Chapter 7 ®)
Do We Need Clinical Applications oo
in Synchrotrons?

In general, the use of synchrotron radiation provides ideal working conditions for
X-ray imaging which derive from the high flux, spatial and temporal coherence of
the beam. On the other side, synchrotron light sources are huge facilities, limited
in number, with high operational costs and infrastructural requirements. In other
words, it can be questioned whether it is worth using a synchrotron facility for a given
clinical imaging application or not. The answer to this question lies in the comparison
between results obtained with SR and with more ‘conventional’ systems available
in clinical or laboratory environments. In this context, the aim of the present chapter
is to investigate the performances of two conventional systems with rather different
application fields. In the next section, a first of its kind phantom-based comparison
study between a clinically available BCT system and the SR PB imaging setup will
be presented. In the second section the performances and possible applications of
a state-of-the-art rotating-anode micro-CT system, capable of providing spatial and
temporal coherence, are investigated. The last section will try to answer to the rather
complex question kicking-off this chapter and it will provide a general overview of
many existing or soon-to-come clinical applications of synchrotrons.

7.1 Synchrotron and Clinical BCT: A Comparison Study

In this section a direct quantitative and qualitative comparison between tomographic
images of a breast-like phantom acquired by using both the SR setup and a clinical
BCT machine in use at the Radboud University Medical Center (Nijmegen, The
Netherlands) is presented, based on the results published in [1].

As discussed in Sect. 3.1, progresses in the development of BCT have been made
in recent years and an increasing number of dedicated BCT systems with differ-
ent acquisition modes (e.g., cone-beam, parallel-beam, helical) and detector types
(e.g., flat-panels, photon-counting) have been proposed. In this lively context, there
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is still a lack of image quality comparisons and no quantitative study performed
among different systems, either based on conventional or synchrotron sources, has
been published to date. Of course a higher image quality from synchrotron data is
expected, but assessing the difference with clinically available systems can provide
a benchmark on the current level of behaviour of SR-based techniques, and therefore
establish its potential for clinical implementation. In other words, only showing that
the gap with conventional techniques is substantial can provide justification for a SR
clinical application.

This study makes use of both quantitative (objective) and qualitative (subjective)
criteria. Specifically, signal-to-noise ratio (SNR), contrast-to-noise ratio (CNR), spa-
tial resolution and noise power spectrum (NPS) are hereby used as indicators of image
quality, possibly determining its diagnostic effectiveness. Namely, as discussed in
previous chapters, SNR and CNR are related to low-contrast detail visibility (e.g.,
glandular tissue embedded in an adipose background), the shape of NPS reveals the
image texture (i.e. low-frequency-peaked NPS are related to coarse image graininess;
high-frequency-peaked NPS results in a finer grain noise) and spatial resolution
determines the ability to detect small (high-contrast) details such as microcalcifi-
cations [2]. The comparison makes use of a breast-like phantom containing inserts
mimicking relevant diagnostic features. The exposure parameters were automatically
determined by the clinical BCT, while the SR irradiation parameters were tuned to
replicate, as close as possible, the clinical conditions in terms of X-ray energy and
delivered radiation dose.

7.1.1 BCT Dedicated Phantom and Experimental Setup

The used dedicated BCT phantom is shown in Fig. 7.1. It is produced by CIRS
(model #12-685) and it has a semi-ellipsoidal truncated shape consisting of several
slabs made of 100% breast-adipose equivalent material. A variety of targets are
embedded into slab 9 as showed in panel (c): spheroidal masses of different diameters
(1.80, 3.18, 4.76 and 6.32 mm) made of epoxy resin equivalent to breast carcinoma;
cylindrical fibers of different diameters (0.15, 0.23, 0.41 and 0.60 mm); calcification
clusters (CaCO3) of different grain sizes (0.13, 0.20, 0.29, 0.40 mm). The phantom
was positioned at the system’s isocenter both for the clinical and SR BCT setups.
The considered BCT clinical system is produced by Koning (Koning Corp., West
Henrietta, NY) and it is installed at Radboud University Medical Center (Nijmegen,
the Netherlands) [3]. A detailed description of the system can be found in litera-
ture [4—7], while only the most relevant features to this study are hereby reported.
The system has a source-to-detector distance of 92.3cm and a source-to-isocenter
distance of 65.0cm. The X-ray source is a rotating anode featuring a nominal focal
spot size of 0.3 mm, whereas tomographic projections are acquired in half-cone beam
geometry. The anode is made of tungsten while aluminum filtration is used to shape
the energy spectrum. The tube is operated at a fixed voltage of 49 kV(peak), cor-
responding to a first half value layer of 1.39mm Al (i.e. effective X-ray energy of
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Fig. 7.1 Photograph of the phantom (a) and phantom dimensions in mm (b) (in mm). Details
embedded in slab 9 (¢): calcifications (CaCO3) in red circles, masses in blue stars and fibers in
green rectangles

30.3 keV, evaluated from air kerma measurements after attenuation by various thick-
ness of Al and using the weighted-energy average of a photon spectrum model as
described in [8]). The X-ray source operates in pulse mode, with a constant 8§ ms
pulse length. A complete BCT acquisition consists of 300 projections over a full
360° revolution of the X-ray tube and detector in 10s. The appropriate tube current
is selected by acquiring two low-dose projections (16 mA, 2 pulses of 8 ms each per
projection) images at right angles. The detector is a 39.7cm x 29.8 8 cm flat-panel
(4030CB, Varian Medical System, Palo Alto, California, USA) with a nominal pixel
size of 194 um. Tomographic reconstructions are performed according to the stan-
dard clinical workflow by using a Feldkamp-Davis-Kress (FDK)-based algorithm
with a modified Shepp-Logan reconstruction filter, and an isotropic cubic voxel of
273 x 273 x 273 pum?3. The main components of the system are shown in panel
(a) of Fig. 7.2a while panel (b) shows the phantom positioning. The automatically
selected exposure parameters determine an air kerma of 13.5 mGy, corresponding to
a mean glandular dose (MGD) value of 6.5 mGy.

