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10.1 Introduction

10.1.1 Phase-contrast vs. Attenuation-based X-ray
Imaging

In x-ray diagnostic imaging, it is very important to obtain
good tissue contrast and noise characteristics while keeping
radiation dose as low as achievable. There are three well-
known effects that lead to the attenuation for photon energies
up to 1 MeV (i.e., below the threshold for the pair produc-
tion): coherent scattering, which is elastic with no energy loss;
incoherent scattering, which is inelastic with energy trans-
ferred to tissue; and photoelectric interactions, where energy
is given to free a bound electron. These processes form the
basis for our understanding of traditional attenuation-based x-
ray imaging.

In addition to attenuation, however, tissue contrast can
also be realized from the x-ray phase change generated by tis-
sues. While attenuation-based tissue contrast has been the pri-
mary mechanism for generating medical images for the past
century, the utility of phase-based tissue contrast has only
recently been recognized (Wilkins et al. 1996). X-ray phase
change arises from no new x-ray-tissue interaction; rather it is
a result of coherent x-ray scattering, relying upon the wave
properties of light. Like any wave field, a coherent x-ray wave
field propagating along the z-axis can be described as

v (X,2) =/ 1(x) exp(ikz) (10.1)

where x is the coordinate for the transverse direction, k = 2w /
A, A is the x-ray wavelength, and 1(x) is the x-ray intensity. In
this case, the phase of the x-ray wave is kz. When an x-ray
scatters from tissue, the phase of the x-ray wave field is
altered. This phase change is the result of coherent scattering
with small angles, and it includes both diffraction and refrac-
tion effects. The magnitude of the phase change is determined
by the biological tissue dielectric susceptibility, or equiva-
lently, by the refractive index of the tissue. The refractive
index n for an x-ray is complex and equals to

n=1-6-ip (10.2)

where 8, the refractive index decrement, is responsible for the
x-ray phase shift, and B is responsible for x-ray absorption. &
is given by (Wilkins et al. 1996):

2
_ rA

5=( - (10.3)

N2+ )

where 1o, Ny, Z, and f | are the classical electron radius,
atomic density, atomic number, and real part of the anomalous
atomic scattering factor of the element k, respectively. If the

x-ray energy is away from the absorption edge of tissue, the
above formula can be simplified to

ra? r
52(; )ZNk(Zk+fk)
/12” k (10.4)
= (), = (4.49x107%) 1%,
27

where p, =ZNka is the electron density. Though x-ray
k

absorption is obvious in many radiological medicine proce-
dures, x-ray refraction by human tissue usually goes unno-
ticed. This is not because the tissue & is too small compared to

B. On the contrary, tissue & values (1078 to 1078) are on the

order of 1000 times greater than B (107° to 107 for x-rays
in the 10 keV to 100 keV range. Thus, it is not without irony
that all previous x-ray clinical imaging techniques until
recently were designed to image tissue’s B but not 3. Using
the formula for refractive index decrement §, the amount of x-
ray phase change imparted by biological tissue can be calcu-
lated as

2n
¢=-—" [8(s)ds (10.5)

where s is the distance traveled by the x-ray beam along the
vacuum propagation direction.

10.1.2 In-line and Other Phase-sensitive X-ray
Imaging Techniques

At this stage of development there are four major different
modes for phase imaging: crystal analyzer-based x-ray inter-
ferometry, grating-based differential phase-contrast imaging,
diffraction-enhanced imaging, and in-line phase-contrast
imaging. X-ray interferometry images the phase ¢ itself
directly using monochromatic x-rays from synchrotron radia-
tion and a monochromator crystal (Momose and Fukuda
1995). Grating-based differential phase-contrast imaging
employs phase and absorption gratings as a lateral shearing
interferometer to measure the subject’s phase gradient Vg
directly (Momose 2003; Weitkamp et al. 2005). Diffraction-
enhanced imaging (Chapman et al. 1997) measures the phase
gradient V¢ directly, also using monochromatic x-rays from
synchrotron radiation. In-line phase-contrast imaging mea-
sures the Laplacian of phase V2¢ directly (Wilkins et al.
1996). This mode can be implemented with polychromatic x-
rays from an x-ray tube. Since x-ray tubes are compact and
relatively readily available, this mode has potential for clinical
applications, and is the topic of this chapter.



10.2 Physics Principles of In-line Phase-contrast
Imaging

10.2.1 Attenuation, Phase Shift, and Optical
Transmission

The setting of in-line phase-contrast imaging is similar to con-
ventional radiography, but the object-to-detector distance is
larger. Consider a plane wave x-ray source. If the x-ray pro-
jection is along the z-axis direction, we can then model the
phase shift and attenuation effects of a body part as a two-
dimensional transmission function T (x,y) in the x-y plane

T(X,y) = A(X, y)e"*Y,

where @(x,y) is determined by the z-projection of the object’s
o

(10.6)

-2
o(x,y) = T”fci (X, y,2)dz =—Ar,p, ,(X, ), (10.7)

where p, (x,y) = jpe(x, y, z)dz is the projected electron den-

sity, and A(x,y) is determined by the z-projection of the
object’s B

A(Xx,y) = exp(—%jﬂ(x, Y, z)dzj. (10.8)

T(x,y) connects the incident and the transmitted wave
field by E(X,y) = Ejp(x,y) X T(X,y). It is independent of the inci-
dent wave, and is a measure of the internal structure of the tis-
sue in terms of the induced attenuation and phase shift, which
are accounted for by A(x,y) and @(x,y), respectively. In other
words, A(x,y) and @(x,y) carry different information about the
internal structure of the tissue.

In order to accurately model an object by Equation 10.6,
the object must be thin enough that the projection approxima-
tion holds, i.e., the x-ray transmits the object along a straight
line. If t is the object’s thickness, it can be shown that as long
as the size of the finest feature to be imaged is larger than
Jat , the object can be deemed thin (Wu et al. 2003). It has

phase shift

incident wave amplitude
—

attenuation

transmitted wave

object

Figure 10-1. Schematic showing the amplitude attenuation
and phase shift of x-ray wave by an object.
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been proven that human body parts can be treated as thin
objects for resolutions as high as 10 microns for x-ray photon
energies ranging from 10 keV to 150 keV (Wu et al. 2003).
Therefore, it is appropriate to model the human body using
Equation 10.6 for diagnostic x-ray imaging.

Figure 10-1 shows schematically the amplitude attenua-
tion and phase shift induced by an object when an x-ray wave
passes through it. Figure 10-2 illustrates the image formation
of in-line phase contrast x-ray imaging.

10.2.3 System Configuration of In-line Phase
Contrast Imaging

In-line phase-contrast imaging techniques unveil the effects of
phase shifts based on x-ray wave propagation, and can be
implemented with relatively simple imaging system configu-
ration, without the need for precise optical devices such as
collimators and monochromators. This particular feature
makes it possible to readily implement such a system in clin-
ics and hospitals.

Figure 10-3 shows the schematic of a typical system con-
figuration. The x-ray radiation from the point x-ray source
penetrates the sample object and reaches the image detector.
We denote the source to object distance (SOD) as R and the
object to image distance (OID) as R,; thus, the source to
image distance (SID) is Ry + R,. This forms a magnification
configuration, where the image magnification M can then be
written as M = (Ry + Ry)/R;.

In this chapter, an image taken with M=1 (R,=0) is
called an “attenuation-based” image Iy, since it contains only
information about the object’s attenuation. The detector is
placed closely behind the object and no phase effects are
recorded in the image. A “phase-contrast” image I, on the
other hand, is taken with M>1 (R, > 0). With a propagation
distance Ry, the x-ray manifests the phase shift in wave-front
curvature and, hence, intensity change as determined by dif-
fraction principles. Image contrasts come from both attenua-
tion and phase shifts, and thus what the I, records is a
“phase-enhanced” image.

10.2.3 Theoretical Framework of In-line Phase
Contrast Imaging with Ideal Imaging Systems

In order to describe the theories underlying in-line phase con-
trast imaging, we will first present a general theoretical for-

1 1
1 1
i the process of x-ray !
i wave diffraction and |
! 1
: 1
1 1
1 1

- 5

- object

R > T=Ae'? phase-contrast
o -

_— formation

1 1
. - 1 1
incident x-ray ' '

wavefield P
object plane

image plane
Figure 10-2. The image formation in phase contrast x-ray

imaging.
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— X-ray source

R,

— sample object

Ry

r

image detector

Figure 10-3. The system configuration of in-line phase con-
trast imaging and quantitative phase imaging.

mulation for ideal imaging systems, and then extend it to
systems with non-ideal x-ray sources and detectors and pres-
ent a full phase-space theoretical framework based upon the
Wigner distribution.

In-line phase-contrast imaging is based on Fresnel dif-
fraction of x-rays. Our strategy is to model the Fresnel diffrac-
tion process and relate the object transmission function to
image intensity. Let us first analyze an imaging system in
which the x-ray source is a monochromatic and, ideally, small
point source, and the detectors are of unlimited resolution. The
point source of wavelength A is located at xo = 0, yg=0. The
distance from the source to the object, R4, and from the object
plane to the detector plane, R,, are shown in Figure 10-3.

Applying the paraxial Fresnel diffraction theory to the
point source geometry, one can write the diffracted spherical
x-ray wave field arriving at a location (x,y) on the detector
plane as a Fresnel-Kirchhoff integral (Born and Wolf 1980):

JRilg

SN TR R AR
exp(iz (i(ER )R+)y ) (10.9)

j_jexp{ (’7 )}T(n)dn

In Equation 10.9, integrating over the variable n con-
volves T(x) with the Fresnel-diffraction propagator. For easy
comparisons but without loss of generality, we assume that
the object transmission T does not depend on vy, but later we

will generalize the results to the 2D case. I is the incident x-
ray intensity at R;.

Instead of calculating the Fourier transform (FT) of the
wave amplitude as done in a previous work (Pogany et al.
1997), our theory was based on the direct FT of the x-ray dif-
fraction intensity (Wu and Liu 2003a). In order to achieve
this, we derived the x-ray intensity image I(x) at the detector
plane, in a symmetric form:

1(x) = [E(x, y)? ‘_AMR (10.10)
[ ex g =X/ M)’ —(nz—x/M)J

~od = AR,

T ()T (n,) dnydn,,

where 1, =E/ is the incident intensity at the object plane, T
is the complex conjugate of the transmission function, and M
is the magnification, defined previously.

