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Abstract

X-ray diffraction (XRD) is a powerful technique used to determine the molec-
ular structure of biological tissues. In breast tissues for example, the scattering
signatures of dense fibroglandular tissue and carcinoma have been shown to be
significantly different. In this study, XRD was used as a second control level
when conventional mammography results were unclear, for instance because of
overly high breast density. A system optimized for this issue, called multifocal
XRD, was developed combining energy dispersive spectral information at dif-
ferent scattering angles. This system allows depth-imaging in one go but needs
an x,y-direction scan to image the region conventional mammography identified
as suspect. The scan-time for about 10 cm?® with an incident flux of about
4.8-107 photons per second would be around 2 seconds. For this study, breast
phantoms with and without cancerous nodule were simulated to assess the sep-
aration power of the method and to determine the radiation dose required to
obtain nearly ideal separation. For tumors situated in the center of the breast,
the required dose was only about 0.3 mGy, even for breasts with high density.
The tumor position was shown to have a low impact on detectability provided
it remained in a zone where the system was sufficiently sensitive. The influence
of incident spectrum maximum energy was also studied. The required dose re-
mained very low with any of the incident spectra tested. Finally, an image slice

was reconstructed in the x-direction and showed that the system can detect the
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presence of a small tumor (4 mm). Hence, XRD is a very promising tool to
reduce the number of unnecessary invasive breast biopsies.
Keywords: X-ray scattering, breast cancer, breast phantom simulation,

radiation dose, system optimization, depth imaging, reconstruction.

1. Introduction

Conventional mammography is based on the premise that normal breast
tissue and cancerous tissue differ in how they absorb X-rays. Mammography is
currently believed to be the most effective breast screening tool. However, it is
limited by the low contrast between the details to be detected (e.g. nodules) [1]
and the background composed of adipose and fibroglandular tissues. The higher
the proportion of fibroglandular tissue (i.e., the more dense the breast tissue),
the more difficult it will be to detect a small lesion. This difficulty can lead to
false negative or false positive diagnoses, resulting in missed cancer detection or
unnecessary biopsies.

As breast biopsy is an invasive technique which causes patients considerable
stress, the number of unnecessary ones should be reduced. This article proposes
a non-invasive X-ray diffraction (XRD) method which could reduce the number
of unnecessary breast biopsies. XRD can detect the molecular structure of
biological tissues [2] which is not possible with X-ray absorption. Hence, it
delivers additional information about the tissue to be classified. The potential
of XRD to improve breast cancer diagnosis was recognized by numerous authors.
Some of them suggested to enhance contrast of conventional mammography by
combining transmission and coherent scattering images [3-5]. XRD as a stand-
alone technique was also considered. Different XRD computed tomography
systems were proposed [6-9]. The most important problem of XRD in breast
cancer diagnosis is the system sensitivity, which implies long measurement time
[10-12] and high dose delivery. Chaparian et al. [13, 14] proposed a method to
optimize an energy dispersive X-ray diffraction system for clinical applications in

terms of sensitivity notably. Though, this system only acquires at one scattering
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angle and acquisition of thicker objects requires a depth scan. Moreover, their
study did not include dose considerations. Ghammraoui et al. [15, 16] analyzed
the impact of delivered dose on image quality in coherent scatter computed
tomography (CSCT) of the breast. The present study does not use tomography
but a system requiring only a simple x,y-scan to perform volumic XRD imaging.
Its purpose was to determine the dose necessary to detect a 4 mm breast tumor
using this XRD technique.

We propose an optimized XRD system for use as a second control after
conventional mammography with suspicious outcome. Using a convergent col-
limation system and a spectroscopic imaging detector, the system combines
energy dispersive X-ray diffraction (EDXRD) spectral information at different
scattering angles. A multi-angle EDXRD approach was suggested by other re-
search teams [17, 18] and it was shown that this technique allows an increase
of system sensitivity as well as an increase in the accessible momentum transfer
range [19].

The aim of this study was to show that this system can detect a small
tumor of about 4 mm in a fibroglandular tissue background while only requiring
exposure to a reasonable (not more than in conventional mammography) dose of
radiation. This feasibility was demonstrated using simulations of XRD spectra
for breast phantoms with different tissue compositions (varying breast density,
with or without carcinoma nodule). The ability of the system to distinguish
between spectra with or without carcinoma was assessed, and the dose required
to obtain faithful distinction between samples was determined. The impact of
tumor position and the energy level of the incident spectrum on the required
dose were also studied. Finally, one scan slice measurement in the x-direction

was simulated and reconstructed to confirm assessed system performances.
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2. Theory

2.1. X-ray diffraction

Coherent X-ray scattering or Rayleigh X-ray scattering, leading to X-ray
diffraction when analyzing crystalline samples, is commonly used to determine
the molecular structure of matter. Classically, coherent scattering is explained
by the interaction between the electric field associated with the X-ray beam and
the distribution of the electron charge in the analyzed sample. Under the action
of the incident electric field, electrons oscillate and emit radiation with the same
energy as the incident X-ray photon, but in a different direction. Radiation
emitted by different electrons in the same or different atoms can constructively

interfere to produce a typical X-ray scattering pattern. These patterns depend

=1 sn(3) 1)

X is given in nm ™! and is proportional to the momentum transferred to the

on the variable x defined as:

photon causing it to be scattered at an angle . E corresponds to the photon en-
ergy, h to Planck’s constant and ¢ to the speed of light (1/hc ~ 0.806 keV~!-nm~1).
Hereafter, we will refer to y as the momentum transfer.