The synchrotron-based images were acquired following the workflow described
in Chap. 3: in order to match the clinical system conditions the energy was selected
to be 30 keV, while 1200 projections were acquired in a 180° rotation deliver-
ing an air kerma of 14.2 mGy, corresponding to 6.7 mGy MGD. Prior to tomo-
graphic reconstruction, projection images are phase retrieved both with single-
and two-materials approaches: as discussed in Sect. 2.5 the difference lies in the
input §/8 values. Specifically, in case of single-material PhR §/8 = 2267, corre-
sponding to breast equivalent tissue is selected, whereas for the two-materials PhR
(61 — 82)/(B1 — B2) = 795 corresponding to a glandular/adipose interface is chosen.
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(b)

Fig. 7.2 Photograph of the main breast CT system components (a). The red dotted line rep-
resents the system’s rotation axis (i.e. isocenter). Isocenter position of the phantom during the
measurements (b)

Since larger §/8 values correspond to smoother PhR filter kernels, the single- and
two-materials approaches are hereinafter defined as smooth and sharp PhR kernels,
respectively.

7.1.2 Image Quality Analysis

The CNR has already been defined in Eq. (5.20). Of note, the use of the standard
deviation of the background to represent the magnitude of image noise, implies
that the noise is assumed to be ergodic. With reference to the previous definition,
CNR does not capture the dependence of detail visibility on the detail’s size (i.e.
Rose criterion). For this reason, the ‘Rose’ signal-to-noise-ratio (SNRgese) metric is
introduced as [9, 10]:

SNRRose = CNR x RV, Npixel (71)

where Npixel is the number of pixel of the selected region of interest (ROI) within a
given detail. Of note, this definition of signal-to-noise ratio has not to be confused with
the SNR definition given in Chap. 5. Both CNR and SNRgese were evaluated for all
the spheroidal masses shown in panel (c) of Fig. 7.1. As shown in panel (a) of Fig. 7.3,
for each mass a circular ROI with a diameter scaling with the mass dimension was
selected within the detail, while, for the background estimation, 10 evenly spaced
ROIs were selected in the neighboring region. In the case of synchrotron-based
datasets this analysis was repeated also by averaging 5 consecutive slices in order to
match (as close as possible) the slice thickness of the clinical system, resulting in an
effective voxel size of 57 x 57 x 250 wm?. With this choice a similar volume of a
given detail is considered in each transverse slice for both systems.

While both CNR and SNRg, depend on the magnitude of the background noise,
the image texture (or graininess) is characterized by the noise power spectrum (NPS),
which is the noise spectral decomposition in the Fourier space. The in-slice NPS is
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Fig. 7.3 SR-based tomographic reconstruction showing ROIs position for the CNR and SNRRgse
(a); ROIs position for the NPS evaluation in a homogeneous background are shown in (b)

a bi-dimensional map in Fourier space measured from a homogeneous phantom CT
image by selecting equally sized ROIs and using the following definition [11, 12]:

dd, 1 ¥

NS, V) = 38 N - wa[l (x, ) — Pi(x, NI (72)

where u, v are the spatial frequencies, dy, d, refers to the voxel size (in mm) along x
and y dimension, Ny, N, are the corresponding ROI dimensions measured in number
of pixels, Nror is the number of selected ROIs, .% denotes the bi-dimensional Fourier
transform, 7;(x, y) is the pixel value at position (x, y) of the ith ROI and P;(x, y)
is a second order polynomial fit of ;(x, y). The subtraction with the polynomial
term is a practical implementation of the de-trending procedure, aiming at remov-
ing any slowly-varying nonuniformities that may be caused from beam hardening
effects, scattered radiation or nonuniform detector gain [12, 13]. As NPS is a spectral
decomposition of image noise (o), we have

o’ = // NPS(u, v) du dv (7.3)

Following the procedure described by [12], in order to compare noise textures of
images with different noise magnitude, the normalized NPS (nNPS) is defined as:

NPS(u, v)

nNPS(u, v) = 5
o

(7.4)

In addition, since NPS maps of tomographic reconstructions usually show circular
symmetry, it is common to show mono-dimensional radially averaged NPS curves
making use of the identity ¢ = +~/u? + v2. The nNPS distributions, both bi- and
mono-dimensional, were evaluated for both systems by selecting 20 evenly spaced
square ROIs at a constant distance from the phantom center as shown in panel (b)
of Fig. 7.3. Given the difference in the reconstructed voxel size between the two
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systems, the used ROIs have a 64 x 64 pixels area for the clinical and system 256
x 256 pixels area for the synchrotron datasets, meaning that each ROI represents
a similar physical area for both systems. The uncertainty on radial nNPS curves
was assessed by repeating the measure in 10 consecutive homogeneous slices and
associating, for each spatial frequency, the corresponding standard deviation [13].