The x-ray image intensity distribution at the detector
plane 1(x) in the above equation is a complicated function of
the object’s attenuation and phase. As the integral is difficult
to carry out analytically, we attempt to conduct a spatial fre-
quency analysis of 1(x) to see how the spatial frequency infor-
mation of object attenuation and phase are transferred to the
detector plane.

Considering the Fourier transform (FT) of the intensity
with respect to the object plane coordinates:

[(u)=]" exp(2ni %u)l(x)d(ﬁ). (10.11)

Substituting Equation 10.10 into Equation 10.11 and
integrating out ﬁ first, one can find the following after

some tedious derivation (Wu and Liu 2003a):

~ | AR U?
I'(u)=—2%<co .
(u) Mz{ { s

2

+2$;in(7mR2u
M

ARU . [ﬂleuz
SIn

FT [Az(n)]

FT[A2

)#(n)]
FT[A( )dA(”)}

dn

where FT/[e] isthe Fourier Transform.

(10.12)

+i

—2i



In the derivation of Equation (10.12), we assume both the
phase and attenuation vary moderately in a small distance
ARoU/M, such that

ex{ i~ n - 251

IR (10.13)
Lviom—id n_ R
+ig(n) Id{n v J
AR,U AR, U dA(n)
+ ~A(n)+—2-—" )
A{vﬁ v ] (n+ M dr (10.14)

These moderate variation conditions are of the forms of
Taylor expansions and can easily be satisfied in clinical imag-
ing due to the extremely short wavelength A of the x-ray and
the limited spatial resolution u of the detectors. AR,u/M has
been estimated to be less than 0.62 micron for a typical mam-
mography system (Wu and Liu 2003a), which is much smaller
than the usual size of the breast structures to be imaged. In
such cases, the moderate variation conditions can be met. The
formula of Equation 10.12 considers the most general cases in
clinical applications in a very concise form, providing high
flexibility in the implementation of phase retrieval algorithms.

10.2.4 Partial Spatial Coherence and Optical
Transfer Functions

To extend the obtained formulations to include the effect of
partially coherent and polychromatic x-ray sources and detec-
tors with limited resolution, it is necessary to study the optical
transfer function (OTF) of x-ray sources and also that of
detectors. The OTF of an x-ray source is closely related to the
concept of degree of coherence. The complex degree of
coherence (CDC) of an optical wave field (Mandel and Wolf
1995; Goodman 2000) is defined as

J (%, %)

R N TEAICAR

where J(xq,X,) is the mutual intensity (Mandel and Wolf 1995;
Goodman 2000), which is the time-averaged cross-correlation
function of the x-ray wave fields at x; and x,. Note that J(x,X)
is just the measured intensity at X. Thus (xy,X,) is actually the
ratio between the mutual intensity and the measured intensity.
Note that 0 < |u(x1,%9)| < 1. When |u(x1,%5)| = 1 for all x; and
X9, the x-ray wave is perfectly spatially coherent, and when
|1u(x1,%9)| = 0, the x-ray is said to be incoherent. For an inter-
mediate value of |u(x1,X,)|, the x-ray wave is said to be par-
tially coherent.

The CDC for an anode source can be calculated from the
van Cittert—Zernike theorem, which states that p(x;,x,) is a

(10.15)
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scaled FT of the x-ray intensity distribution I5(x) at the source
surface (Mandel and Wolf 1995):

X2 — x?
p(X,, X,) =expl im 2—=2 | (X, — X,), (10.16)
AR,
where
I.(x)exp(i27zx M-Du) dx
ﬂ(mzu):fs() plizmx 52 )dx 1017)
M [ 1,000

In the literature, any source for which the CDC p(Xy,X5)
can be written in the form as shown in Equation 10.16 is
called a Schell-model source. Therefore, the van Citterz—
Zernike theorem shows that anode sources are Schell-model
sources (Mandel and Wolf 1995). It should be stressed that
L(xq,Xo) in Equation 10.16 depends only on the difference
vector (x;—X,). To emphasize this special feature of
A(x, —x,), we call it the reduced complex degree of coher-
ence (RCDC).

The effects of the finite focal spot size can also be
described by its optical transfer function for the geometric
unsharpness OTFg ;. (u/M). If the focal spot is a uniform cir-
cular disk of diameter f, the modulus of OTFg . (U/M) is
given by

oteeu )

where J4(x) is a Bessel function of the first kind. Substituting
the circular focal spot into Equation 10.17 as a 2-D function
and computing the scaled Fourier transform using the circular
symmetry, one will realize that

~(/‘LRzuj_ZJl[nf(l\/l—1)|u|/|\/|]
Hm )T 2t —pupm

_ OTFG'U‘(%)

The above result is based on the notion that the image
generated by an anode source can be obtained by summing
over the intensities generated by each individual source point
in the anode (Goodman 2000), and provides a theoretical
understanding of the relation between partial spatial coher-
ence of the incident x-ray wave from a focal spot and the OTF
for the geometric unsharpness associated with a finite focal
spot.

Now let us consider the effect of detectors with limited
resolution, i.e., with pixels of a finite size. For a detector with
an active pixel size p,, (determined by the pixel pitch and the

23 [z f(M-1)|u|/M]
 af(M=D|u|/M

. (10.18)

(10.19)
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fill factor of the detector), the modulus of its OTF is given by
(Quandiji et al. 2002)

‘OTFdet(ij‘ - sino(Mj.
M M

Equations 10.17 and 10.20 constitute the theoretical
model of the effects of the partial coherence of the x-ray
sources, and the limited resolution of the detectors. This
model will be taken into consideration when we present a full
theory for phase-contrast imaging in the following deriva-
tions.

(10.20)

10.2.5 A Full Phase-space Theoretical Framework

In this section, we will extend the formulations for ideal imag-
ing systems to include the effects of non-ideal x-ray sources
and detectors by using the Wigner distribution. Originally
developed for quantum mechanics, the Wigner distribution
also provides a useful phase-space formalism for optics (Man-
del and Wolf 1995). While in quantum mechanics the Wigner
distribution is the Moyal transform of the configuration
space—density matrix, in optics it is the Moyal transform of
the two-point cross spectral density of the x-ray wave field
(Littlejohn 1986). For the sake of convenience, we define the
Wigner distribution W(x,u;z) as

W(x,u;z)=,[J(x+q/2,x—q/2;z)

xexp(—i2zqu)da, (10.21)
where J(xq,X5;2) is the mutual intensity of the wave fields at
distance z from the source plane, q is the displacement vari-
able, and u is the spatial frequency variable. The advantages
of adopting the Wigner distribution are twofold. First, with
the statistical nature of the Wigner distribution, we can incor-
porate more accurately the partial coherence of the x-ray wave
field into the theory. Second, the evolution of the Wigner dis-
tribution in the phase space is much easier to handle than the
wave field itself due to its affine canonical covariance in phase
space, as will be explained below.

Consider the x-ray wave paraxial evolution from the exit
of the object at z = R to the entrance of the imaging detector
at z = Ry + R,. During the evolution, the Wigner distribution
satisfies the free Louville equation in the phase space (Little-
john 1986):

8W oW
+Au—=0.
oz oX
Let us denote the Wigner distribution at z=R; as
W(x,u;R). Using W(x,u;R;) as the initial condition and solv-
ing Equation 10.22, we find the solution for W(x,u;z):

(10.22)

W (x,u;z) =W [x=2A(z=R)u,u;R))].  (10.23)

Combining Equation 10.23 and the definition of the
Wigner distribution, we find the x-ray intensity at the detector
plane to be

I(x;R,+R,) = IW(x,u; R, +R,)du
(10.24)
= IW(X—ARzu,u;Rl)du.

After a tedious derivation, we obtain the FT of the x-ray
intensity at detector plane (z = Ry + Ry), as given by

[(U;R, +R,)=FT[I(X;R, +R,)]
I ( /lRu _ARu
N 2

xT[n + M}UJT*(U - Azzu)exp(iZnnu)dn

By using RCDC, the mutual intensity of a uniform inci-
dent radiation can be written as

J(X;, %) = lop(X, %)

Cox2-x3) .
= Ioexp{m 1/1R12j”(x1_x2)'

Substituting the mutual intensity into Equation 10.25 and
taking the imaging detector’s response into consideration, we
discover that

j (10.25)

(10.26)

(u;R, +R,)=1,0TF,, ( v JOTFM[ v
XJ.T( M;zu)'r*(n lz jexp(lZTL'nU)

Following the same derivation as Equation 10.12, we
obtain:

(10.27)

I(u)— lo _OTF,, ( u OTFde{Mj

M
{cos —M'\Fjlzuz FT[A(n)]
+2sin n'l'\Fjlguz ET [Az(n)¢(n)] (10.28)
AR . [ AR U dA(n)
+Hi—sin —— FT {A( )—— an }
i AR (AR dA(n)
i2 Yilae By {A() an #(n )}}



Equation 10.28 is a central result of our theoretical
framework. It shows the effects on the phase-contrast image
formation of not only the x-ray attenuation and detector reso-
lution, but also the changes in the spatial coherence and wave-
front curvature of x-ray during x-ray propagation. It holds true
not only for x-rays from anode sources, but also for general x-
ray sources such as undulators. To avoid aliasing effects,
Equation 10.28 holds only for the spatial frequencies below
the Nyquist frequency Uyyquis as determined by the pixelation
of the detector, and we assume that the object is band-limited
within Muyyquist-

By further assuming A(n) = A(n7+ AR,u/M), we have

I(u)= Lo OTFGU( M jOTFdet[ M )
X {CO{%J FT |:A2(T] ):' (10.29)
+2 sin( Ml\R/IZUZ j FT [ A*(n ¢(TI)]}

and by considering that in clinical applications 7zAR,U?/
M<<1, we obtain

1) = OTFou 1 |OTFu
M M

X{FT [A%ﬂ}%&“z FT [Az(n)qs(n)]}

(10.30)

Now let us take into consideration the polychromation of
the x-ray sources. Using Equation 10.7, we rewrite Equation
10.30 as

[(u) = 0OTF ( )OTFdet(Mj
X{FT[AZ(H)]—%FT[Az(n)pe,p(n)}},

Averaging this equation over x-ray spectrum yields, after
appropriate approximations, gives the following formula:

(10.31)

I(u)= (10.32)

I
M2
X{OTFGAU M jOTFdet(l\ljl jFT [<A2>(n)}

~2rRPF(U)FT[(A?) pe’p(n):l},

where <Az> denotes the total transmission of the object to the
incident polychromatic x-ray (i.e., the attenuation image) and
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Pe p s the projected electron density. Note that from Equation

10.7 the projected phase map ¢ is proportional to the pro-
jected electron density map pe ,. The relative phase-contrast

factor (RPF(u)) is given by

RPF(u) = cthOTFGAUA(%J

2
XOTFdet( )I—ﬂ il
M 3 ME

where h is Plank’s constant, ¢ is the speed of light, and
Seyit(E) is the normalized spectrum of the average exiting
beam.

