published data.!*
The average attenuation coefficients were calcu-
lated using Equation 21. The results were then
used to compute kj values in accordance with
Equations 17 and 18. The variance of the x-ray
signals was calculated by dividing the spectrum
into 1-keV intervals, calculating the variance for
each interval first and then summing the results
over the entire energy range.

For all techniques, the detectors were as-
sumed to be a BaFBr:Eu storage phosphor
screen whose absorption coefficients are known.
The storage phosphors are normally used as an
area detector in digital radiography. However,
because of their ability to emit fluorescent light
during the x-ray exposure, they can also be used
with linear diode arrays for slit-scan imaging.

Patient Exposure

Patient exposure is often used as a measure
for the risk to the patient in diagnostic imaging
or measurement. Therefore, the noise variance
should be computed for a fixed total patient
exposure for optimization of comparison pur-
poses. However, the image noise is directly
related to the exposure received by the detector
rather than the x-ray output or exposure re-
ceived by the patient. Depending on the imag-
ing geometry, various detector exposures may
result from the same patient exposure. There-
fore, for fair comparison, our comparisons were
made for a fixed total unattenuated detector
exposure (defined as the exposure to the detec-
tor when no patient or any other attenuator is
present in the x-ray beam). Given any imaging
geometry, the patient entrance exposure can be
computed from this exposure via the inverse
square law. For instance, assuming that the
patient entrance plane and detector are 12 and
72 inches away from the x-ray source, a detector
exposure of 10 mR corresponds to approxi-
mately 15 mR of patient entrance exposure.

Optimization

Before comparison, each of the three tech-
niques was optimized to a limited extent. From
Equations 11 and 12, the noise levels in the
subtraction images were determined by the
noise ratios in low- and high-energy image
signals and the coefficient k;; values. The former
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depends on (1) total unattenuated detector
exposure (fixed for comparison), (2) distribu-
tion of the exposure between low- and high-
energy image acquisition (exposure ratio), and
(3) attenuation by the patient’s body (tissue and
bone thicknesses). The latter depends on (1)
kV(p) levels of the x-ray sources, (2) filtration of
the incident x-ray beams (filter types and thick-
nesses), and (3) filtration by the front and
interdetector filter in the sandwich detector
approach. ‘

Although all aforementioned factors can be
optimized to minimize the noise level in the
subtraction images, the optimization is often
limited by practical considerations. For in-
stance, adjustment of the exposure ratio is
virtually impossible with the sandwich detector
technique and is technically difficult in imple-
mentation with a slit-scan imaging system. An-
other fact is that the technique can be optimized
for either tissue or bone images but not both,
and only for a specific combination of tissue and
bone thicknesses. Thus, the value of optimiza-
tion is somewhat limited if one is interested in
both tissue and bone images and/or in a wide
range of tissue and bone thickness combina-
tions.

In this study, we did not attempt to optimize
all parameters. For the dual-kV(p) technique,
the low-kV(p) value was maintained at 70 while
the high-kV(p) value and exposure ratios, de-
fined as the ratio of the low-kV(p) exposure to
the total exposure, were varied and optimized.
No additional beam filtration was considered.
For the single-kV(p), dual-filter technique, both
the x-ray kV(p) value and filter (tungsten and
copper) thicknesses were varied and optimized.
The prefiltration exposures of the low- and
high-energy beams were assumed to be identi-
cal to each other. For the sandwich detector
technique, both the x-ray kV(p) value and
interdetector filter (copper) thickness were var-
ied and optimized. No additional (prepatient)
filtration was considered.

Tissue and Bone Thicknesses

The noise levels in the subtraction images are
highly dependent on the attenuating thick-
nesses. Furthermore, the subtraction imaging
technique can only be optimized for a specific
combination of tissue and bone thicknesses.
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Therefore, we have chosen 10 cm tissue and 0.6
cm bone as the representative thickness combi-
nation for our studies. This combination roughly
corresponds to the outer edges of the lung field
where rib bone segments may overlap with an
intermediate tissue thickness.

RESULTS AND DISCUSSION
Spectra of Detected X-rays

With the nonlinear dual-energy subtraction
techniques, it is unnecessary to completely sepa-
rate the low- and high-energy spectra from each
other. None of the three techniques results in
completely separated spectra. Figure 1 shows a
typical set of spectra generated for the dual-
kV(p) technique. The low- and high-energy
x-rays are assumed to be generated at 70 and
120 kV(p) and attenuated by 10 cm of tissue and
0.6 cm (1 g/cm3) of bone. Figure 2 shows a
typical set of spectra generated for the dual-
filter technique. The x-rays are assumed to be
generated at 120 kV(p) and filtered by 0.1 mm
of tungsten and 1 mm of copper to form the low-
and high-energy beams. Both beams are also
assumed to transmit through 10 c¢m tissue and
0.6 cm bone before entering the detectors.
Figure 3 shows the typical spectra for x-rays
detected by the low- (front) and high-energy
(back) detectors in the sandwich detector tech-
nique. The x-rays were assumed to be generated
at 120 kV(p) and attenuated by 10 cm of tissue
and 0.6 cm of bone before entering the front
detector. The interdetector filter is a 0.5-mm-
thick copper plate.

d J \_

Fig 1. Spectra of detected x-rays computed for the dual-
kV({p) technique. The low- and high-energy x-rays were as-
sumed to be generated at 70 kV(p) and 120 kV(p), respectively.
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Fig 2. Spectra of detected x-rays for the dual-filter tech-
nigue. The low- and high-energy x-rays were assumed to be
generated at 120 kV(p) and filtered by 0.14 mm of tungsten and
1 mm of copper, respectively.