The spatial resolution of both systems was estimated directly from the images of
the homogeneous portion of the phantom by using a novel approach recently intro-
duced by Mitzutani and colleagues [14], which is based on a logarithmic intensity
plot in the Fourier domain, and it has shown consistent results for both planar and
tomographic applications [15]. The main advantage of this technique is that it allows
to estimate spatial resolution directly from general sample images, not requiring ded-
icated phantoms, under the hypothesis of a Gaussian system point spread function
(PSF). Although modern digital detectors, especially direct conversion devices, in
general do not feature Gaussian response functions, the whole imaging chain PSF
contains also the contribution of each processing step leading to the final tomo-
graphic image as detailed in Sect. 5.1.1.2. In particular, both the interpolation and
apodization filter inherent to tomographic reconstruction contribute to smoothen the
system PSF [16], usually described by a bell-shaped curve which, in case of the pre-
sented technique, is approximated by a Gaussian function. Under this assumption,
the FWHM of the PSF can be determined from

2

7 d 20 12
In|%, [I(x,y)]] =~ — FWHM~ ||~ + constant (7.5)

2In2
where .%, is the radial Fourier transform. By performing a linear regression of the

quantity In |.%, [ (x, y)]| as a function of |q|2, yielding a correlation coefficient m,
the FWHM can be easily estimated to be:

V=2In2 xm
FWHM = —— (7.6)
T

Once the FWHM of the Gaussian PSF is known, the spatial resolution corresponding
to the 10% of the modulation transfer function (MTF), measured in line-pairs per
millimeter (Ip/mm), can be easily estimated from [17]:

1
MTF 100 (1 - 77
1% ([P /M) = 4 FWHM(mm) (7.7)

where the presence of the factor 1.24 is justified in the Appendix C. It should be
remarked that, since not all the PSFs can be accurately approximated by a Gaussian
function, this method cannot fully replace the direct PSF and MTF measurements
based on line-patterns or small high-absorbing details, but has to be regarded as a
fast and easy way to provide a spatial resolution estimate, possibly constituting a
method for routine checks.
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Fig. 7.4 Sketch of the implemented workflow for the estimation of spatial resolution. A detailed
description of all the steps (a)—(e) can be found in text

As mentioned, this technique is rather new and not well established, so it is worth
to report some practical details on its implementation. The scheme in Fig. 7.4 shows
the implemented workflow for estimating the spatial resolution. A ROI comprised
within an homogeneous portion of the phantom is selected (a) and the logarithm of
the square modulus of its Fourier transform is computed (b). Then its radial average
is plotted as a function of the spatial frequency squared (c). This plot should be fitted,
in the region towards low spatial frequencies (squared), with a straight line [14, 15].
In order to identify the best fitting region, the fit procedure is repeated by finely
varying the upper limit of the fitting interval and by plotting, as a function of the
spatial frequency, its R-squared value (d). At this point, the fitting range yielding the
maximum R-squared value is selected and the linear regression is plotted over the
experimental data (e). In order to associate an uncertainty to the spatial resolution,
the same procedure is repeated in 4 non-overlapping ROIs and the error is defined as
the maximum difference among the spatial resolution estimates. Of note is that this
procedure has been found to be robust, and compatible results are found by selecting
different ROIs and/or different reconstructed slices. Moreover, it should be remarked
that the PSF width is proportional to the square root of the regression coefficient, so
that small inaccuracies in the fitting procedure translate in even smaller inaccuracies
in the spatial resolution estimate (e.g.., a 10% error in the estimate of the regression
coefficient corresponds to an error in the spatial resolution estimate of about 5%).
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To complete the study of the two BCT setups, a qualitative analysis on the visibility
of high-resolution details (i.e. calcification clusters and fibers) was performed by
visually comparing the tomographic reconstructions of both systems.

7.1.3 BCT Image Quality Comparison: Experimental Results

Panel (a) of Figure 7.5 shows the CNR values as a function of the mass dimension for
the two BCT systems (red color for the clinical and blue color for the SR system). In
the case of SR images, the two phase-retrieval kernels and the two slice approaches
(i.e. single slice and average over 5 consecutive slices to match the clinical slice
thickness) are presented. The CNR in the clinical BCT system is higher than the
SR case, regardless of the reconstruction and/or averaging methods: this is mainly
due to the difference in the reconstructed voxel size. On the contrary, considering
the detail visibility (i.e. the SNRgos metrics reported in panel (b)) which accounts
for the number of pixels enclosed within the detail of interest, the synchrotron data
show superior performances in all configurations, yielding, in case of the smooth PhR
kernel and slice averaging, a 2.5-3 times higher SNRgqs. for all mass diameters.
Panels (a)—(c) of Fig. 7.6 show the bi-dimensional nNPS distributions for the
clinical system and SR data with smooth and sharp PhR kernels. The noise in the
clinical system is much coarser than in SR images as visible in the insets in the top-
left corner of each panel. Given that, as expected, the bi-dimensional nNPSs have
circular symmetry, their radial profiles were computed and plotted in panel (d). Peak
frequencies largely differ when comparing the two systems, being 0.4 mm~! for the
clinical BCT, 0.9 mm~! and 1.4 mm~! for the synchrotron images reconstructed
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Fig. 7.5 CNR (a) and SNRRse (b) as a function of mass dimension for clinical the breast CT
(red solid line) and SR breast CT with smooth (blue dashed lines) and sharp (blue solid lines)
phase-retrieval kernels
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Fig. 7.6 Bi-dimensional nNPS for the clinical BCT system (a), synchrotron BCT with smooth (b)
and sharp (c¢) PhR kernels. Of note, the extension of the frequency axis in (a) is different from
(b) and (c). The inset in the top-left corner of each panel represents a 20x20 mm? homogeneous
ROI. Radial averaged nNPS (d) for the clinical system (dashed red line) and SR BCT with smooth
(dashed blue line) and sharp (solid blue line) phase-retrieval algorithm. Of note, the left y-axis refers
to the nNPS of the clinical system while the right y-axis to the synchrotron data. The shaded region
around each line represents one standard deviation uncertainty