(10.33)
SExit ( E )dE

The above results can be generalized to the 2D case as
well, where Equation 10.29 becomes

[(Uv) =2 OTFGU( ,ljowdet(i,l]
M2 M’ M M’ M
AR, (U? +V?) )
x{CO{T] FT[A°]
[ AR, (U* +V?) )
+23m(TJFT[A¢]},

Equation 10.32 becomes

~ I u v u v
I(u,v)= M_()Z{OTFG“'(_'_j OTF"“(W'MJ

(10.34)

M M

cer[(w]]-nmer e[ (s, ]|

(10.35)
and Equation 10.33 becomes
RPF(u,v) = cthOTFG‘U‘(l,lj
MM (10.36)
7R, (U* +Vv?)
XOTFdet( M M )J.—ZI\/IEZ Sei (E)IE.

Equations 10.35 and 10.36 quantify the effects of partial
spatial coherence, polychromatic spectrum, body attenuation,
image detector resolution, and radiation dose on the phase-
contrast visibility. From equations 10.35 and 10.36, the modu-
lus of Relative Phase-contrast Factor (| RPF(u,v) |) provides a
figure of merit for the transfer of the object’s phase contrast to
an image. More accurately, the modulus of RPF(u,v) indicates
the level of phase contrast that is transferred by the x-ray
imaging system at a given spatial frequency (u,v). The larger
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Table 10-1: Differences between the phase-contrast image and the phase image of an object
(Reprinted from Wu and Liu 2007a)

and gradient of phase shift ¢(x,y) and with increasing
coherence degree of the x-ray.

Notation Phase-contrast Image Ipc Phase Image @(x.y)
Formation Interference between waves of different phase shifts. Retrieved from an acquired attenuation image |, and
phase-contrast image Ipc
Property The edge enhancement increases with the Laplacian P(x.y) yields amap p, , (x,y) of projected electron

densities, which are the intrinsic attributes of the
object

Detector configuration

One detector placed a distance downstream from the
object to allow for wave diffraction; either screen/film

In our approach, two detectors are used: the first
detects a portion of radiation to form an attenuation

detector or a digital detector.

image, while allowing the rest of the radiation to reach
the second detector to form a phase-contrast image,
and the two images are used for the phase retrieval.
The two detectors are balanced for optimal phase
retrieval with reasonable radiation dose.

Images acquired

One exposure acquires a single phase-contrast image.

With the dual-detector technique, a single exposure
results in three images of a given object: two acquired

images Iz and I, plus a retrieved phase image ¢(x,y).

Optical measurements and N.A.
phase-retrieval algorithm
development

Intended to measure the coherence degree, the detec-
tor's optical transfer function, and the spectral average
(A% to further the development of robust phase-
retrieval algorithms.

Clinical significance

diagnostic quality.

I ,c provides an edge enhancement effect from tissue
phase contrast, thereby improving the image data's

@(x,y) provides a map of tissue projected electron
densities, and therefore a quantitative tissue
characterization. Combined with tomographic image
data, the 3D map of the object's electron densities
becomes available for tissue structural characterization
and visualization.

the |RPF(u,v)|, the better the feature visibility of phase con-
trast. Note that RPF depends not only on the focal spot size,
shape, and geometry and the detector resolutions, but also on
the exiting x-ray spectrum Sg,;(E). The exiting spectrum
Sexit(E) differs from the incident x-ray spectrum in that it rep-
resents the x-ray beam hardening effect on phase contrast.
Thus these equations can be used to provide design guidelines
for general in-line phase-contrast imaging systems, which is
the topic of Section 10.3.

10.2.6 Phase-contrast Imaging vs. Phase Retrieval

Phase-contrast imaging is a technology that uses the phase
change to enhance the total image contrast. To obtain phase
information, a distance of propagation is needed to allow for
wave diffraction, i.e., the superposition of sub-waves. In this
case, the overall image intensity contrast comes from both
phase and attenuation. The detected signal in the image con-
tains information about the phase difference between sub-
waves, which reflects different phase shifts induced by the
subject, not the phase itself. As discussed in depth previously,
the phase contrast in I, is affected by the phase-shift ¢(x,y)
and the attenuation A%(x,y) through a very complicated mech-
anism. It is also affected by the coherence degree of the x-ray
source, and the detector’s spatial frequency response. There-
fore, the contrast enhancement provides only qualitative
information about the tissue structure. However, phase-con-

trast imaging theories show explicitly how the image relies on
the attenuation and phase shift together with other experimen-
tal parameters, and thus serve as a theoretical framework for
phase retrieval.

In contrast to phase-contrast projection acquisition, phase
retrieval is a numerical method for retrieving the quantitative
phase map ¢(x,y) from the phase-contrast images. From
#(x,y), one can easily derive a map of the object’s projected
electron densities p h(X,y). Since electron density is an intrin-
sic attribute of the object, the map pe n(x,y) yields a quantita-
tive image of the object’s structure. Moreover, in phase-
contrast tomography it is necessary to perform phase retriev-
als in order to reconstruct quantitative artifact-free tomo-
grams. In principle, phase-contrast x-ray tomography can be
performed by applying standard tomography reconstruction
methods such as filtered backprojection directly onto phase-
contrast angular projections to obtain 3D tomograms. Phase-
sensitive tomograms reconstructed in this manner exhibit
enhanced interfaces between the layers of different materials
and tissues, and thus are not maps of the linear attenuation
coefficients (LACs) of the sample, but are instead maps of the
reconstructed apparent LACs, which may present anoma-
lously large or even negative apparent LAC values at inter-
faces between different materials and tissues. These
“artifacts” may cause faulty interpretation of the imaged sub-
ject (Wu et al. 2008). However, if phase retrieval is performed



for each phase-contrast projection image before the tomo-
graphic reconstruction, an accurate 3D distribution of electron
density can be generated without the aforementioned artifacts.

In short, phase-contrast imaging is the forward process of
producing an image with phase enhancement, while phase
retrieval is the inverse problem of deriving quantitative infor-
mation about the object from the image data. The differences
between the two phase-sensitive imaging modalities are sum-
marized in Table 10-1 (Wu and Liu 2007a).

10.3 Design Considerations and Clinical
Implementation of In-line X-ray
Phase-sensitive Imaging

10.3.1 Coherence Requirement in the Clinical
Implementation of Phase-contrast Imaging

It is well known that interference patterns occur only if the
waves in superposition are coherent. An understanding of the
coherence requirement is especially critical for the clinical
implementation of phase-sensitive imaging, since the anode
source used in clinical imaging is an incoherent source. To
exhibit phase contrast, the x-ray wave illuminating the object
should be at least partially coherent. The partial coherence of
the illuminating wave from a finite source of size s is speci-
fied in terms of the lateral coherence length L, (Wu and Liu
2003b; Wu and Liu 2007a):

L, =AR,/s. (10.37)

L, is the linear size of a region over which the wave field
is strongly correlated, and it is roughly the maximal separa-
tion of two points for which the interference occurs. For
instance, the inter-slit separation in a Young’s double-slit
experiment should be less than L, for visible interference
fringes. One should note that the lateral coherence length L
is defined exactly for narrow-band x-rays, because L, is
derived from the study of mutual intensity and the coherence
degree of quasi-monochromatic waves. But since the cross-
spectral densities of a polychromatic x-ray obey the same
propagation laws as the mutual intensity does, Equation 10.37
holds for cases of the polychromatic x-ray as well. Note that
the cross-spectral density is defined as the ensemble average
of the conjugated product of wave amplitudes at two positions
for a given x-ray frequency. It measures the statistical similar-
ity (spatial coherence) of the x-ray wave fields at the two posi-
tions. For a quasi-monochromatic x-ray, cross-spectral
density is called the mutual intensity.

In practice, one needs to know how large L, must be in
order to achieve phase-contrast visibility. In the literature
there are confusing statements regarding this. For example,
one statement in the literature claims that in order to exhibit
visible phase contrast in an image, the lateral coherence
length L, should be roughly equal to the length of one dark—
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Figure 10—4. a) Schematic of the phase-contrast imaging of
an acrylic edge phantom. b) Acquired phase-contrast image of
the acrylic edge phantom. c) Intensity profile across the step

edge in b). (From Wu and Liv 2007a.)

bright fringe pair. According to this claim, for a phase-con-
trast fringe of size about 50 pm, as encountered for clinical
imaging, the lateral coherent length L, of the incident x ray
should be about 50 pm. However, due to small x-ray wave-
lengths, L is generally much smaller than this suggested size.
For example, if an x-ray of 18.5 keV is emitted from a focal
spot of 50 um, with a source-object distance R, of 1 m, the
resulting lateral coherent length is 1.34 um. One needs a tre-
mendously long source—object distance Ry of 40 m to achieve
an assumed L of 53.6 pm. Such long source—object distances
are obviously not practical in a clinical imaging setting, due to
both space constraints and flux requirements. Therefore, if the
aforementioned lateral coherence length requirement for
phase-sensitive imaging was true, clinical applications of
phase-contrast imaging would not be worth pursuing.
Fortunately the claim is incorrect, and it is in contradic-
tion with experimental results as well. To justify this claim,
we performed the following experiment (Wu and Liu 2003b).
As shown in Figure 10-4a, a laser-cut acrylic plate edge of
1.42 mm thickness was imaged with an x-ray tube containing
a 14 pm focal spot and average photon energy of 18.5 keV.
The SID = 178 cm and R, = 111.9 cm, hence the magnifica-
tion factor M = 2.7. The amount of phase shift across the
acrylic plate calculated by Equation 10.7 is 30.5x. Figure 10—
4b shows the resultant image, which clearly exhibits edge
enhancement features near the step edge in the form of dark
and bright strips immediately adjacent to the shelf, the signa-
ture enhancement pattern of a phase step. Correspondingly,
the intensity profile across the edge demonstrates the expected
upward- and downward-overshooting at the boundary.
Clearly, the lateral coherence length requirement claimed in
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previous literature is violated in this experiment, as the width
of the dark-bright fringe pair in the image is much larger than
the calculated L | for this setup (3.16 pm).