The differential cross-section per electron for each solid angle is given by:

docon  dorp

where dggh =72 1+C§’S29 is the classical Thomson cross-section for a free

electron, fraps is the coherent scatter form factor for independent atoms, ac-
counting for interference between X-rays scattered by different electrons from
the same atom; s is the molecular interference function accounting for intra-
and intermolecular interference. This function corresponds to discrete Bragg
peaks for materials with well defined long range orders, such as crystals. In the
case of amorphous materials presenting a short-range order, such as biological
tissues, s will be a continuous function with an oscillatory behavior around unit

value, and a decreasing amplitude as y tends toward higher values.
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According to equation (1), XRD spectra can be measured in two ways. Usu-
ally, XRD spectra are measured by acquiring the diffraction signal as a function
of 0 at a fixed beam energy. This technique is called angular dispersive X-ray
diffraction (ADXRD). For their acquisition a monochromatic X-ray beam is
necessary, which strongly reduces the photon flux if a conventional X-ray tube
is used. The second technique, energy dispersive X-ray diffraction (EDXRD),
requires X-ray spectroscopic detectors capable of measuring the scattered inten-
sity at a fixed scattering angle 6, across a range of energies. As a conventional
polychromatic X-ray tube can be used for this method, there is no photon flux
problem. In general, EDXRD spectra present a lower resolution than ADXRD
as in addition to resolution factors that are common to both methods (e.g. pixel
size, object voxel size, angular resolution of the system...) spectral resolution
of the detector also degrades the resolution. In ADXRD, the spectral width
of the incident spectrum impacts the resolution but this spectral width only
exists around the chosen energy whereas in EDXRD each energy bin of the de-
tector presents a given spectral width. Nevertheless, EDXRD presents certain
advantages compared to ADXRD. First of all, as has already been mentioned,
the use of a polychromatic conventional X-ray tube is possible. Furthermore,
one detector pixel can acquire the entire XRD pattern of a given object voxel.
Therefore, it is possible to acquire the XRD signatures of different object in
one pass which significantly increases the acquisition speed. It is also possible
to combine the classical ADXRD and EDXRD techniques in order to increase

system sensitivity, which will be proposed in the following study.

2.2. X-ray diffraction in breast imaging

The diffraction patterns of biological tissues, which correspond to a molecu-
lar structure with short-range order, are characterized by one or more smooth
peaks at well-defined momentum transfer values (Fig. 1). Several studies at-
tempted to classify different breast tissues using EDXRD [9, 10, 12, 20, 21], or
ADXRD (8, 22-25]. A common result of these studies is that healthy adipose tis-

sue produces a sharp peak at low momentum transfer values around 1.1 nm™?,
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while carcinoma presents a broad peak at higher momentum transfer values
around 1.6 nm~! (Fig. 1). This higher value corresponds to the maximum of
the water scattering signature. Though, the difference between the scattering
signatures of cancerous tissue and benign tumor was found to be very small by
Pani et al. [9] (Fig. 1.a), and it does not seem possible to distinguish these two
tissue types by XRD. Kidane et al. [10] found fibroadenoma scattering signature

to have a maximum around 1.6 nm~?

as carcinoma and with scattering inten-
sity at lower momentum transfer values between fibroglandular and cancerous
tissue (Fig. 1.b). This signature seems to be easier to separate from carcinoma
than the pattern determined by Pani et al. but more difficult than fibroglan-
dular tissue. The attenuation of carcinoma and benign tumors is very similar.
However, their shape is different. A fibroadenoma is well defined and sharply
demarcated, whereas a carcinoma is ill-defined and has a stellate form. Hence,
using the anatomical information from classical mammography or breast CT, it
might be possible to distinguish between benign and malignant neoplasm.

Therefore, in this study we concentrate on distinguishing between healthy
fibroglandular tissue and carcinoma. Both tissue types are very dense and it
is often difficult to distinguish between them using conventional mammography
because of their very similar absorption coefficients. Their XRD signatures, in
contrast, are quite different. Fig. 1.b shows scattering profiles for the two types
of tissue, as determined by [10] on a statistically significant number of samples.
We used these scattering profiles as reference signatures for this study.

The main difference between fibroglandular and cancerous tissues is situated
at low momentum transfer values around the fat peak (around 1.1 nm~1!), as
1

shown in Fig. 1.b. The x-values of interest are between 1 nm~! and 2.5 nm~

in the present work.
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Figure 1: Scattering signatures for different breast tissues.
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3. Materials and methods

3.1. X-ray diffraction system

As explained previously, XRD is proposed to be used as a second control
when conventional X-ray mammography results do not give a clear diagnosis.
Conventional mammography allows to determine the position of the suspect
region in the (x,y) plane, but not its depth within the breast. Hence, the
proposed XRD system must be able to target a specific region in the (x,y) plane
and to image the whole breast thickness, i.e., to obtain a diffraction pattern as
a function of momentum transfer for each depth position in the breast.

A classical EDXRD setup consists of a collimated polychromatic X-ray source,
a secondary collimation system to select the nominal diffraction angle, and a
spectroscopic detector. In our setup, we associate a collimated polychromatic
incident pencil beam with convergent secondary collimation targeting (x,y) (Fig.
2). This type of system corresponds to a multi-angle EDXRD system, since dif-
ferent diffraction angles will be intercepted (convergent system). Furthermore,
intercepting different scattering angles makes it possible to use a larger detector
surface for the region to be imaged, hence increasing the systems sensitivity.
The use of a thin pencil beam means that the diffraction signal is only emitted
from a thin line in the sample, which will be referred to as the Z-axis hereafter.

Another possible solution to inspect the suspicious region would be CSCT
[7, 15, 26]. Batchelar et al. [26] used an ADXRD CSCT system working without
secondary collimation. This results in an increase of the system sensitivity.
Though, the sample to be analyzed must be thin. Otherwise, there would be
mixing between different scattering angles and tissues. As we want to analyze
the whole breast thickness, this system is not suitable. Ghammraoui et al.
[15] compared the performance of two CSCT system configurations: fan-beam
and pencil-beam configuration. Fan-beam geometry allows to acquire a whole
image slice at once but to avoid mixing of different scattering angles strong
collimation is required, which significantly reduces system sensitivity. Pencil

beam configuration requires less collimation. Though, measurement lines (or



187

188

189

190

191

192

193

194

195

196

197

198

199

200

201

translations) and sample rotation are required, which is not always easy in
clinical routine. They also investigated the use of multiplexed-beams geometry
which is faster than pencil beam configuration but still requires sample rotation

typical for CT imaging.
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A | X-raysource
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>
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Figure 2: Schematic representation of a system combining EDXRD information at multiple
scattering angles: a polychromatic incident pencil beam, a convergent (multifocal) secondary

collimation system and a spectroscopic detector.