with smooth and sharp PhR, respectively. In addition, the nNPS drops to 5% of its
maximum value at | mm ™" for clinical BCT images, and at 5-6 mm~' for SR datasets,
meaning that the roll-off slopes of the nNPS curves are substantially different.

Following the procedure described in the previous section, the spatial resolution is
estimated for all the different reconstructions as shown in Fig. 7.7: for each dataset a
linear fitting region at small spatial frequencies is identified, where steeper linear fits
indicate worse spatial resolutions. From the linear regressions the system resolutions
were estimated to be 0.61 mm (FWHM) or 1.3 Ip/mm (MTF(q) for the clinical
BCT, 0.16 mm or 5.1 Ip/mm for the smooth PhR and 0.12mm or 6.8 lp/mm for the
sharp PhR in SR images. The results of the quantitative analysis are summarized in
Table 7.1.
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Fig. 7.7 Evaluation of the spatial resolution for the clinical system (red circles), and SR breast
CT with smooth (blue squares) and sharp (blue-white triangles) PhR kernels. The logarithm of the
absolute value of the radial Fourier transform is plotted as function of the square of the spatial
frequency. The linear fit for each dataset is shown with black lines. The inset displays a zoom at
lower spatial frequencies

Table 7.1 Summary of the quantitative analysis and comparison between the two systems: clinical
BCT and SR datasets with smooth and sharp PhR kernels. For the sake of readability, the table
reports the SNRroge and CNR values only for the 4.76 mm mass while, for the other masses, the
quantitative values can be derived from Fig. 7.5. Where present, numbers enclosed within round
brackets express the absolute uncertainty

CNR SNRRose nNPS peak FWHM (mm) | MTFgq,
(1/mm) (Ip/mm)
Clinical BCT |5.2 48 0.3 0.61 (0.02) 1.3 (<0.1)
Smooth PhR | 2.3 (1 slice) 105 0.9 0.16 (<0.01) |5.1(0.1)
3.0 (S slices) | 135
Sharp PhR 1.2 (1 slice) 55 1.4 0.12 (<0.01) [6.8(0.1)
1.7 (5 slices) |76

Figure 7.8 displays the epoxy fibers for the clinical (a)-(d) and SR datasets with
smooth (e)—-(h) and sharp (i)—(1) PhR. All the fibers are visible in the SR breast
CT regardless the PhR kernel, while the two smallest fibers (0.23 and 0.15mm in
diameter) are not distinguishable in clinical BCT images. Figure 7.9 shows image
details of the calcification clusters for the clinical (a)—(d) and SR datasets with smooth
(e)—(h) and sharp (i)—(1) PhR. For the clinical BCT system, no calcification cluster
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Smooth PhR Clinical system

Sharp PhR
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Fig. 7.8 Details of the epoxy fibers reconstructed (a)—(d) with the clinical BCT system, (e)—(h)
smooth and (i)—(1) sharp PhR kernels for the SR BCT

Smooth PhR Clinical system

Sharp PhR
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Fig. 7.9 Details of the calcification clusters reconstructed (a)—(d) with the clinical BCT system,
(e)—(h) smooth and (i)—(1) sharp PhR kernels for the SR BCT
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with diameter below 0.20mm can be properly identified, while in the case of SR
breast CT the smallest calcification (0.13mm in diameter) represent the visibility
limit for both the smooth and sharp PhR kernels.

7.1.4 BCT Image Quality Comparison: Discussion

From the data presented in the previous section it is clear that the gap in terms of
image quality between clinical and SR breast CT systems is quite wide. The CNR
in SR BCT images is found to be almost constant at different mass diameters, with
small fluctuations mainly due to different noise levels. In particular, the two masses
(dimensions of 3.18 and 4.76 mm) positioned closer to the center of the phantom
show a slightly lower CNR with respect to the two located in the phantom’s periph-
ery: this behavior is compatible with the usual radial noise dependence observed
in CT reconstructions (i.e. higher noise in the center, lower noise in the periphery).
Coherently with results published in previous studies [18, 19], the smooth-kernel PhR
yields a 2-fold higher SNRg with respect to the sharp-kernel PhR. The SNRgee
for the SR setup can be up to 3-times higher with respect to the clinical BCT if the
smooth reconstruction kernel is used when the average of 5 slices is considered, or
more than 2-times higher if no averaging is performed. This difference can be mainly
attributed to the high-efficiency and low-noise of the photon-counting detector, to the
presence of phase-contrast effects, and the subsequent application of phase-retrieval
filter, and to the higher dose-efficiency of the synchrotron system due to the beam
monochromaticity. In addition, thanks to the laminar shape of the beam and the large
isocenter-to-detector distance, the SR setup allows to obtain inherently scatter-free
images. Considering SR-based data, it should be noted that, if the noise of each slice
was uncorrelated, the expected SNRgqs. and CNR increase due to the averaging of 5
slices would be of a factor ﬁ , whereas the observed factor is much smaller (between
1.3 and 1.4). This is mainly related to the application of the phase-retrieval which,
being a 2D filter in the projections domain, introduces a certain degree of correlation
also between neighbouring pixels belonging to different rows of pixels, hence to
different slices.