The problem with the lateral coherence length assump-
tion is that it fails to take into account the x-ray diffraction
from the object’s exit to the detector. Considering this diffrac-
tion process, we found that what really determines phase con-
trast visibility is not solely the lateral coherence length L.
Rather, for a structural component of the object with spatial
frequency u, its visibility is, among other things, proportional
to the modulus of RCDC, as is proved in Section 10.2. From
Equation 10.23 one can see that the wave diffraction in free
space over a distance R, from the object’s exit to the detector
entrance is simply created by a phase-space shearing; the pho-
ton density distribution at x is replaced by that at position (x —
AR,UIM), referring to the object plane. The phase-space shear-
ing leads to wave superposition when forming the phase con-
trast, hence the coherence criteria for phase-sensitive imaging
should be the size of the phase-space shearing compared to
the lateral coherence length L. We call the size of the phase-
space shearing the shearing length Lgeq,, Which is given by

_ AR u

L. =
shear M

(10.38)

From the above analysis we note that it is the ratio Lgpeq /
L,, rather than L alone, that determines the coherence effects
on the phase-contrast visibility of the object’s frequency u
component. From Equations 10.37 and 10.38, the ratio Lgpeq/
L, is given by (Wu and Liu 2007a):

Lshear — st|u|:(M —1)S|U|.

L, MR M

(10.39)

Note that Lgne, /L, is wavelength independent, since
both L, and Lgpe,, are proportional to A. For a given object
structural component of frequency u, if Lgpea /L;<<1, the
wave field is almost fully coherent over the shearing length,
and the phase contrast associated with this structure compo-
nent is visible. On the other hand, if Lge, /L, 21, the wave
field is incoherent over the shearing length, and the phase
contrast associated with this structure component is invisible.
For intermediate cases with Lgneqr /L <1, the wave field is
almost partially coherent, and phase-contrast visibility
increases with decreasing Lgpeqar fOr a given object structural
component of frequency u.

Applying this concept to the case described by Figure
10-4, equations 10.37, 10.38, and 10.39 can be used to show
that the ratio Lgpe,  / L) = 0.176 for a high-frequency compo-
nent of |u| = 20 Ip/mm. This explains why one can see the
phase contrast manifesting as edge enhancement in Figure
10-4b, while the computed lateral coherence length L, alone
suggests otherwise. Hence it is demonstrated that the ratio

Lshear /L provides a simple but good measure of the coher-
ence degree realized in a phase-sensitive imaging system. For
an anode source containing a uniform focal spot, this ratio is
related to the modulus of OTFg , (u/M) or RCDC by (Wu and

Liu 2007a)
u

OTF,,| —

‘ GU.( M j

10.3.2 Analysis Based Upon Relative Phase
Factor (RPF)

— 2‘]1(7-[Lshear / LJ_]

(10.40)
ﬂLshear / LL

Equations 10.35 and 10.36 quantify the effects of partial
spatial coherence, polychromatic spectrum, body attenuation,
image detector resolution, and radiation dose on the phase-
contrast visibility, and can be used to provide design guide-
lines for general in-line phase-contrast imaging systems,
including clinical systems. The larger the modulus of
RPF(u,v), the more the phase contrast manifests. Now we can
calculate RPF for a typical imaging system while varying
configuration parameters to aid in system design. As an exam-
ple, we consider the application of RPF analysis in phase-con-
trast mammography. Here we study the important
relationships between system geometry, detector resolution,
the size and radiation output of the x-ray source, and patient
dose in phase-contrast imaging (Wu and Liu 2003b).

Computer Simulation of the RPF for
Mammography as a Function of System Design
From the discussion of the coherence requirements, it is clear
that an x-ray tube for clinical phase-contrast mammography
should have a small but bright focal spot. A conventional x-
ray tube for 2D mammography provides a small focal spot of
about 0.1 mm and a tube current of 25-35 mA operating at
24-35 kV. We will show by using the RPF analysis in this sec-
tion that an x-ray tube consisting of a molybdenum (Mo) tar-
get with a focal spot of 0.025 mm and a tube current of 25 mA
will adequately balance the need for spatial coherence and
sufficient x-ray output flux with an SID of 1 m.

Let us assume the clinical condition of a 50% adipose
and 50% glandular breast of 5 cm thickness, and an infiltrat-
ing ductal carcinoma lesion with a diameter and thickness of
0.5 cm. This lesion represents a clinically relevant breast can-
cer detection task.

From Equation 10.36 it is clear that R, cannot be too
small. If R, were equal to zero, the phase-contrast information
would be completely lost, as a diffracted beam has to travel a
sufficient lateral distance to reveal any phase change effects.
As the ratio R, / M increases, RFP increases as well, until the
sine-factor in Equation 10.29 reaches its maximum. There-
fore, Equation 10.36 suggests that a large R, would be favored
for increasing the imaged phase contrast. On the other hand,
note that the image magnification factor M may increase with



Table 10-2: Design parameters of a proposed screen-film-
based phase-contrast x-ray imaging system
(Reprinted from Wu and Liu 2003b)

Source to object and 0.60 0.50 0.60
detector-1, Ry (m)

Object—detector-2, R, (m) 0.40 0.30 0.40
Source to detector distance (m) | 1.00 0.80 1.00
Magnification (Rq + Ry)/R; 1.67 1.60 1.67
Target frequency (Ip/mm) 20.00 20.00 20.00
X-ray focal spot size (mm) 0.025 0.025 0.025
X-ray kV 30 25 25
Tube target/filter Mo/Mo | Mo/Mo | Mo/Mo
HVL (mm) Al 0.382 0.32 0.32
att-CNR 135.52 170.94 170.94
Entrance skin exposure (R) 1.220 1.897 2.058
Patient absorbed dose (mrad) 198.15 254.45 276.10
Relative phase-contrast factor 1.95 1.83 2.30
at target frequency (A) E-02 E-02 E-02
Exposure time at 25 mA (s) 3.63 6.27 9.80

(Considering a 5 cm, 50% glandular / 50% adipose breast thickness, and an
infiltrating ductal carcinoma of 0.5 cm in diameter and thickness, without a

Bucky grid).

R, as well. An increase of M will affect RFP via the terms R, /
M and OTF. In this study we restrict the magnification factor
such that it will not exceed 2, in conformance with current
mammography practices. For convenience of operation
(breast positioning and breast compression), we designed the
SID to be about 1 m, not much larger than the conventional
SID of about 0.65 m. It should be noted that a selection of R,
and R, will influence not only the imaged phase contrast, but
also a series of other factors, such as the consistency of the
spatial resolution matching between the detector and the tar-
get, scatter suppression, average glandular dose to the breast,
and the exposure time. For example, for a fixed Ry, a large R,
could allow a reduction of the average glandular doses depos-
ited to the breast by omission of an anti-scatter grid, but the
magnification factor M and exposure time would increase. An
increase in M could affect the imaged phase contrast as pre-
dicted by Equation 10.35, and an increase in the exposure
time could lead to motion blur of the image. In order to opti-
mally balance the many correlated factors of phase-contrast
mammography in a design analysis, we have performed com-
puter simulations as described below (Wu and Liu 2003b).

From Equation 10.34, the phase contrast manifests at
higher frequencies than attenuation-based contrast. Hence, in
the simulation we calculated the RPF at an object—plane target
frequency that is matched with the adopted detector resolution
and magnification factor. For example, for a full field flat
panel detector with a pixel pitch of 70 um, we set the target
frequency according to the maximum spatial frequency of the
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detector, 7.1 Ip/mm, adjusted for the magnification factor M.
For a screen/film detector such as the Kodak 2000 film/screen
system, we set the target frequency at 20 Ip/mm regardless of
the magnification factor M adopted. The modulus of the RPF
from Equation 10.36 was calculated for these frequencies,
with the assumption that a larger [RPF(u,v)| results in better
feature visibility from the phase-contrast process.

For clinical phase-contrast imaging, it is desirable to pre-
serve as much attenuation-based tissue—lesion contrast as pos-
sible; hence, we assumed a Mo target and a 30 um thick Mo
filter for the x-ray tube. The exposure in the simulation was
selected in such a way that the conventional attenuation-based
contrast-to-noise ratio (att-CNR) was maintained at the stan-
dard level for conventional mammography. Exposure parame-
ters such as the attenuation-based CNR, the average glandular
dose to breast, and necessary exposure time were derived
from the computer simulation. In the simulation, the x-ray
spectral model for the Mo/Mo target/filter assembly was
based on a successful semi-empirical model of the x-ray spec-
tra for mammography (Tucker et al. 1991). The average glan-
dular doses were calculated according to the normalized
average glandular doses derived from Monte Carlo simula-
tions (Wu et al. 1991). No Bucky grid was assumed in the
simulation because of the large air gap employed in phase-
contrast x-ray imaging.