3.1.1. Incident X-ray beam

The incident X-ray source was simulated using SpekCalc [27]. The anode
material was chosen to be tungsten. The choice of a tungsten anode instead
of a molybdenum as normally used in mammography, can be justified by the
fact that molybdenum presents low bremsstrahlung intensity compared to its
characteristic peaks. In EDXRD, it is important to have a more continuous
distribution of photons over the different energies of the incident spectrum in
order to cover the required y-range at the chosen scattering angle. Hence, tung-
sten is a suitable choice. A 0.2 mm copper filter was used to suppress photons
below 20 keV as these photons would be almost entirely absorbed by photo-

electric interaction (Fig. 3) producing a dose deposit without generating any
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Figure 3: a) Linear attenuation coefficients of water for different types of interaction. b)
Mean energy deposit (multiple interactions included) for one photon in 50 mm of a material
with average chemical composition of breast tissue as a function of incident photon energy

(generated with PENELOPE 2008 [28]).

diffraction signal. Similarly, energies above 100 keV appear superfluous as the
probability of Rayleigh scattering becomes very low compared to Compton scat-
tering. This is illustrated by Fig. 3 showing the linear attenuation coefficients
of water (a) and the mean energy deposit (generated with PENELOPE 2008
[28]) in 50 mm of a material whose chemical composition is close to average
breast tissue (H: 9.82%, C: 33.15%, N: 3.41%, O: 51.96%, P: 0.50%, S: 0.52%,
K: 0.63% [29], percentages correspond to mass fractions). Hence, the reference
incident X-ray spectrum in this work is between 20 and 100 keV. Though, to
study the impact of the maximum energy of the incident X-ray spectrum on
system performances, a range of tube voltages, between 40 kV and 150 kV, was

tested.

10
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8.1.2. Secondary collimation

Two possible convergent collimation systems were considered here: a mono-
focal system and a multifocal system. Monofocal collimation systems only target
at one point in the object and require a depth scan, whereas multifocal systems
focus on several sample points simultaneously, and can acquire the whole depth
in one shot. Both systems require an (x,y)-scan to image the region identified as
suspect by mammography. A convergent monofocal system has been considered
by Malden and Speller [17] who used a multi-angle approach for baggage inspec-
tion. Though, as it is focused on only one voxel this kind of system would also
require a scan in the z-direction. This would significantly increase dose delivery
and it appears too complex for routine use in practice. Hence, this article only
presents results obtained with a multifocal collimation system able to image the
whole sample thickness in one go. A schematic representation of a multifocal
collimation system is illustrated in Fig. 2.

To obtain the best possible resolution and sensitivity in all directions, a con-
ical secondary collimation setup was chosen, in line with the intrinsic symmetry
of XRD. Circular symmetry for the secondary collimation was previously sug-
gested by Harding and Schreiber [30] for instance. However, their system is a
mono-angle EDXRD system with one slit focused on only one object voxel,
whereas the collimation system proposed here corresponds to a multi-angle
EDXRD system with several slits focused on a whole sample line. It is composed
of seven hollow cones nested one inside the other. A beam-stop was placed in the
center to stop transmission signal. The collimation system in Fig. 2 represents
a cross-section of this type of collimation system.

The collimation system was designed without multiplexing, which means
that each detector pixel only receives the diffraction signal from a single object
voxel. In the case of the presented system, this means that each detector pixel
only receives the diffraction signal from a single collimation hole (a concentric
annulus in our case) as the system was conceived to adress only one connected

depth-region in the target. Therefore, the detector was divided into as many

11
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parts as the number of holes, and each part was associated with a single hole
(Fig. 2). It has to be noted that a detector part contains several pixels. The total
detection surface is the same for each part. Fig. 4 illustrates the subdivision of
the detector and the definition of a pixel annulus.

Each hole targets a different sample depth position (multifocal collimation)
and covers a well defined region in the sample. Collimation height H and hole
aperture h were adjusted in order to intercept the required momentum transfer
range (combination of incident photon energies and covered scattering angles)
between y = 1 and 2.5 nm~! (Fig. 1) and to obtain a momentum transfer
resolution of at least 0.2 nm~! while maintaining system sensitivity as high
as possible. Table 1 summarizes the system parameters used for this study.
Resolution was mostly influenced by collimation height and hole size. ”Pixel
size” (annular thickness) was not limiting if it remained small (around 1 mm
or smaller). The number of holes was fixed in order to have as much holes by
respecting a septa thickness of at least 0.3 mm and by targeting the desired
scattering angles. Covered scattering angles range from 0.1° to 11°, where each
hole intercept a different range of angles. The first hole corresponds to low
scattering angles (up to 5°), whereas the last hole covers the highest scattering
angles. Collimator material was simulated as iron, which is less expensive than
tungsten and easier to manufacture. Septa thickness was about 1 mm at detector

side and between 0.3 and 0.5 mm at sample side.

Beam

stop Pixel

Detector part A

Detector part B

Figure 4: Schematic representation of detector partitioning (detection surface of detector part
A = detection surface of detector part B). One detector part contains more than one pixel.

The red pixel, which is represented here, is part of the white detector part.
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Table 1: System parameters. H: collimation height; h: collimation hole size; p: annular

thickness; Lg: detector dimension.