The nNPS evaluation revealed that the synchrotron images have a 3 to 5 times
higher peak frequency (for the smooth and sharp PhR kernels, respectively) and a
generally shallower roll-off slope, meaning that the contribution to the image noise
is not negligible up to 6 mm ', to be compared with 1 mm~" of the clinical system’s
case. In addition, it is worth noting that the NPS peak frequency for the clinical
BCT, i.e. 0.4 mm~!, is consistent with previous findings by Betancourt-Benitez
and colleagues [7], who characterized the system before its commercialization. The
observed differences in terms of nNPS between clinical and synchrotron data reveals
that the SR setup imaging chain (i.e. detector, image processing and tomographic
reconstruction) provides generally sharper or, equivalently, less correlated noise:
this is ultimately related to the smaller detector pixel size and to the higher image-
sharpness offered by direct-conversion photon-counting detectors.
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Despite being a model containing several simplifications (e.g., the PSF is assumed
to be constant and Gaussian throughout the image) not allowing a detailed descrip-
tion of the system PSF (e.g., resolutions in radial and tangential directions cannot be
uncoupled), the spatial resolution assessment through images of the homogeneous
phantom has been proven to a robust and easy-to-implement technique. In facts, the
results obtained on the SR images, with both the smooth and sharp PhR kernels, are
compatible with conventional spatial resolution estimates (based on the edge spread
function technique) documented in Chap. 5 and in other studies [19-21]. Quantita-
tively, the spatial resolution of the SR system was found to be 4 to 5 times better than
the clinical system (5-7 lp/mm for the synchrotron to be compared with 1.3 Ip/mm
for the clinical setup). Interestingly, synchrotron images outperform every clinical
breast CT setup reported in literature so far in terms of spatial resolution, the maxi-
mum being 5 Ip/mm for a photon-counting breast CT system proposed by Kalender
and co-workers [22-24]. The qualitative analysis in terms of detail visibility showed
that both the smallest fibers (i.e. diameter of 0.15 mm) and calcification clusters (i.e.
diameter of 0.13mm) can be detected in the SR-based images, while details with
dimension in the order of 0.20mm or below cannot be properly identified in the
clinical BCT system. As mentioned in the previous chapter, the correct detection of
such details plays a crucial role in the diagnostic process since both the presence of
microcalcifications and spiculae (i.e. small fibers protruding from a bulk mass) are
signs of malignancy.

Before concluding this section, it should be remarked that the implementation
of SR BCT to the clinical realm presents also some practical drawbacks, the main
being the longer scan time with respect to clinical systems due to the limited vertical
dimension of the beam, to the need for patient rotation and to the limited detector
readout speed. This can lead to motion artifacts due to both voluntary and involuntary
movements of the patient, possibly impairing image quality (mainly spatial resolu-
tion). This issue has been encountered also in a clinical context suggesting the use of
a breast immobilizer [25]. As mentioned in Chap. 6, the SYRMA-3D collaboration is
devoting several efforts towards the reduction of the scan time, while the usefulness
of immobilization systems is being investigated.

7.2 Monochromatic PB Micro-CT with a Rotating Anode
Source

In the previous section a comparison between a synchrotron and a (conventional)
clinical system was performed focusing on a specific imaging application, i.e. BCT.
The two systems largely differ in terms of geometry, detector and, most importantly,
X-ray quality, where the SR spatial and temporal coherence provide the key advantage
over the clinical BCT. On the other hand, compact laboratory setups (as opposed to SR
setups) based on conventional X-ray sources enabling monochromatic phase-contrast
imaging exist, even if their application usually focuses on small samples (i.e. in the
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millimeter scale) due to the limited field of view and/or limited flux. These limitations
impose a fortiori a shift from clinical to preclinical or nonclinical studies, often based
on ex-vivo samples. Nonetheless, the higher contrast or contrast sensitivity offered by
phase-sensitive techniques when imaging soft samples, represents a key advantage
over attenuation imaging.

In this section, a monochromatic PB micro-CT system based on a state-of-the-
art rotating anode source is presented, reporting a detailed characterization, both in
planar and tomographic configurations, and applications to two biological samples
of medical interest. In addition, some practical considerations on possible trade-offs
between scan time and image quality as well as improvements on the presented setup
are discussed. All the experimental work hereby presented has been carried out at
the X-ray Phase Contrast Imaging laboratory of the Department of Medical Physics
and Biomedical Engineering of University College London (London, UK) and partly
described in [26].