The phase-contrast visibility at a target spatial frequency
of 20 Ip/mm was simulated as a function of system design
parameters, including Ry, R,, and magnification M. Other
operating parameters, including x-ray exposure and Xx-ray
focal spot size, were also included. The results of the simula-
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Figure 10-5. Average moduli of the RPF versus system design
parameters (Rq, Ry, and M). Ry is the source to object dis-
tance, Ry is the object to detector distance, and M is the mag-
nification ratio. Two different focal spot sizes (0.025 and 0.05
mm) and two different x-ray energies (25 and 30 kV) were
used. Target frequency = 20 Ip/mm. (From Wu and Liu
2003b.)
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Table 10-3: Design parameters of a proposed digital detector based phase-contrast x-ray imaging system

(Reprinted from Wu and Liu 2003b)

Source to object Ry (m) 0.60 0.50 0.60 0.50 0.40
Object—detector-2, R, (m) 0.40 0.50 0.40 0.30 0.60
Source to detector distance (m) 1.00 1.00 1.00 0.80 1.00
Magnification (Ry + Ry)/R; 1.67 2.00 1.67 1.60 2.50
Digital detector pixel pitch (mm) 0.07 0.07 0.07 0.07 0.07
Target frequency (Ip/mm) 11.9 14.3 11.9 114 17.9
Focal spot size (mm) 0.025 0.025 0.025 0.025 0.025
X-ray kV 30 30 25 25 30
Tube target/filter Mo/Mo Mo/Mo Mo/Mo Mo/Mo Mo/Mo
HVL (mm) Al 0.382 0.382 0.32 0.32 0.382
att-CNR 135.52 135.5 170.94 170.94 135.5
Entrance skin exposure (R) 1.220 1.757 2.058 1.897 2.745
Patient absorbed dose (mrad) 198.15 285.30 276.10 254.45 445.80
Relative phase-contrast factor at target frequency (A) 7.53E-03 1.06E-02 8.90E-03 6.47E-03 1.39E-02
Exposure time at 25 mA (s) 3.63 3.63 9.80 6.27 3.63

(Considering a 5 cm, 50% glandular / 50% adipose breast thickness, and an infiltrating ductal carcinoma of 0.5 cm in diameter and thickness, without a Bucky grid).

tion are summarized in figures 10-5 and 10-6, and in tables
10-2 and 10-3 (Wu and Liu 2003b).

The simulations reveal several important aspects of
phase-contrast mammography. First, as is shown in Figure
10-5, the RPF moduli increase with the object-to-detector
distance R, and the magnification M only up to a certain M,
after which they decrease due to reduced x-ray spatial coher-
ence. Based on the results in Figure 10-5, the optimal RPF
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Figure 10-6. Breast average glandular dose versus system
design parameters (R, Ry, and M). Ry is the source to object
distance, R, is the object to detector distance, and M is the
magnification ratio. Two different focal spot sizes (0.025 and
0.05 mm) and two different x-ray energies (25 and 30 kV)
were used. (From Wu and Liu 2003b.)

moduli will be achieved with a magnification of around
M =1.67 for a 0.025 mm focal spot. We note that the optimal
RPF moduli for a 0.05 mm focal spot will be achieved at a
lower magnification of around M =1.43 due to the degraded
source spatial coherence. Moreover, the optimal RPF moduli
for a 0.05 mm focal spot are substantially (approximately
35%) lower than those for a 0.025 mm focal spot. The effect
of kV on RPF can be noted as well from Figure 10-5. A lower
kV results in higher RPF values. However, although the RPF
values in Figure 10-5 favor 25 kV over 30 kV, the results in
Figure 10-6 indicate that higher average glandular doses
would be required if 25 kV were used. It should also be noted,
though, that the calculated radiation dose levels for the simu-
lated 5 cm breast with 50% adipose and 50% glandular tissue
composition are in a range that is clinically acceptable.

To demonstrate the design guidelines and trade-offs,
tables 10-2 and 10-3 give three specific settings for the same
imaging task specified earlier. Table 10-2 is for a Kodak 2000
mammography screen/film system, and Table 10-3 shows the
settings for a flat panel detector with 0.07 mm pixel pitch.
These parameters are derived through computer simulations
described in the previous section. An optimal design should
balance a high RPF and att-CNR with an acceptable exposure
time and associated average glandular dose to breast. For a 5-
cm breast of 50% adipose and 50% glandular tissue, an expo-
sure time no larger than 4 s is definitely acceptable from the
point of view of reducing motion artifacts. As for the radiation
doses involved in the phase-contrast mammography, tables
10-2 and 10-3 show that while the att-CNR values are com-
fortably high, the average glandular doses in most cases are
less than 300 mrad, lower than that for a 5-cm-thick breast of
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Figure 10-7. A phantom in x-ray phase contrast imaging
experiments. (From Wu and Liu 2003b.)

50% adipose and 50% glandular tissue in conventional mam-
mography. We noted that the film-based system provides
higher detector resolution and, therefore, it could offer a
higher relative phase contrast factor than the digital system
(referring to tables 10-2 and 10-3). However, film-based
images are limited in dynamic range: their gamma curves are
nonlinear and affected by many factors such as the film pro-
cessing chemistry and parameters. Therefore, film-based
images may be less accurate for phase retrieval than digitally
acquired images. Accordingly, the effect of the phase contrast
may be better visualized by human observers using digitally
acquired images.

Experimental Validation of the RPF Analysis

Experiments were performed to validate the proposed phase-
contrast x-ray imaging theory and to test the sensitivity of the
in-line phase-contrast imaging (Wu and Liu 2003b). The
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experimental setup employed a conventional tungsten target
x-ray tube with a 0.02 mm focal spot. The x-ray tube was run
at 0.3 mA and 30 kV. A digital x-ray detector with 1024-by-
1024 pixels and 0.048 mm pixel pitch was positioned at 57.2
cm from the x-ray source. A phantom was placed at several
different locations between the x-ray source and the detector,
yielding varying combinations of R; and R, and thus M. The
phantom consisted of two 1-cm-thick BR-12 breast-equiva-
lent slabs, with plastic wraps of 0.12 mm thickness sand-
wiched between the slabs (Figure 10-7). A series of phantom
images were acquired with detector entrance exposures in the
range of 10 to 13 mR. Standard flat field correction proce-
dures were performed before images were presented and ana-
lyzed.

As seen in the images of Figure 10-8b and Figure 10-9,
when M=1.54, a sharp edge is observed along the border of
the plastic wraps, but it is not present when M=1.02 or
M =3.16, consistent with our theoretical analysis. Such an
edge enhancing effect is clearly introduced by phase contrast
since the thin plastic wraps contribute essentially no x-ray
attenuation. In fact, the plastic wrap introduced a projected
phase difference of about 2.0l between the left and right
sides of the phantom when M=1.54, according to Equation
10.7. Though small, the phase change takes place over a very
short distance at the edge, and is enough to generate intensity
overshooting in the image due to Fresnel diffraction. In clini-
cal scenarios where more substantial boundaries exist, the
phase differences encountered will be much larger than that

a) M=1.02

b) M=1.54

f
c) M=3.16

Figure 10-8. a) Phantom images acquired at M=1.02 show no sharp edge effect. b) Phantom images acquired at M=1.54 show
an enhanced edge effect along the border of plastic wrap. ¢) At M=3.16, the edge effect is not as sharp as in b). (From Wu and
Liu 2003b.)
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created by the thin plastic wrap, and the edge enhancement is
expected to be striking (Arfelli et al. 2000).

The results of these experiments agree with our theoreti-
cal analysis (Figure 10-5). In fact, the maximum phase con-
trast is observed at M=1.54, as is predicted. A further increase
in M does not warrant more phase visibility, but rather causes
higher breast doses. Furthermore, our experimental results
validated the computer simulation results: significant phase
contrast can be obtained with an in-line holography geometry
at a clinically feasible source-to-detector distance (ho more
than 1 meter). However, it must be noted that our experiments
used a thermal emission x-ray tube with an adequately small
focal spot (0.02 mm), but insufficient tube current (only 0.3
mA) for the actual clinical contrast imaging of patients.

Considerations for the X-ray Tube

An x-ray tube for clinical phase-contrast mammography
should have a small but bright focal spot. A small focal spot
will allow adequate spatial coherence for a clinically accept-
able source-to-object distance R, of no larger than 1 m for
mammography. On the other hand, the x-ray source should
have sufficient exposure rate to allow image acquisition
within a few seconds. To make such a tube there are three
problems to be solved (Wu and Liu 2003b).

The first difficulty is that conventional thermionic (heated
filament) x-ray tubes with a microfocus cannot provide a large
enough tube current for clinical use at 22 to 39 kV due to the
space charge effect (Gabbay 1994). However, replacing the
standard thermionic cathode with a field-emission cathode
could potentially resolve this issue. Field-emission cathodes
emit electrons by way of a large extraction electric field. The
presence of this field at the cathode negates the buildup of a
space charge cloud, ensuring that the space charge effect will
not manifest unless an extremely high current density (as high
as 10° A/lcm?) is reached (Aderson 1993). Note that the cur-
rent density of the proposed x-ray tube (25 mA / (25 pm)z) is

several orders of magnitude smaller than this 10° A/cm?
limit.

The second challenge is the heating of the cathode result-
ing from the current density of the proposed x-ray tube, which
is much higher than that of conventional tubes. One potential
solution is to use an electron gun made of a metallic nanocrys-
tal material, which has been shown to operate at a current den-
sity as high as 2 x 10 7 A/cm? without burning out (Floreani et
al. 2000). In this implementation, the field emission cathode is
made of a novel material composed of nanocrystals, sized 1 to
2 nm. In each nanocrystal, the translation symmetry is com-
pletely broken and electrons become zero-dimensional (0D).
The OD material results in diminished phonon generation,
since the phase—space restrictions imposed by the strong
quantum confinement inhibit phonon-induced carrier relax-
ation (Bockelmann and Bastard 1990). On the other hand,
electrons tunnel easily and quickly from excited states to
neighboring crystals. The material composed from nanocrys-
tals allows collective hopping of electrons by Coulomb inter-
action (Floreani et al. 2000). This leads to a non-ohmic
electrical conduction with a negative temperature coefficient
for the resistivity. These properties result in high field
enhancement, beam confinement at the tip of the field emitter,
and high currents (>2 x 10" A/cm?) without destroying the
cathode. Such a field emission source technology has been
developed over the course of the past few decades, and was
recently implemented in a medical imaging research system
(Cao et al. 2009).