Number H h P Lg

of holes (mm) (mm) (mm) (mm)

7 230 0.8 1.0 100

Obviously, eventhough this kind of collimation allows to collect the scattering
signal following the whole annulus associated to one scattering angle, it strongly
restricts the number of detected photons compared to the number of incident
photons. Coded aperture systems combining EDXRD and ADXRD [31, 32]
use less collimation and can also be used to obtain a 2D image. However, this
kind of systems seems more adequate for discrete scattering signatures than
for continuous tissue signatures. Eventhough the number of detected photons
is higher, the amount of information that can be retrieved is not necessarily
higher because of ambiguity between scattering angle and momentum transfer
(due to multiplexing) with coded apertures, which seems to be more difficult
to resolve for amorphous spectra than for crystalline spectra. The amount of
information carried by the photons is not the same for each detected photon.
We tested to add slight multiplexing to our system in order to increase system

sensitivity, but the required dose to detect the small tumor also increased.

3.1.3. Detector

For this study, we considered a 5 mm thick 2D 10x10 mm? spectroscopic
CdZnTe detector with 2.5 mm anode pitch. CdZnTe is a room temperature
semiconductor detector with high resistivity (p = 5-10'° Q-em), good transport
properties (ur = 51073 ¢m-V 1) and a crystallinity compatible with fabrication
of devices measuring several cm?®. The thickness of 5 mm is hence feasible and
is well appropriate for the considered range of energies. In a previous study [33],
we showed that a spatial resolution of 0.4 mm can be achieved at 60 keV with

this detector geometry using transient signal processing, a technique known as
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subpixel positioning. The advantage of this technique is that it can improve
spatial resolution without degrading the spectral response by charge sharing
(due to smaller anode size). Here, 1 mm subpixel size was used for our system
simulations. The associated ASIC (Application-Specific Integrated Circuit) was
based on IDeFX-HD [34], which combines low noise and low power. In practice,
the average energy resolution was about 2.5% at 122 keV.

Using these characteristics, a detector response matrix (DRM), accounting
for limited energy resolution of the detector, was obtained using Tasmania, a
simulation environment developed in our laboratory. It gives the probability
of detecting a given amplitude A knowing the incident photon energy E4 on
the detector. This detector response model takes into account the following
elements: radiation (photons & photoelectrons) transport based on PENELOPE
[28], a 3D electric field model (for applied and weighting fields), 3D charge
carrier transport (diffusion, drift, trapping & Coulomb repulsion) [35], a detailed
noise model (detector & readout electronics) and a behavioral model of analog

electronics (shaping, trigger & peak detector).

3.1.4. Sensitivity and resolution

System sensitivity only depends on the geometric parameters of the acquisi-
tion system and not on the interaction cross-section of the sample. The sensitiv-
ity achieved with detector position r for the position in the sample Zggmpie can
be defined as the ratio of the surface (Fig. 5.a), at detector level, of an isotrop-
ically radiating point located at Zsgmpie to the intercepted detector surface at

detector position r:

2
dS (Z,r) = / L (3)
0 4m(r2+ Z2)

where Z = Zsqmpie+H+g with g the gap between secondary collimation and
sample. Integration over the cylindrical coordinate, ¢, is necessary to consider
the whole detector annulus of radius r and thickness dr (Fig. 5.b). To obtain a

system sensitivity in the pixel range with a radius, R4, from the center to the
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Figure 5: Schematic illustration of sensitivity calculations.

sampling point, Zgampie, it is sufficient to integrate all r from which Zsgmpie
can be ”seen” and which are part of the pixel.

Fig. 6.a shows the sensitivity distribution on the detector (detector position
R;) and in the sample (depth position in the sample Zggmpre) which was cal-
culated analytically. The higher the sensitivity value the more of the photons
(isotropically) emitted from Zggmpie can be detected at a given detector posi-
tion Ry. A gap of 10 mm between the secondary collimation and the breast
sample was considered to produce maximum sensitivity at the center of the
breast. The size of the gap was determined by considering the analytically cal-
culated sensitivity profile in the sample for the case, where the sample and the
secondary collimation are in contact. In this case, maximum sensitivity was at
Zsample = 35 mm (Zggmpie = 0 mm corresponds to the sample edge at sec-
ondary collimation side). The different detector parts were obviously sensitive
to different sample zones. Hence, the system is a multifocal collimation system.
This multifocal nature was also confirmed by the sensitivity profile in the sam-
ple represented in Fig. 6.b, which corresponds to the sum over Ry of Fig. 6.a.
The systems sensitivity was good almost throughout the samples thickness with

its maximum, which is indeed at the center (Zsgmpie = 25 mm). Because it is

15



332

333

334

335

336

337

338

339

340

341

342

343

344

345

346

347

348

349

350

351

352

353

354

355

356

357

close to the pencil beam axis (Z-axis) where the diffraction signal originates, the
first hole is sensitive to the whole sample thickness (Fig. 6.a), meaning that its
spatial resolution is very poor. Global resolution of the system is significantly
deteriorated by the first hole, but it allows detection of features in the lower
sample regions and thus increases the systems overall sensitivity as a whole.
The overall system performance of the collimation was assessed based on
detective quantum efficiency (DQE) and modulation transfer frequency (MTF)
calculations [19, 36]. It has to be noted this is not the commonly used definition
of DQE for detectors. Here it indicates the performance of the collimation
system associated to a given detector area. This wider concept of DQE was also
considered by Starck et al. [37] to characterize gamma camera systems. We
adapted these calculations do XRD imaging systems [19]. In photon counting
systems (Poisson noise) such as XRD systems, the DQE is the product of the
sensitivity and squared modulus of the MTF [36]: DQE(v) = S - MTF?(v).
We are able to determine the MTF of one pair hole-pixel (MTFy,(v)). Use
of the DQE allows to obtain a synthetical figure of merit combining sensitiv-
ity and resolution [19]. The DQE of a pair hole-pixel is given by the squared
MTF},(v.) weighted by its sensitivity Spp. To get the DQE of the whole colli-
mation system, the contributions of the different pairs hole-pixel can simply be

summed if there is no multiplexing [36]:

DQE(v.) = Y Spp- MTF;,(v:) (4)

pizels
The global spatial resolution, R, can be determined from the modulation

transfer function curve:

_ 2
== WE(O)de =2 ; MTF*(v,)dv, (5)

This definition is consistent with the full width at half maximum (FWHM)

1 T DQE(v,) Hoo
=2
/

for a rectangular gate-shaped point spread function. Angular MTF},,(vg) is de-
termined by geometrical considerations linking z and 6, and momentum transfer

MTF},(vy) can be calculated using the relationship between 6 and x (Eq. 1).
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The calculated overall system resolutions are summarized in table 2. With
9.6 mm in the direction of the samples thickness, the spatial resolution is low,
but it is nevertheless better than other XRD systems, which do not offer any
depth resolution. Some XRD imaging techniques such as CSCT [7, 16] and
coded aperture coherent spectral imaging [31, 38] allow to obtain better spatial
resolution in beam direction. Greenberg et al. [38], for instance, obtained a
spatial resolution of 5 mm in beam direction. However, contrast is lost due
to multiplexing inherent in coded aperture methods. In CSCT the resolution
is good but in clinical routine it is not always easy to rotate while imaging,
especially in breast imaging. We seek to propose an imaging system able to
acquire the whole sample thickness in one go with a satisfying spatial resolution
and having a good sensitivity while maintaining the best possible momentum
transfer resolution without the need of rotating movements.

The momentum transfer resolution meets the constraint of 0.2 nm~! for
almost every energy tested due to adequate angular resolution. Integration
over the whole incident X-ray spectrum (between 20 and 100 keV) leads to

an average momentum transfer resolution of about 0.07 nm™!.

However, the
calculations did not take the detectors energy resolution into account because
we were interested in proposing the best possible collimation system. Doing
so slightly deteriorates the momentum transfer resolution, as this resolution

depends on both angular and spectral resolution:

Ay = % - COS (Z) AD + % sin (g) AFE (6)

If a mean energy resolution of 3 keV is considered, this corresponds to 5%

at 60 keV. This leads to a resolution of 0.1 nm~! at 2 nm~!. At 20 keV this
resolution will be lower and 100 keV it will be higher, but in average the global

momentum transfer resolution is not worse than the required 0.2 nm™!.

In
the following simulation study both contributions (angular resolution of the

collimation and energy resolution of the detector) are taken into account.
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Figure 6: Sensitivity distribution and sensitivity profile of the simulated X-ray diffraction

system across the sample (sample starts at 0 and ends at 50 mm).

Table 2: Resolutions of the X-ray diffraction system considered (the spectral resolution of the

detector not taken into account).

Spatial Angular y at 20 keV  x at 60 keV  x at 100 keV  x at 150 keV

(mm) (°) (nm~) (nm™) (nm™) (nm™)

9.6 0.21 0.029 0.09 0.15 0.22
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3.2. Simulations

Our X-ray diffraction system’s capacity to distinguish between carcinoma
and fibroglandular tissue was assessed using Monte-Carlo simulations of the
whole system and a breast phantom. These simulations were performed with
PENELOPE [28], by adapting cross-sections for coherent scattering to take
intra- and intermolecular radiation interference, i.e., X-ray diffraction, into ac-
count. Cross-sections used in PENELOPE for Rayleigh scattering only contain
the Thomson cross-section and the coherent scatter form factor (Eq. 2). We
replaced these cross-sections by the diffraction signatures determined by [10]
(Fig. 1.b).

Simulations take into account all kinds of interaction (Rayleigh scattering,
Compton scattering, Photoelectric absorption, multiple scattering, fluorescence)

and all possible locations of interaction (collimation, phantom, detector).

8.2.1. Breast phantom

The simulated breast phantom was a 50 mm thick, and 150 mm diameter
cylinder of adipose tissue containing an ellipsoid of fibroglandular tissue (axis
in x- and y-direction: 70 mm) corresponding to a region with altered compo-
sition. To assess the impact of the thickness (i.e. the axis in z-direction) of
fibroglandular tissue, this ellipsoid was simulated in a range of thicknesses: 20,
30 and 40 mm. This allowed us to verify whether high density breast tissue
can be imaged with XRD. A small spherical carcinoma nodule was located in
the center of the phantom, in the case of a phantom with tumor. The diameter
of this nodule was about 4 mm, which corresponds to a very small tumor size.
In scintimammography, for instance, tumors smaller than 6 mm are difficult to
detect [39, 40]. Fig. 7 shows a schematic representation of the breast phantom.

As system sensitivity is not the same over the whole of the samples thickness,
it is important to study the impact of tumor position on its detectability. The
tumor was always located in the fibroglandular mass at this location will result
in doubtful mammography results. Therefore, tumor position variation study

was realized with 40 mm fibroglandular thickness. Four tumor offset positions
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were tested: +20 mm, +10 mm, -10 mm and -20 mm. A positive tumor offset
corresponds to a greater distance between tumor and detector, while a negative
offset corresponds to a shorter distance.

Ty

x 150 mm

20, 30 @$4amm
Fibroglandular
tissue

50 mm

Figure 7: Simulated breast phantom presenting a nodule (yellow sphere) composed of pure

carcinoma.

Scans in x-direction (N.B.: scans in y-direction were note simulated as they
are equivalent to scans in x-direction.) were simulated with and without tumor
for a fibroglandular thickness of 30 mm and incident spectra at 60 kVp and

100 kVp. The scan step was chosen to be 1 mm.

8.8. Data analysis

8.8.1. Separation power and required incident photon number
The contrast to noise ratio (CNR) is a measure of the separation power of a
given imaging system and is defined as:
AM
CNR=— (7)

o
where AM = M4 — Mp corresponds to the difference between the expected

signal intensities M4 and Mpg produced by materials A and B, and o corre-

sponds to the standard deviation of the noise.

Diffraction measurements follow a Poisson law, but for CNR calculations a Gaus-

sian approximation (u = 02 = A, where ) is the Poisson parameter) of photon

noise was used.