As discussed in Sect. 2.2, over the last two decades, many phase-sensitive
techniques have been developed (e.g.., propagation-based, analyzer-based, edge-
illumination, interferometric etc.) and most of them are in use with synchrotron
and, in some cases, conventional sources [27-30]. As mentioned, propagation-based
imaging is, in terms of experimental setup, the simplest to implement as in principle
it does not require optical elements or multiple exposures. On the other hand, in terms
of X-ray source characteristics, PB has more stringent requirements, demanding for
high spatial coherence and, especially at small magnifications, high detector spatial
resolution. For this reason, most of its applications have been so far limited either
to synchrotron radiation facilities or to low-power micro-focal sources [28, 31-34].
In this context, the development of compact and partially coherent high-flux X-ray
sources is an active area of research [35, 36].

Several laboratory X-ray sources, based either on liquid-metal, fixed or rotating
targets, are capable of producing sufficient flux and spatial coherence to be used
for phase-contrast imaging purposes, the main advantages over synchrotrons being
availability, compactness and low costs [37—40]. Moreover, monochromator crystals
selecting the characteristic X-ray lines can be coupled to the source, thus producing
quasi-monochromatic spectra. It is noteworthy that, albeit not being essential for
PB imaging, the use of narrow monochromatic radiation is advantageous even when
no dose-efficiency constraints are present, as it allows performing a straightforward
quantitative analysis and avoiding beam hardening effects.

In the following, the theoretical background presented in Chap. 2 will be widely
used to characterize the system in terms of spatial resolution, coherence, quantitative-
ness, stability, and contrast sensitivity. Planar and tomographic images of custom-
built wire phantoms are compared with theoretical predictions. In addition, the appli-
cations on two biological samples of medical interest demonstrate the feasibility of
monochromatic PB imaging pw-CT with laboratory-compatible exposure times from
tens of minutes to hours.
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7.2.1 System Characterization

A schematic overview of the experimental setup is given in Fig. 7.10. X-rays are pro-
duced by a Rigaku Multi-Max 9 rotating anode source, featuring a copper anode and
operated at 46 kV(peak) and 26 mA corresponding to a power of 1.2 kW. The source
is coupled to a double bent multilayer VariMax Cu-HF monochromator, providing an
energy resolution of about 1% at 8 keV (copper k, emission lines) and focusing the
beam to a 210 wm focal spot [41, 42]. The source dimension is defined by a golden
plated pinhole collimator with a diameter of 75 pm, located at the focus position of
the monochromator. This arrangement (i.e. monochromator and collimator) results
in an integrated flux of about 10® ph/s and a divergence of 5 mrad. The sample was
positioned at 88 cm from the source, while the propagation distance was set to 11 cm,
corresponding to a magnification of M = 1.13. At this distance, the field of view was
diamond shaped with dimensions of about 5 x 5 mm?. The sample alignment and
rotation were performed through a piezometric motor stack with 5 degrees of freedom
and sub-micrometric precision. The imaging detector was a charge-coupled device
(CCD) camera featuring a 4.54 pm pixel size, coupled through a fiber-optic plate
to a Gadox scintillator (Photonic Science). Both the detector PSF and the source
intensity distribution were measured with the slanted edge technique by using a 50
pm thick lead blade, the unsharpness and finite-thickness effects of which can be
neglected given the system energy and spatial resolution [43]. The absorbing edge
was placed alternatively close (distance of 10 cm) to the source and in contact with the
detector to provide independent measurements of the source dimension and detector
PSF, respectively. As a cross-check, the blade was also positioned at sample position
yielding, by taking into account the magnification, consistent results.

The overall spatial resolution of the system is the key parameter in determining
whether or not phase effects can be observed. Therefore, the overall system PSF was
evaluated as:

X-ray source
pinhole
collimator

copper rotating
anode
I )
]

-‘-“-—-—-_-_-.... D
double bent )
monochromator

detector

sample stage

filament

+— 11 cm ==
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Fig. 7.10 Schematic overview of the experimental setup
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Fig. 7.11 Detector (left), source (center) and system (right) PSFs projected at the sample position.

The system PSF has been fitted (red solid line) with a linear combination of Lorentzian and Gaussian
functions

PSFys(x, y; M) = PSFqee (Mx, My) % PSF <%x Mﬂi 1y> (7.8)
where this expression is analogous to Eq. (2.13) computed at sample position instead
of detector position. In Fig. 7.11 the measured detector PSF (left), source distribu-
tion (center), and their convolution (right) are reported as a function of the spatial
coordinate at the sample position according to Eq. 7.8. The experimental system PSF
has been fitted with a linear combination of a Lorentzian and a Gaussian function.
The blurring due to the detector response is of 12 pm full-width-half-maximum
(FWHM), while the source size projected at the sample position is of about 10 pm,
resulting in an overall resolution of about 14 pum FWHM.

Given the system PSF, the intensity profile given by a wire of known composition
can be theoretically calculated according to Eq. (2.8), where the refraction angle

produced by a cylinder (i.e. wire) oriented along the y direction can be analytically
expressed as:

() = e (7.9)
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Fig. 7.12 Theoretical refraction, attenuation and total profiles produced by a homogeneous wire
(left), system PSF (center), their convolution (right)



7.2 Monochromatic PB Micro-CT with a Rotating Anode Source 115

In the left panel of Fig. 7.12 the refraction (blue line), transmission (red line), and
total (black line) intensity profiles calculated according to Eq. 2.12 are reported.
Despite the smearing due to the convolution with the system PSF (central panel),
the expected signal (right panel) still shows edge-enhancement contrast, indicating
that the system spatial coherence and spatial resolution are sufficient to detect phase
effects.