Finally, the anode must be designed to accommodate the
small and bright focal spot as well. This can be achieved with
only small modifications to time-honored x-ray tube technol-
ogy. In fact, the increased anode heat loading can be managed
by simply increasing the rotational speed and diameter of the
Mo target anode or, alternatively, by employing newly intro-
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Figure 10-9. Horizontal line profiles extending across the border of plastic wrap, extracted from the images in Figure 10-8. (From

Wu and Liv 2003b.)
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Figure 10-10. A schematic showing the dual-detector x-ray imaging system. A pure attenuation-based image is collected by
detector-1, which is placed directly behind the sample. The beam reaches detector-2 after exiting detector-1, forming a phase-
contrast enhanced image. Besides the core imaging components—including the x-ray source, filter, detector-1, detector-2, and the
supporting optical components—the accessory systems are also shown: the ionization chamber dosimeter, the alignment laser

pointers, and the CdTe-based x-ray spectrometer.

duced liquid-metal-jet-anode technology (Tuohimaa et al.
2007).

In summary, existing technologies can already provide
the x-ray source characteristics necessary for phase-contrast
mammography imaging, including a Mo target with a small
focal spot (<0.025 mm), and high tube current (=25 mA).
Thus, the x-ray tube challenges presented in this section
already have developed solutions, and all that remains is their
implementation.

10.4 Progress in System Development and the
Current Status of In-line Phase-contrast Imaging

As discussed in sections 10.2 and 10.3, the physics of in-line
phase-contrast imaging puts special requirements on the x-ray
source, detector, and procedural details which might be out-
side the norm of current clinical settings. Just like the devel-
opment of other new technologies, system prototyping and
experimental work plays an equally important role in the
overall development of in-line phase-contrast imaging tech-
nology. In this section, we report upon a few projects covering
the design and development of prototype systems and their
experimental validation.

10.4.1 The Design, Development, and Performance
Characterization of a Dual Detector In-line
Phase-contrast Imaging System

From the theories described in Section 10.2, multiple images
(at least two) are needed to determine the attenuation map and
the phase map from an in-line phase-contrast imaging setup.
It is possible to acquire multiple images with multiple expo-
sures using a single detector positioned at different SIDs.
However, this configuration is subject to patient motion and
requires high accuracy in the source-detector alignment
during the detector’s downstream movement. We instead
designed a dual detector approach (Wu and Liu 2004b) in
which two images are obtained at different SIDs in a single
exposure (Meng et al. 2007; Zhang et al. 2008).

Our prototype for in-line phase-contrast imaging consists
of a micro-focus x-ray source and two specially selected digi-
tal detectors (Meng et al. 2007; Zhang et al. 2008). The detec-
tor-1 is placed in contact with the object to be imaged, while
the detector-2 is placed a distance away from the object, as
shown in Figure 10-10. During an x-ray exposure, only a por-
tion of the beam is detected by detector-1, which records an
attenuation-based image. The x-ray beam that exits detector-1
is then detected by the detector-2, which records a phase-con-
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Figure 10-11. CR system NEQ curves for detector-1 and detector-2 in a) the scan (laser-scan) direction and b) the sub-scan (plate-
scan) direction. The curves were obtained with a 40 kV, 0.5 mA x-ray beam, filtered by a 4 cm thick BR-12 phantom. Ry is the dis-
tance from the source to detfector-1, and Ry is the distance between the two detectors. (From Liu et al. 2008.)

trast image. Thus, one exposure results in two images, as
required for retrieving phase information, thereby eliminating
the possibility of patient motion between the acquisition of
the two images. One exposure also reduces the necessary X-
ray exposure to the patient and concerns regarding the accu-
racy of detector motion.

Well-balanced x-ray exposures and quantum efficiencies
for both of the detectors are critical to ensuring adequate sig-
nal-to-noise ratio (SNR) and, therefore, image quality to facil-
itate phase retrieval. Special attention was given to the choice
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Figure 10-12. Incident spectra on detector-1 and detector-2
with a 40 kV, 0.5 mA and 4 cm thick BR-12 phantom filtered
beam. Each spectrum was normalized by its total number of
counts. (From Zhang et al. 2008a.)

of detector-1, which must absorb an adequate number of x-ray
photons in order to record the attenuation image, yet still
allow enough exposure to pass through and reach the detector-
2 unimpeded for its recording of the phase-contrast image.
Electronic circuits and wires that exist beneath the detection
layer in many digital detectors, including current flat panel
technologies, would interfere with the exit fluence of the first
imager, making these a poor choice for detector-1. To this
end, a computed radiography (CR) plate (a photostimuable
phosphor) was employed. The cassette of the phosphor was
modified to replace the metal back cover with a thin carbon
fiber plate to minimize unnecessary x-ray attenuation.

High quantum efficiency is the primary requirement for
detector-2. In theory, several types of commercially available
digital detectors could be used for the second imager, includ-
ing CCD-based detector modules or flat panel detectors. For
the prototype reported in this communication, a CR plate was
selected for both detectors because of its adequate quantum
efficiency under diagnostic energies, its sensitive response
curve under relatively low photon fluence, and its ability to

Table 10-4: Transmittance of detector-1, measured at
40 kV with different beam filtrations
(Reprinted from Liu et al. 2008)

cineam | E1(MR) | EL'(MR) | E2(MR) (;))
No added filter | 46.53 1.96 0.70 4.20
25 um rhodium | 56.98 1046 3.76 18.35
4cm BR-12 1358 4.42 159 3254

E1 and E2 are the exposures measured at the entrance of detector-1 and
detector-2, respectively. E1' is the exposure measured immediately behind
detector-1. T is the transmittance of detector-1 and equals E1/E1.
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Figure 10-13. DQE in a) the scan and b) sub-scan directions for detector-1 and detector-2 at 40 kV, 12.5 mAs, R{=36 in., and
R,=24, 36, 48, 60, and 72 in. The beam was filtered by a 4 cm thick BR-12 phantom. (From Zhang et al. 2008a.)

allow undetected x-rays to pass through the first detector rela-
tively unobstructed.

Experiments were conducted to characterize the detecting
power and transmittance under commonly used clinical con-
ditions. Table 10-4 summarizes the results of transmittance
measurements for detector-1, acquired at 40kV with different
beam filtration settings, and collected with a dosimeter system
(Radcal 9095, Radcal Corp., Monrovia, CA).

To demonstrate the output SNR performance of the dual-
detector imaging system, noise-equivalent quanta (NEQ)—
which is defined as the square of the SNR of the recorded
image (Dobbins et al. 1995; Vedantham et al. 2000)—was cal-
culated for the prototype. The NEQ curves (Figure 10-11)
were obtained for each of the detectors with a 40 kV, 0.5 mA
beam filtered by 4-cm-thick BR-12 phantoms (the same imag-
ing condition as those in row 3 of Table 10-4), based on
established techniques (Dobbins et al. 1995; Vedantham et al.
2000). As illustrated, both detectors yielded NEQ values
greater than 5x10% but the NEQ curve of detector-1 is
approximately 8 times of that of detector-2, due to the differ-
ence between the input exposure levels of the two detectors
(row 3 of Table 10-4).

In the dual detector setup, the beam penetrating the first
detector is also captured by the second detector. Thus the
influence of the first detector on the second detector needs to
be evaluated. From the NEQ and the incident exposures at the
specified beam quality (Figure 10-12), the detective quantum
efficiencies (DQE) (Dobbins et al. 1995; Vedantham et al.
2000) of the two detectors were estimated (Zhang et al. 2006;
Zhang et al. 2008a), revealing that they are very similar in
magnitude and in shape (Figure 10-13). Thus, it is apparent
that the two detectors utilize x-ray quanta and transfer SNR

with similar efficiencies. The DQE values for the two detec-
tors at very low frequencies (<0.5 Ip/mm) are all above 50%,
showing a highly efficient utilization of x-ray photons
throughout the imaging process. The DQE curves for detec-
tor-2 with the five R, settings almost coincide exactly, which
means that an elongated R, and the resultant reduced expo-
sure levels did not degrade the imaging performance signifi-
cantly under the experimental settings. The DQE curves of
detector-1 also demonstrated appreciable agreement with
those of detector-2, which indicates that the system perfor-
mance of each detector is similar.

To illustrate the image qualities of the dual detector pro-
totype, the wax insert of an ACR phantom was imaged with a
single exposure from a 40 kV, 25 um thick rhodium filtered
beam. Detector-1 was placed at an SID of 1.83 m and in con-
tact with the object, and therefore recorded the attenuation-
based image of the object. Detector-2 was placed 1.22 m away
from detector-1, and recorded the phase-contrast image of the
object. One can observe that the image from detector-2 (Fig-
ure 10-14b) is noisier than that from detector-1 (Figure 10-
14a), but otherwise the overall image quality of the more dis-
tal image is not significantly degraded by the passage through
the first CR plate.

To demonstrate the phase-sensitive imaging capability of
the system, we developed a phase retrieval algorithm that gen-
erates a phase map from an experimentally acquired attenua-
tion image and a phase-contrast image. The method utilized in
the phase retrieval is referred to as the “attenuation-partition
based phase retrieval algorithm,” which has its foundation in
the general phase-contrast imaging theory described earlier
(Yan et al. 2008; Yan et al. 2010; Yan et al. 2011). An illustra-
tion of the extra image information yielded by the technique
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a)

Figure 10-14. Image of a wax insert from an ACR phantom obtained by a) detector-1 and b) detector-2. These two images (atten-
uation and phase contrast) were acquired with a single exposure at 40 kV, 25 um thick rhodium filtered beam.

can be obtained by imaging plastic (nylon) wraps containing
many air bubbles, such as those typically used to wrap deli-
cate objects during shipping. These plastic wraps have little
attenuation due to their thickness, and thus one wouldn’t
expect them to be visible in a conventional x-ray image, but
the abrupt refractive index change between the plastic and air
bubble layers is pronounced in phase-contrast images. Figure
10-15 shows a photograph of a sample sheet of the described
nylon “bubble” wrap. Figure 10-16 displays attenuation and
phase-contrast images of the bubble wrap acquired individu-
ally, with a 20 um focal spot and 40 kV beam. A phase image
retrieved from the images of Figure 10-16 is presented in Fig-
ure 10-17. The color bar in this figure shows the retrieved
phase values in radians. It is interesting to compare the phase-
contrast image (Figure 10-16b) and the calculated phase
image. While the phase-contrast image improves the visual-
ization of the air bubbles by producing an edge enhancement
effect, the final calculated phase image can be used to solve
quantitatively for the object’s projected electron densities for
material characterization.