If A and B are the two tissue types to be distinguished (carcinoma and fibrog-
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landular tissue), using the Gaussian approximation, the squared CNR is given

by:

2
CNR? = Z (Mas = Ms,) ;Z_QMB”') (8)

where M4 and Mp are the expected diffraction signatures of A and B nor-
malized by the number of incident photons, and a? = My ,;+ Mp,; the standard
deviation of M4 — Mp on channel 7.

In fact, the CNR? defined above corresponds to the quadratic distance be-
tween the two distributions, A and B, per incident photon. Hence, the inverse
of the CNR? corresponds to the number of photons, Ny, 15, requested to obtain
a distance of one standard deviation between the two distributions. This is a
very low-level separation. Hereafter, a separation of 30 will be considered:
3.3.2. Dose estimation

The radiation dose was estimated using the incident X-ray spectrum, S;uc,
the mean energy deposit for one photon in 50 mm of breast tissue similar ma-
terial, Fpmean, as a function of incident photon energy, E; (Fig. 3.b), and the
calculated incident photon number, N, required to obtain the desired separa-
tion between XRD spectra with and without carcinoma.

The mean total energy deposit per photon, D, for a given incident spectrum

is calculated using;:

ZEi Emean (El) * Sine (Ez)
2., Sine (Ei)

The result is expressed in keV. For an incident spectrum with a maximum

Dp =

(10)

energy of 100 keV, the mean total energy deposit will be about 18.88 keV.
Knowing the required number of incident photons, the required mean dose is

given by:
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_ Dp-1.6-10710. Ny,

My

D (11)

where 1.6 - 10716 is the conversion factor to transform keV into joules (J),
and my,- corresponds to the directly irradiated mass. In the present case, the
irradiated mass is about 5-1078 kg (i.e. pencil beam surface x sample thickness
x sample density = 1075m? x 50 - 1073m x 1kg-m™3).

Note that this dose corresponds indeed to the total dose deposited in the
whole breast thickness. The mean energy deposit for one photon E,,cq, was
obtained by Monte-Carlo simulations taking into account every possible inter-

action within the whole sample thickness.

3.3.8. Reconstruction method

The simulated scan measure m is modeled linearly by:

m (A, Rq,x) = Resp(A, Ry, Z,i) t(Z,i,x) (12)
Zi

where 2 corresponds to the scan position and Resp (A, R4, Z,4) to the sys-
tem response matrix depending on the detected amplitude A, the position on
the detector Ry, Z and the tissue type ¢ (adipose tissue, fibroglandular tissue,
carcinoma). t(Z,i,x) is a coefficient indicating whether tissue ¢ is present at
the position Z and detected at scan position x. As there is no tissue mixing
in the breast phantoms considered here, it is either equal to zero (tissue i not
present) or to one (tissue i present).

The aim of reconstruction is to process measurements, m(A, Rq, ), to es-
timate the material coefficients, ¢ (Z,4,x), which can be represented in a color
image, using material ¢ as a single color channel.

Methods using material decomposition were also suggested by other authors,
Westmore et al. [7] who proposed a non-negative least squares fitting algorithm
to estimate the amount of a given material, or Ghammraoui et al. [16] who
suggested a version of maximum likelihood expectation maximization algorithm

with ordered subsets.
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In this study, we used the maximum likelihood expectation maximization
algorithm for reconstruction[41]. This algorithm is based on the iterative max-
imization of the log-likelihood function, which is very common in the likelihood
maximization framework.

The estimated measurement, m, can be written assuming an ideal direct

system operator, F:

(A, Rq,x) = > F (A Ra, Z,i) - t(Z,i,x) (13)

Z,i
The most significant noise source in diffraction is photon noise, which by its
nature follows a Poisson law with parameter ), . F (A, Rq, Z,i) - t (Z,i,2). A

maximum likelihood approach consists in determining;:

t = argmax P (m | t) (14)
>0

An iterative solution is thus given by the following algorithm [41]:

tAn (Zaivx) f(A,Rd,Z,i)~m(A,Rd,x)

"t (Z, i x) = (15)

489

490

491

492

493

494

495

496

497

498

499

C YarF(ARLZ0) 2 Y, F(A R, Z,i) - 7 (Z,4,2)

where "1 is the estimate of ¢ at the nth iteration. Choosing a positive
value for £° will ensure that the final results are non-negative. Here, a uniform

initialization was used.

4. Results and discussion

Fig. 8 shows two sample XRD spectra (normalized by the number of incident
photons) to be distinguished; the fibroglandular region was 30 mm thick and
the incident spectrum had a maximum energy of 100 keV. These spectra were
simulated for x = 0 and y = 0 corresponding to the phantom center in x,y-
plane. All the following results are given for this position except the scan slice
reconstruction, where x-position varied. The gap between secondary collimation

and object was 10 mm for each simulation in this work.
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The segments visible in the spectra and even more clearly in their difference
correspond to the limits of the different collimation holes. The dotted lines in
Fig. 8.c indicate these limits. By summing the normalized spectra from Fig. 8
in both directions, the object depending global sensitivity can be determined,
which takes into account geometrical factors as well as the sample interaction
cross-section. It corresponds to the ratio between the number of incident pho-
tons on the sample and the number of detected photons. This is not exactly the
same quantity as defined in section 3.1.4, which is purely geometrical (which
proportion of photons emitted isotropically at a given Z can be detected by the
system) and does not take into account interaction cross-section in the sample.

In this case, object depending global sensitivity is approximately 2 - 1073,
Multiplication of this value by the number of incident photons gives the total
number of photons detected. The C NR? per incident photon is about 2 - 107,
which is very low, explaining why the differences between the two XRD spectra
(without tumor (Fig. 8.a); with tumor (Fig. 8.b)) are hardly visible. Fig. 8.c
shows the difference spectrum in absolute value. The difference to be detected
is only in the order of a few percent (difference values per pixel and per channel
between 1078 and 107 compared to XRD spectrum values per pixel and per
channel of about 107°).