7.2.2 Acquisition Parameters and Data Processing

Two ad-hoc built wire phantoms have been imaged in planar and tomographic geome-
tries, respectively. The planar acquisition was performed with an overall exposure
time of 100 s whereas the long exposure CT-scan was acquired over 1440 projections
with an exposure time of 10s per projection, corresponding to a total exposure time
of 4 hours. The tomographic scan has been repeated with a 20 times shorter exposure
time (i.e. fast scan), acquiring 720 projections with an exposure of 1s, resulting in
a total exposure of 12 minutes. Similarly, in the long scans, the biological samples
have been imaged with the same number of projections and an exposure time of
6s per projection, corresponding to a total exposure of 2.4 hours, whereas the short
scan has been obtained by reducing the exposure of a factor of 10, i.e. acquiring 720
projections of 1.2s each, resulting in a total exposure of 14 minutes.

The planar data were processed by a conventional dark current subtraction and
flat field normalization, whereas for CT scans the projections have been normal-
ized using a dynamic flat field approach based on the principal component analy-
sis of the flat images to compensate for beam intensity variations over long expo-
sures [44]. The normalized projections have been (optionally) phase-retrieved and
reconstructed through the same reconstruction software used to process synchrotron-
based data [45], as detailed in Sect. 3.7. Of note, the reconstruction has been per-
formed assuming a parallel beam geometry irradiation since, considering the small
sample sizes and setup geometry, the beam divergence within the sample was smaller
than the system spatial resolution, thus not requiring the use of a cone beam recon-
struction.

7.2.3 Plastic Phantoms

Both the wire phantoms consisted of 3 different high-purity plastic rods made of
Polybutylene terephthalate (PBT), Polyethylene terephthalate (PET), and Nylon. The
real and imaginary parts of the refractive index used for the theoretical calculations
are listed in a publicly available database [46] and are reported in Table 7.2.

The first test of the system quantitativeness was performed by imaging a planar
phantom consisting of 3 vertically oriented wires made of PBT, PET and nylon, plus
1 horizontal PBT wire (panel (a) of Fig. 7.13). For each of the vertical wires, a line
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Table 7.2 Physical properties of the wires used for the phantoms

7 Do We Need Clinical Applications in Synchrotrons?

§x 1076 B x 1077 5/B Density Diameter
(g/em?) (wm)
PBT 4.45 9.79 454 131 180
PET 470 11.1 423 1.40 400
Nylon 3.99 7.25 550 1.13 160
500 pm
180 pm PBT 400 qm PET 160 pm Nylon
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Fig. 7.13 Image of the planar wires phantom (a) and plots of the intensity profiles (b)—(d) along
the white dashed lines. The image results from dark current subtraction and flat field normalization

intensity profile is compared against their respective theoretical profiles, account-
ing for the nominal values of density, attenuation and refraction of each material
(b)—(d). The overall agreement between theory and experimental data is remark-
able both considering phase and attenuation contrast, the largest discrepancy being
a slight underestimate (< 5%) of the PET attenuation. Moreover, by comparing pro-
files extracted from both the horizontal and vertical PBT wires (b), the same phase
sensitivity is achieved in both directions due to the circular symmetry of the source.

Wires of same materials and sizes were used to assess the system performances
in CT acquisitions. In panel (a) of Fig 7.14, a tomographic slice of the long scan is
shown: thanks to the beam monochromaticity the reconstruction is inherently quan-
titative, thus, far from the sample boundaries where the edge-enhancement effect is
present, the gray level represents the linear attenuation coefficient. To obtain the theo-
retical profiles for the CT case, a sinogram composed by a set of identical line profiles
was created for each wire and then reconstructed following the same workflow used
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Fig. 7.14 Reconstructed slice of the wire phantoms (a) and plots of the intensity profiles (b)—(d)
along the white dashed lines. The structure visible in the top corners of (a) is part of the cylinder
that was used to keep the phantom in place

for the experimental data. As for the planar image, a good agreement is observed
when comparing theoretical and experimental profiles across the wires for both phase
and attenuation signals, except for a small discrepancy (<10%) in the attenuation
coefficient of PET (b)—(d). The fact that the refraction fringes (i.e. edge-enhancement
signal) are well matched by the theoretical predictions for a scan acquired over sev-
eral hours, provides an indirect assessment of the system stability and piezometric
motors reproducibility: vibrations or spatial drifts of the source, sample or detector,
or slight inaccuracies in the sample repositioning after the periodic flat field images
acquisition, would result in a broader effective PSF, thus smearing out the fringes.
Furthermore, by defining the refraction (or phase-contrast) signal as the sum of the
overshoots of dark and bright fringes (see panel (d)), this is in all cases between 1.5
and 3 times higher than the attenuation signal.