Dual-kV(p) Technique

In Figure 4, the noise level in the tissue image
signal has been plotted as a function of the
exposure ratio for the dual-kV(p) technique.
The plots were made for several different kV(p)
values of the high-energy x-ray spectrum. The
kV(p) value for the low-energy spectrum is kept
fixed at 70. The plots show that the exposure
ratio should be kept around 50% to minimize
the noise. However, the dependence of the
noise on the exposure ratio is less sensitive
when the kV(p) value’s difference is large. The
noise level decreases with the kV(p) value of
the high-energy beam, ranging from approxi-
mately 0.04 cm for 80 kV(p) to 0.01 cm for 140

kV(p).

oo d
| S

Fig 3. Spectra of detected x-rays computed for the sand-
wich detector technique. The x-rays were assumed to be
generated at 120 kV(p) and filtered by 0.5 mm of copper
between the front and back detectors.
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Fig 4. Noise level in the tissue image versus the exposure
ratio (ratio of low-kV(p) exposure to the total exposure). The
low-kV(p) was kept fixed at 70 while the high-kV(p) was varied
from 80 to 140.

Dual-filter Technique

Noise in the single-kV(p), dual-filter tech-
nique is dictated by the kV(p) value of the x-ray
source and thicknesses of the tungsten and
copper filters used. However, for each copper
thickness used, there is an optimal tungsten
thickness that would minimize the noise level in
the tissue image (for a specific combination of
tissue and bone thicknesses). We have varied
the copper thickness from 0.1 to 1 cm and
numerically determined the corresponding opti-
mal tungsten thickness. In Figure 5, the result-
ing noise (minimized) is plotted as a function of
the copper thickness for several different kV(p)
values. The plots show that the optimal kV(p)
value for the single kV(p) tungsten and copper
filter technique is between 110 and 120 kV(p).
With 1-mm copper filtration, all kV(p) values
result in a noise level slightly below 0.04 cm.

90

0.04
140

0.03 <

110, 120

0.02 o

Nolge level in tlssua image Com)

0.0t —

Q 0.2 0.4 0.6 0.8 1

Copper thickness In cm

Fig 5. Noise level in the tissue image versus copper filter
thickness for various kV(p) values. An optimal tungsten filter
thickness was computed and used with each different copper
filter thickness.
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When the kV(p) lies between 110 and 120
kV(p), the noise level can be further reduced to
about 0.03 cm with 4-mm copper filtration.

Sandwich Detector Technique

Noise in the sandwich detector technique is
dictated by the kV(p) value of the incident
x-rays and thickness of the copper filter used. In
Figure 6, the noise level in the tissue image
signal is plotted as a function of the copper filter
thickness for several different kV(p) values. The
plots show that the optimal kV(p) value is
greater than 90 kV(p). A noise level of 0.04 cm
can be achieved by using a copper filter with a
thickness of 0.4 mm or greater.

CONCLUSIONS

To compare the three techniques from the
same perspective, the noise level has been
plotted as a function of the kV(p) value for each
technique in Figure 7. The noise level was
computed for a fixed patient exposure and
minimized by selecting the optimal filter thick-
nesses or exposure ratio. As expected, the dual
kV(p) results in the lowest noise level. The
dual-filter and sandwich detector techniques
result in approximately three and four times
higher noise levels, respectively. It should be
noted that to reduce these noise levels to that of
the dual-kV(p) technique, the x-ray output must
be increased by factors of 9 and 16 for the
dual-filter and sandwich detector techniques,
respectively. This would reduce noise levels in
the raw image data and therefore noise levels in
the subtraction images. However, this also leads
to a significantly increased patient exposure.
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Fig6. Noise level in the tissue image versus the interdetec-
tor copper filter thickness for various kV(p) values.
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Fig 7. Noise level in the tissue image versus kV(p). The
noise was computed for a fixed patient exposure and mini-
mized by choosing the optimal exposure ratio or filter thick-
nesses. [J, Dual kV(p); +, dual filter; O, dual detector.

Thus, the dual-kV(p) technique should be the
preferred approach for dual-energy subtraction
imaging if noise is the only concern. However,
to minimize motion artifacts, the dual-kV(p)
technique should be implemented by combining
rapid kV(p) value switching with linear detector
array imaging. To equalize the low- and high-
kV(p) exposures, the high-kV(p) x-rays should
be generated at lower current, or alternatively a
copper filter can be inserted to attenuate the
high-kV(p) x-rays. The advantage associated
with this approach is a further improvement of
the spectral separation and therefore further
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reduction of the subtraction noise. However,
the incorporation of rapid filter change in syn-
chronization with the kV(p) value change with a
slit-scan imaging system is not a trivial task.

The dual-filter technique results in slightly
lower noise than the sandwich detector tech-
nique (with a noise level of 0.03 cm v 0.04 cm)
only at the optimal kV(p) values (110 to 120
kV[p]). However, this better performance is
achieved at the expense of heavy filtration. A
tungsten filter with a thickness of 0.5 mm or
greater and a copper filter with a thickness of 5
mm or greater are required for generating the
low- and high-energy x-ray beams. Their use
would require the x-ray tube output to be
increased by a factor of 60 to 65 to achieve the
same exposure level obtained without any filtra-
tion. This represents a big disadvantage for the
dual-filter technique when it comes to actual
implementation. This disadvantage is further
aggravated by the fact that the x-ray tube output
must be further increased by a factor of as high
as 200 to accommodate the slit-scan imaging
technique. The sandwich detector technique,
on the other hand, benefits little from prepa-
tient filtration and therefore does not require
an increase of the x-ray output. Thus, despite its
slightly poorer noise properties, the sandwich
detector technique seems to be a much more
practical approach.
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