Hereafter, the photon number and associated dose are given for a separation
of 30 between XRD spectra with and without tumor. This degree of separation
corresponds to an almost perfect separation based on the associated analyti-
cally calculated ROC curve [42]. The number of incident photons required is
determined using equation 9 and will be around 5 - 10°. The associated dose is
calculated using equation 11. Thus, all given dose values correspond to the dose

delivered to the irradiated sample volume over the whole sample thickness.

4.1. Fibroglandular thickness

The results for the required photon number and the corresponding dose
for an incident spectrum with a maximum energy of 100 keV and different

fibroglandular thicknesses are summarized in table 3. Fibroglandular thickness
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Figure 8: Simulated XRD spectra (x = 0, y = 0, 10 mm gap between sample and secondary
collimation) normalized for the number of incident photons and the absolute value of their
difference. Fibroglandular thickness: 30 mm; incident spectrum maximum energy: 100 keV.
The difference to be detected is minute compared to XRD spectrum values. Dotted lines

correspond to the limits of the detector parts addressed by the different holes.

25



530

531

532

533

534

535

536

537

538

539

540

541

542

543

544

545

546

547

548

549

has a negligible impact on the number of photons required, thus averaging at
about 4-10% for a corresponding dose of about 0.24 mGy. This dose is low
compared to conventional mammography, where the dose delivered is between
1 and 3 mGy [43-45].

Hence, scattering signatures for cancerous tissues and fibroglandular tissues
are sufficiently decorrelated to be distinguished even when the number of de-
tected photons is small. Furthermore, as the required dose does not significantly
vary with fibroglandular tissue thickness, high density breast regions pose no
problems in XRD, unlike in conventional mammography. In fact, as used tube
voltage is significantly higher than in classical mammography photons have
higher energy and reduction of expected counts due to increased breast den-
sity is less significant. Moreover, the incident spectrum was filtered in order to
remove photons at energies below 20 keV in order to avoid unnecessary dose de-
posit by photons that are almost completely absorbed, whereas mammography

typically uses photons at these energies.

Table 3: Incident photon number and dose required to obtain a separation of 3o for an incident

spectrum with maximum energy of 100 keV.

Fibroglandular ~ Required photon Required dose

thickness (mm) number (mGy)
20 3.85-10° 0.232
30 4.20-106 0.253
40 4.12-106 0.244

4.2. Influence of different mazimum energies

Fig. 9 shows the dose received by samples analyzed using our optimized sys-
tem, as a function of the maximum energy of the incident spectrum for a phan-
tom with 40 mm thick fibroglandular tissue section with a tumor at the center of

the field of view. A minimum was observed at 60 and 70 keV corresponding to a
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dose of about 0.21 mGy. For incident spectra with lower maximum energy, the
combination of photon energy and intercepted angles is less appropriate and
absorption remains higher than coherent scattering. At higher energies, the
probability of absorption and coherent scattering continue to decrease, whereas
Compton scattering probability remains constant. Hence, the proportion of sig-
nal due to Compton scattering increases steadily with increasing photon energy,
causing blurring of the measured XRD spectrum and unnecessary radiation ex-
posure. However, even though the received dose increases with higher maximum
energy of the incident spectrum, the total dose still remains low and acceptable

compared to conventional mammography.

Required dose for different
incident spectra

0.4
— .~ ———
o3 ™ DU *
‘§02 * YU G
]
4
a 0.1

0
40 60 80 100 120 140

Maximum spectrum energy (keV)

Figure 9: Dose required to separate (30 separation) phantoms (40 mm fibroglandular thick-
ness) with and without tumor as a function of the maximum energy of the incident X-ray

spectrum.

4.3. Impact of tumor position

The dose required to distinguish between spectra with and without tumor for
different tumor offsets and maximum incident spectrum energies are presented
in Fig. 10. If the tumor is located in the center (no offset), the required dose is
the lowest. In fact, the maximum of sensitivity is in the center and the tumor
can be "seen” by five holes (Fig. 6.a). If a tumor offset is introduced, the
difference between spectra with and without tumor will not be detected by the
same holes, as the system has a variable sensitivity distribution. The first hole

always detects part of the difference, as it is sensitive throughout the sample
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thickness. Required doses are slightly higher for other tumor positions but as
long as the tumor is in the field of view (sensitivity zone), these doses stay very
small. The detection of the tumor for the +20 mm offset, where the tumor
was positioned at Zsampie = 45 mm, requires an approximately 5-fold higher
dose. This position corresponds to a very low sensitivity region for the presented
system configuration. However, the total dose received still remains not higher

than with conventional mammography (1-3 mGy).

Required dose for different tumor offsets

Edge of
3 * 5 sensitivity
3 E zone a

45 mm

=25
% ) Fully within sensitivity zone
‘; 15 % 60 keV
§ 1 # 100 keV
05 45 mm =25 mm 35""" W 140 keV
0 7 ///EI o

-10 0 10 20
Tumor offset (mm)

Figure 10: Dose required to distinguish (3¢ separation) between spectra with and without

carcinoma depending on the position of the tumor within the sample (depth).

4.4. Reconstruction results

Fig. 11 shows an example of a simulated XRD spectrum for a phantom
(30 mm fibroglandular tissue thickness, 100 kVp incident spectrum) with a
tumor at its center, for scan position x =0, corresponding to the center of the
phantom in the x,y-plane. The number of incident photons was about 5 - 10,
corresponding to approximately 10* detected photons and to a dose deposit of
about 0.3 mGy. This dose is consistent with the required dose determined in the
previous parts of the study and with the dose given by Ghammraoui et al. [15].
With an incident dose of about 0.5 mGy a small tumor of similar size could be
reconstructed in a CSCT image when pencil beam geometry was used.

The number of photons per channel is very low, producing a relatively noisy

spectrum. However, the number of incident photons is within the order of
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magnitude determined previously to obtain a 3 ¢ separation between phantoms
with and without tumor.