In addition to selecting the detection technologies, there
are many other design considerations for developing an opti-
mal phase x-ray imaging system, such as the spatial resolution
of the detectors; the spatial coherence, spectrum and power of
the source; and the geometry and configuration of the system,
etc. Some of these were analyzed in previous publications
(Wu and Liu 2003b; Wu and Liu 2004b; Wu and Liu 2007a),
and others are likely topics of future investigations. Practi-
cally, the x-ray techniques, such as kV and filtration, could
also be tuned according to the nature and thickness of the
object to be imaged to optimally balance the stopping power

and the transmittance of the detector-1. The entirety of the
phase x-ray imaging approach, including retrieval algorithms,
is currently an active area of research investigation.

10.4.2 Preclinical Experiments and Subjective
Evaluations

To further demonstrate the application of the in-line phase
imaging system, we acquired images of a contrast detail phan-
tom and human breast tissues (from lumpectomy) with
another phase-contrast imaging prototype (Figure 10-18).
Using this prototype, images of the Contrast Detail Mammaog-
raphy Phantom (CDMAM) phantom (Nuclear Associates,
Carle Place, NY), chicken muscles (breast) and human breast
tissues from a lumpectomy specimen were acquired and com-
pared (Zhang et al. 2008b). All images were acquired with an
x-ray technique setting of 40 kV, 0.25 mA, 30 s.

The same micro-focus x-ray source in the previous section
was used in this prototype, but the x-ray detection system now
was composed of a single direct x-ray detector made of an
amorphous selenium-coated thin-film transistor (TFT) matrix
(DirectRay flat panel x-ray detector, Hologic DirectRay Cor-
poration, DE). The prototype imaging system can be config-
ured in two modes by changing the height of the detector:

» the conventional x-ray imaging mode (hereafter
referred to as conventional mode or contact mode) in
which the object is positioned in contact with the
detector; and

« the in-line phase contrast mode (hereafter referred to as
phase contrast mode), in which the source-to-object
distance (R,), and object-to-detector distance (R,) are
both large.



In the conventional mode, the SID is 178.2 cm, while in
the phase contrast mode, R; = 63.5 cm and R, = 114.7 cm,
with a corresponding magnification factor M = 2.8. The left
and middle drawings in Figure 10-19 illustrate the geometry
of the system in these two experimental configurations.

Because the object is placed much closer to the source in
the phase contrast mode than in the conventional mode, when
the same exposure techniques are used, the absorbed dose in
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the phase contrast mode is higher than that in the conventional
mode by a factor of M2, In order to compare the performance
of the phase contrast imaging techniques with conventional
absorption-based imaging techniques with the same absorbed
dose, we configured the system in yet another mode (hereafter
referred to as the extra contact mode) in which the source-to-
object distance (R) is still 63.5 cm, but the detector is moved
closer to the source and placed in contact with the object. The

Figure 10-15. Photograph of the target used to test our phase
retrieval algorithm—a nylon wrap consisting of many air bub-

bles.

Figure 10-17. The retfrieved phase map of the nylon bubble
wrap based on the attenuation image (Figure 10-16a) and the
phase-contrast image (Figure 10-16b). (From Liu et al. 2008.)

Figure 10-16. a) Attenuation image of the nylon air-bubble wrap obtained at 40 kV with SID=1.75 m; phase-contrast image. b)
The same nylon wrap at M=2.8. (From Liu et al. 2008.)
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Figure 10-18. Photo of the laboratory phase-contrast imaging
system used to acquire phase images of the contrast detail
phantom and the human breast tissues. The SID is 178.2 cm,
and the magnification factor M for the phase-contrast imaging
mode is 2.8. R1=63.5 cm and R,=114.7 cm. For the contact
mode, R{=R,=SID=178.2 cm.

drawing on the right side in Figure 10-19 illustrates the
geometry of the system in this extra configuration.

X-ray Source
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R1=SID

vy Object
Detector

X-ray Source

Figure 10-20 shows images of the CDMAM phantom
acquired in both conventional and phase contrast modes.
Since the images of the entire CDMAM phantom are too large
to be clearly presented, only a subset containing four entire
squares is provided.

Figure 10-21 displays contrast-detail curves obtained for
both modes, with the specified imaging technique. All curves
represent the average results from 11 human observers; the
error bars in the figures indicate the 95% confidence interval
for each data point, based upon a student’s t-distribution with
a degree of freedom of 10. For the purpose of comparing the
phase contrast technique with the conventional technique
under the condition of the same absorbed dose, Figure 10-22
shows the contrast-detail curve obtained in both the phase
contrast mode and the “extra contact mode,” both performed
with a source to object distance of 63.5 cm.

The contrast-detail curves display a measurement of the
threshold contrast (represented by the minimum perceptible
disk thickness) needed to detect an object as a function of its
diameter (Darambara et al. 2000), and provide us with an
effective method for comparing the performance of the con-
ventional x-ray imaging technique with the phase contrast
imaging technique. The curves representing the conventional
mode start at a diameter equal to 0.13 mm, which represents
the limiting resolution of the system in conventional mode.
On the other hand, the curves of the phase contrast mode start
at a diameter equal to 0.1 mm with a relatively low threshold
contrast, which is probably because the effective resolution
(139/2.8 = 49.6 um) of the system in the phase contrast mode
with a magnification factor 2.8 is much higher than the limit-
ing resolution measurable by the CDMAM phantom (100
um). From figures 10-21 and 10-22, one can see that with the
same disk diameter, the phase contrast imaging mode requires
lower contrast for the disks to be visible than the conventional
mode, and therefore exhibits higher performance. Although

X-ray Source

—
R1 R1=SID
¥—Object Object
Detector
R2
Y _Detector

Figure 10-19. Schematic showing the geometry of the conventional imaging mode (leff) and the in-line phase contrast mode
(middle). The schematic on the right is also for the conventional mode, but with a reduced source-to-object distance. (From Zhang

et al. 2008b).
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Figure 10-20. Region of inferest from the CDMAM phantom in a) phase contrast mode and b) conventional mode. (From Zhang
et al. 2008b.)

the two curves in Figure 10-22 are much closer to each other,
one can still observe that the contrast-detail curve of the phase
contrast at lower diameters is lower than that of the “extra
contact mode,” which means the former still requires lower

CDMAM curves at 40kVp, 250uA, 30s
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Figure 10-21. Comparison of the average contrast-detail
curves generated by 11 human observers viewing conventional
and phase-contrast images. In the conventional mode, the SID
is 178.2 cm, while in the phase contrast mode, R1=63.5 cm
and Ry=114.7 cm. The error bars indicate the 95% confi-
dence interval for each data point based on a student’s t-distri-
bution. (From Zhang et al. 2008b.)

contrast for disks with small diameter than the latter. The rea-
son why the contrast-detail curve of the extra contact mode is
better behaved than that of the conventional mode is that the
exposure on the detector entrance in the former case is about

CDMAM curves at 40kVp, 250uA, 30s, R1=63.5 cm
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Figure 10-22. Comparison of the average contrast-detail
curves generated by 11 human observers viewing conventional
and phase-contrast images of a CDMAM phantom. Both
images were taken with the same source-to-object distance
(Ry=63.5 cm) and, hence, the same absorbed dose. The error
bars indicate the 95% confidence interval for each data point
based on a student’s t-distribution. (From Zhang et al. 2008b.)
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7.84 times higher than in the latter, resulting in a 2.8 times
higher SNR in the former than in the latter, and therefore
much better image quality.

In Figure 10-23, a chicken breast specimen (unfixed tis-
sues of 1 mm thickness) was imaged in both conventional and
phase contrast modes with the previously described x-ray set-
tings. Figure 10-24 shows images of a different chicken
breast specimen with artificial calcifications (pieces of chew-
able calcium placed on top of the tissue) which together simu-
late a core biopsy sample. It is evident that the structures are
more clearly defined in the phase-contrast images than in the
conventional images. In particular, edge enhancement result-
ing from the in-line phase contrast approach results in bright
and dark fringes along the boundaries of the tissues and bub-
bles in both figures, and the calcifications appear enhanced in
the phase-contrast image of Figure 10-24.

Figure 10-25 shows the x-ray images of a human
lumpectomy specimen containing a lesion, whose position is
indicated by an inserted needle. Similar to the chicken tissue
images, the dark-bright fringes along the boundaries of the
tissue and air bubbles can be clearly seen. In addition, the

Phase-contrast image

Phase-contrast image
CT—T—

jr>

.'.

retrieved phase image of the lumpectomy specimen, acquired
with the “attenuation-partition based phase retrieval algo-
rithm” (Yan et al. 2008; Yan et al. 2010; Yan et al. 2011) is
displayed. This phase map shows the projected phase values
in unit of radians. Projected electron densities obtained from
this phase map (not shown in the figure) agreed with the
thickness profile of the specimen. Figure 10-26 displays more
closely the region of the lesion, which allows the edge
enhancement on the boundaries of the lesion tissue and air
bubbles to be more notably observed. Figure 10-27 presents
images of three core biopsy specimens from a different
human subject, yielding still further evidence of the improved
clarification of boundaries provided by the phase imaging
approach.

Considering the low spatial resolution of the detector
(139 pm), the relatively low detector entrance exposure (37.3
mR) and comparatively high tube potentials (40 kV), such
findings are encouraging to the future of phase contrast
research. Along with edge enhancement, images obtained in
the phase contrast mode exhibit better overall image quality
than those obtained in the conventional mode. However, it
should be noted that this overall improvement in image qual-

Conventional image

Figure 10-23. Comparison be-
tween phase contrast and con-
ventional x-ray images of 1 mm
thick chicken breast tissue. The
scale bar in each image rep-
resents a length of 1 cm. (From
Zhang et al. 2008b.)