Each scan slice was simulated using the same incident photon parameters,
and the image of the breast phantom was reconstructed (Fig. 12) using the
previously presented reconstruction method. It should be noted that the field
of view for the image was set smaller than the phantom height. Hence, only
5 mm of adipose tissue is visible on the upper and lower parts of the image,
rather than 10 mm.

This reconstruction clearly shows that the tumor will only be reconstructed
if it is actually in the simulated phantom slice (Fig. 12.b and fig 12.d), and
therefore no false positive results should be produced for a tumor positioned
in the center of the phantom. The tumor is sharper and more intense in the
reconstruction at 60 kVp. This is consistent with the fact that the optimal
incident spectrum to detect the small tumor was found to be at 60 kVp. Hence,
using this incident spectrum the best tumor reconstruction should be obtained.
Though, compared to reconstructions at 60 kVp, reconstructions at 100 kVp
present fewer edge artifacts at the limit between fibroglandular tissue and adi-
pose tissue, especially at low depths within the sample. This difference is due
to lack of information in the momentum transfer space at low depths. In fact,
as can be seen in Fig. 6.a, the first hole in the collimation system is the only
hole sensitive to low depth values. Though the corresponding scattering angles
are also low because the corresponding detector part is close to the center in
the x,y-plane (small R4, Fig. 2 and Fig. 4). Thus, to cover the same momentum
transfer range as for other holes intercepting higher scattering angles (higher R,
values), higher energies are needed. It appears that the information obtained at
60 keV maximum energy is not sufficient to distinguish between fibroglandular
and adipose tissue. Reconstruction artifacts (i.e. detection of carcinoma) in the
upper corners of the images at 60 kVp are also caused by the lack of informa-
tion in momentum transfer space at this energy level. As for low depths, these
high depth values are only covered by the first hole with very low diffraction

angles. In addition to this, these edges correspond to very low system sensitivity
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(Fig. 6.b), which further decreases the amount of available information in these
regions. Tumor detection in these regions would not be reliable for the given
position of the system especially at 60 keV.

To conclude, the detection of a small tumor situated in regions covered
also by another hole than the first one is optimum (in terms of dose received)
with a 60 kVp incident spectrum, for the considered system. This detection
corresponds to a binary task, presence or absence of a tumor, where it is not
necessary to identify the different tissue types present in each sample voxel.
Reconstruction of an image slice is more complex task. Here, we require spatial
information concerning each tissue type everywhere in the sample. In this case,
energies higher than 60 keV provide useful information for regions imaged with
low scattering angles. If the collimation system was conceived in a way that
edge regions were also covered by other holes, i.e. higher scattering angles, edge

artifacts might be avoided even with an incident spectrum at 60 kVp.

with carcinoma

Figure 11: Example of a simulated XRD spectrum with a tumor at its center for scan position
x = 0 (center in x,y-plane): 30 mm thick fibroglandular region, 100 kVp incident spectrum,
5-10% incident photons.

5. Conclusion

The present study indicates that coherent scattering of X-rays appears as a
very promising technique to classify breast tissues when classical mammography
gives an unclear result, and to reduce the number of unnecessary breast biopsies.

We dimensioned an XRD system, in particular the secondary collimation

(hole size, collimation height, number of holes, sensitivity distribution), com-
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(a) No tumor (100 kVp). (b) With tumor (100 kVp).

(¢) No tumor (60 kVp). (d) With tumor (60 kVp).

Figure 12: Reconstructed images for incident spectra with 100 keV or 60 keV maximum energy

(blue = adipose tissue, green = fibroglandular tissue, red = carcinoma, black = blue+green).
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bining EDXRD information at different scattering angles, for use as a second
control after conventional mammography. In this article, we evaluated its per-
formance in breast imaging in terms of separation power. Therefore, XRD
spectra for phantoms with and without tumor were used and the required dose
to distinguish between these two kinds of spectra was calculated.

It was found that the sensitivity and specificity of the method were good
even when the dose delivered was moderate. To achieve a 30 separation, a
dose around 0.3 mGy is needed if the tumor is situated in the center of the
breast. This dose is very acceptable compared to conventional mammography
(1-3 mGy). When the tumor was not in the center of the breast, the required
dose increased slightly, but remained very low provided the tumor was located
within the field of sensitivity.

Delivered dose is also impacted by the choice of the incident X-ray spectrum
used for imaging. In fact, the number of photons, i.e. the incident dose, nec-
essary to detect the tumor depends on the amount of information carried by
each detected photon after coherent scattering. This information corresponds
to its momentum transfer value, given by the combination of photon energy
and its scattering angle. The detected scattering angles are determined by the
secondary collimation. Testing of incident tungsten spectra at different tube
voltages showed that for the present system the combination of scattering an-
gles and photon energies was the best with an incident spectrum at 60 kVp. A
system with a different distribution of intercepted scattering angles will have an
optimal incident spectrum at a different tube voltage.

As the detection of tumors in dense breasts are often a problem in classical
mammography, the impact of varying breast density on separation power of the
system was tested. It turned out that different breast densities do not affect
the detectability of the tumor or the order of magnitude of the required dose.
Hence, XRD imaging with the presented system appears to be a well adapted
solution at a second control level after conventional mammography. Though,
mammography does only allow to identify a suspicious region in the plane and

not the exact location of the possible tumor. Therefore, an x,y-scan of this
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region is required, but scan-time appears to be acceptable. With an incident
flux of about 1.5-10% photons per cm? per mAs at 1 m distance (tube current

of about 10 mA), scan-time for 10 cm?

would be about 2 seconds. A scan slice
in x-direction was simulated to assess the imaging qualities of the proposed
XRD system. Reconstruction results confirmed that the small tumor can be
detected using this system, although spatial resolution was poor compared to
other imaging techniques.

In future work, it will be necessary to manufacture the XRD system pre-
sented here so as to be able to make experimental measurements in order to

confirm the simulation results. The impact of variability of breast thickness

and tissue scattering signatures should also be studied.
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