Conventional image

Figure 10-24. Comparison be-
w tween phase contrast and con-
ventional x-ray images of chicken
breast tissue with artificial calcifi-
cations simulating o  human
breast core biopsy specimen. The
scale bar in each image rep-
resents a length of 5 mm. (From
Zhang et al. 2008b.)



ity is a result of both the phase effect and the magnification,
which leads to higher effective spatial resolution. A future
goal for phase contrast research is to utilize a higher-energy x-
ray beam, which holds the potential to reduce the absorbed
dose without negatively affecting the image quality due to the
fact that the phase-contrast imaging technique does not rely
solely upon attenuation for image formation. A brighter x-ray
source with a micro focal spot is also desirable, as these sam-
ple images were acquired with long exposure times of 30 s,
which would not be ideal in a clinical setting. Finally, further
studies are necessary to investigate the impact of improved
edge detectability on diagnostic measures, as it is possible
that these pronounced features may confuse image interpreta-
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tion on the part of the radiologist, in addition to improving
feature visibility.

10.4.3 Phase Duality-based Robust Phase Retrieval
from a Single Phase-contrast Image

Phase retrieval is an important step in phase-sensitive imaging
to quantify phase changes caused by tissues (Wu and Liu
2003a; Wu and Liu 2004c; Wu and Liu 2005). The in-line
holography principle requires that, in general, at least two
images are needed for phase retrieval. One can acquire the
multiple images either by using multiple x-ray exposures or
by employing multiple detectors with a single exposure, as
discussed in the previous sections.

Figure 10-25. Comparison between the
phase contrast a) and conventional b) x-
ray images of the human breast lumpec-
tomy ftissue. The scale bar in each
image represents a length of 1 cm. The
retrieved phase map (projected phase
values in radians) is shown in ¢).
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Phase contrast image
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Conventional image
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Figure 10-26. Lesion area of the lumpectomy tissue demonstrates the edge enhancement provided by phase-contrast imaging.
The scale bar in each image represents a length of 5 mm. (From Zhang et al. 2008b.)

This requirement for multiple image acquisitions adds
some complexity to clinical implementation of phase imag-
ing, because in clinical imaging the motion artifacts and the
radiation dose should be stringently controlled (Wu and Liu
2003b; Wu and Liu 2004b). The complexity of multiple
image acquisition also adds difficulty to the implementation
of x-ray phase CT (Wu and Liu 2004a). In this section we first
present phase-attenuation duality for soft tissues (Wu et al.
2005; Wu and Liu 2007b), and show that the high sensitivity
of phase imaging manifests itself from the high ratio of x-ray
wavelength to classic electron radius in the presence of the
phase-attenuation duality. Utilizing this duality, we derive a
phase-retrieval formula based on only a single phase-contrast
image acquired with a point x-ray source.

For phase-contrast imaging an object can be modeled as a
2D transmission function in the object plane perpendicular to
the direction of x-ray projection with its amplitude denoted by
A(r) and its phase by ¢(r). The map A2(r) is the tissue’s x-ray
attenuation image, and the map ¢(r) is the tissue’s x-ray phase
image. While the tissue phase arises from x-ray coherent scat-

Phase-contrast image

tering, the tissue attenuation arises from three x-ray-tissue
interactions: photoelectric absorption, coherent scattering,
and incoherent scattering for the x-rays employed in clinical
imaging (Wu et al. 2005).

Soft tissues encountered in clinical imaging are mainly
composed of light elements with atomic humbers Z<10. For
example, breast tissue comprises light elements such as
hydrogen, carbon, nitrogen, and oxygen. On the other hand,
the sum weight of all the other, heavier elements in breast tis-
sue is only 1.4% (ICRU 1989). The same is true for other soft
tissues, such as gray-white brain matter (Wu et al. 2005).

It can be shown by analyzing the existing tissue attenua-
tion data that for x-rays of approximately 60 to 500 keV, the
soft tissue attenuation cross sections are approximated by
those of x-ray incoherent scatter with small errors from 10%
to 0.16%, and the incoherent scattering function becomes lin-
earized as well such that incoherent scattering is proportional
to atomic number of the element (Dyson 1973; Wu et al.
2005). Under this situation we find that A(r) depends on the
tissue electron density pe (r,z) as (Wu et al. 2005; Wu and
Liu 2007b):

Conventional image

Figure 10-27. Detailed images of a human core biopsy specimen. The scale bar in each image represents a length of 5 mm.

(From Zhang et al. 2008b.)



Figure 10-28. a) Simulated image of projected
electron density for a hypothetical breast of 4 cm
thickness with very low tissue radiographic sub-
ject contrast, £0.83% for 60 keV x-rays. b) Simu-
lated aftenuation image with added random
noise of 5% of AZ(r). The image is entirely
masked by the small added noise. c) Simulated
phase-contrast image with 5% random noise.
The edges between fissue components are
greatly enhanced, but bulk tissue contrast within
any given tissue compartment is lost. d) Retfrieved
phase image of the hypothetical breast from the
noisy phase-contrast image using the phase-
attenuation duality approach. (From Wu and Liu
2007b.)

A(r) = exp[— G;N Ipe(r, z)dz}
(10.41)

~exp| %245,

where the projected electron density pe ,(r) is the integral of
the electron density over the ray path. Here oy is the total
cross section for x-ray photon Compton scattering from a sin-
gle free electron, derived from the Klein—Nishina formula:

Oy =271} {1+271 [2(1“7) ! —log(1+ 217)}

n 1+2n
(10.42)
+ L log(Le 2n) - 23
21 L+ 2n)

In Equation 10.42, 77 = Epnoton /MeC% Where Eppogon is the
photon energy of the primary x-ray beam, is the resting elec-
tron energy and is equal to 511 keV, and ry, is the classic elec-
tron radius. If the x-ray energy is away from the absorption
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edge of the tissue, we can write the tissue phase ¢(r) as (Pog-
anin et al. 1997; Wu et al. 2005; Wu and Liu 2007b):

¢(r) =—4r, j p.(r,2)dz=-Ar,p, (r) (10.43)

where A is the x-ray wavelength. Comparing Equations 10.41
and 10.43, we can make an important observation: both the
phase image ¢(r) and the attenuation image Az(r) of soft tis-
sue are determined by the same map of projected electron
density, pe (), assuming that the x-ray photon energies are in
the approximate range of 50 to 600 keV. We call this comple-
mentary relationship between phase and attenuation for soft
tissues the phase-attenuation duality, considering the different
origins of x-ray soft tissue interactions for phase and attenua-
tion, respectively (Wu et al. 2005).

Based on the phase-attenuation duality for soft tissues,
we derived a new phase-retrieval formula from a single phase-
contrast image acquired with a point source. As described
previously, let the distance from a monochromatic point
source to the object plane be R; and the distance from the
object plane to the detector plane be R,; hence, geometric
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magnification factor M = (R + R,) / Ry. Starting from either
the paraxial Fresnel-Kirchhoff diffraction theory or the
phase-space evolution of the Wigner distributions for x-ray
wave fields, after a tedious calculation we found the following
formula for pg , (r) (Wu et al. 2005; Wu and Liu 2007b):

1
pe,p(r) =
(o2

KN

(10.44)

FT[M2I(MF:R, +R,)
2
|m[1+2n’“eR?u2}

Oxn

xlog,| FT™

where I(Mr; Ry + Ry) is the image intensity at the detector
plane and I;, is the intensity at the subject entrance. FT and
FT~! denotes the 2D Fourier transform and its inverse, and u
is the spatial frequency vector in the object plane. Note that
the retrieved image p, (r) of the projected electron density
represents both the phase image and the attenuation image by
equations 10.41 and 10.43.

Here we want to point out that the high sensitivity of the
x-ray phase change is obtained as the large ratio Ar, / oy >>
1 in this circumstance. In fact, for clinical imaging the photon
energy is typically no higher than 150 keV, and in this case
Arg | oy =341 8nrg ~10*. With this duality, the high sensitiv-
ity of the phase imaging manifests itself from a large ratio of
x-ray wavelength to classic electron radius.

To demonstrate the application of the phase-attenuation
duality in phase retrieval, we simulated the in-line phase con-
trast imaging of a hypothetical breast (Wu et al. 2005; Wu and
Liu 2007b). The simulation was conducted with Ry =R, = 1
m, a point source, and a perfect detector. The object-pixel size
was 2 um in a 512-by-512 matrix. The hypothetical breast was
4 cm thick with subject contrast <0.83% for a 60 keV x-ray.

The original projected electron density map of the breast
is shown in Figure 10-28a. Figure 10-28b displays the simu-
lated attenuation image with 5% added random noise in Az(r),
enough to completely mask the tissue contrast (Wu and Liu
2007b). Figure 10-28c demonstrates the Fresnel diffraction-
simulated phase-contrast image containing the 5% added ran-
dom noise. Note that the edges between different tissue com-
ponents are greatly enhanced in this image, but bulk tissue
contrast within any given tissue compartment is lost. We
applied Equation 10.44 to the phase-contrast image for phase
retrieval. Figure 10-28d shows the retrieved phase image of
the breast in Figure 10-28a with an average relative phase-
error of 0.11%. The “true” tissue contrast is restored in this
phase image of the simulated breast. Compared to the attenua-
tion-based image of Figure 10-28b, the retrieved phase image
demonstrates striking noise suppression.

The relative phase-error of 0.11% demonstrates that this
new phase retrieval method is robust, which is critically
important for diagnostic imaging, especially in light of dose
considerations. Our calculations show that pathological
changes in the breast may be associated with very small phase
changes. For example, because the difference in phase-shift
between a 2.5 mm invasive ductal carcinoma and normal
breast parenchyma is only a few radians, a small phase-error
is crucial. The high sensitivity and robust nature of this phase
imaging method suggests that it has great potential to enhance
the sensitivity of lesion detection while reducing the radiation
dose associated with clinical imaging.

10.5 Summary

In-line phase x-ray imaging shows remarkable potential as a
diagnostic imaging tool. The major factor that limits the clini-
cal adoption of the modality is still related to the x-ray source.
Currently, commercially available micro-focus x-ray tubes
require extended exposure times due to low photon flux and
large SID geometries. However, we anticipate that the ongo-
ing technical development of new x-ray sources will success-
fully boost the translation of this important imaging
technology from the research laboratory to the clinic.
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