Asdiscussed in Sect. 2.4, CT projections were processed by applying the Paganin’s
single shot phase-retrieval algorithm. In order to adequately choose the filter param-
eter, it is common practice to tweak §/8 until refraction fringes disappear without
introducing an excessive smoothing. Such a procedure is often applied when deal-
ing with polychromatic X-ray spectra or with samples of unknown composition. To
demonstrate this practice, several profiles taken across the PBT wire are shown in
Fig. 7.15. Each profile has been reconstructed using a §/8 value in the range 250—
550: thanks to the beam monochromaticity, it is found that the optimal §/8 is 450
that well matches its nominal value (see Table 7.2).
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In Fig. 7.16, panel (a), the phase retrieved reconstruction of the wire phantom
is shown. Here a /8 = 450 is used, as it is an intermediate value among the three
different plastics. As expected, the refraction fringes are no longer visible, while
the noise has been significantly suppressed due to the ‘low-pass filtering’ effect of
phase-retrieval detailed in Sect. 5.1. This can be clearly appreciated in the gray level
histograms in panels (c), (d), which are obtained by selecting circular ROIs at the
center of each wire for both the images with and without the phase retrieval: after
phase retrieval the three materials can be easily separated based on the gray values of
each voxel. The ROIs are selected far from edges where the gray level distribution is
flat and have equal areas to provide histograms with equal statistics. Given the major
increase in contrast sensitivity achieved with the phase retrieval, it is interesting to
observe the results obtained from the same sample scanned with a 20-fold shorter
exposure time, as shown in panel (b). Even though a broadening of the distributions
due to the reduced statistics can be seen, the histogram in panel (e) shows that the
materials are still clearly distinguishable. In quantitative terms, we observe that the
central values of the gray level distributions are separated, respectively, by ~25
standard deviations for the long and ~10 for the short exposure scans. This clear
separation, between materials of similar attenuation properties, is advantageous in all
those applications involving subsequent data processing steps such as segmentation.

The quantitative results extracted from tomographic images are summarized in
Table 7.3. For all materials, the measured attenuation coefficient is compatible, within
the noise fluctuations, with the theoretical values; the maximum discrepancy in terms
of mean value is observed for PET wire and it is smaller than 10%. This result is
compatible with the findings of the planar image where PET has been found to be
more absorbing than its nominal value. To estimate the effects of phase retrieval, the
contrast with respect to the least absorbing material, i.e. Nylon, has been measured
both before and after the application of the retrieval algorithm. As expected, no
significant differences in the detected contrast are observed, indicating that the image
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Fig. 7.16 Image of the wire phantom after phase retrieval for the 4 hours long exposure (a) and
the 12 minutes long exposure (b). In (a) the ROIs used for the histograms are reported. Gray level
histograms are relative to the wires phantom reconstructed without (¢, see also Fig. 7.15) and with
phase retrieval for the long (d) and short (e) exposures

Table 7.3 Quantitative results obtained from CT reconstructions. C—no phrt, C—phrt and C—phrt
short refer to the contrast of long exposure non-phase-retrieved, phase-retrieved and short exposure
phase-retrieved acquisitions, respectively, whereas subscript th and exp refers to theoretical and
experimental values, respectively. Uncertainties are computed by following standard error propa-
gation rules

R em™D) | pexp rel error (%) | C-no phrt | C—phrt (%) | C—phrt
(cm™1) (%) short (%)
PBT 7.98 7.8+0.8 —1.8 30+18 27.9+0.7 28.5+2.0
PET 9.01 9.84+0.8 8.7 62420 59.9+0.8 599 +2.2
Nylon 591 6.0+0.8 2.0 - - -

retains its quantitativeness (see Sect. 2.6). On the contrary, a major improvement
in the contrast sensitivity (i.e. the associated uncertainty), going from about 20%
to values smaller than 1%, is found. Also when the short exposure acquisition is
considered, the contrast sensitivity is still around 2%, clearly sufficient for material
differentiation, while no contrast variation is observed.
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7.2.4 Biological Samples

The scans of two biological samples were acquired to assess the imaging potential
of the experimental setup on complex objects. The first sample is an esophageal
acellular matrix (ACM), derived from a piglet, provided by Institute of Child Health
(ICH). The ACM was derived via an established decelluarization technique named
detergent enzymatic treatment (DET) [47, 48]. Following the DET the sample was
critical point dried using CO,. The sample has an approximate size of 5 x 5 x
3 mm?>. The second sample is a lobe (dimension approximately 3 x 5 x 3 mm?) of
a dehydrated fibrotic murine lung generated from bleomycin-induced lung fibrosis
model (sample collected 28 days post-bleomycin, 25IU) as described by [49]. For
CT acquisitions all the samples were positioned within a thin plastic cylinder fixed
on the rotation stage.

In Fig. 7.17(a), (b), the long (exposure time of 2.4 hours) CT scan of the piglet
ACM is shown before and after applying the phase retrieval (§/8 = 100), respec-
tively, whereas in (c) the short (exposure time of 14 minutes) scan of the same
sample is reported. Focusing on the detail shown in panels (d—f), it is clear that the
high noise in the non-phase-retrieved image possibly hampers the ability to differ-
entiate soft tissues while, when phase retrieval is applied, the contrast sensitivity is
sufficient to distinguish the 4 layers composing the esophageal wall, namely mucosa,

Fig.7.17 Decellularized piglet esophagus scan with long exposure without (a), (d) and with (b), (e)
phase retrieval, and short exposure with phase retrieval (c), (f). The dashed square in (a) represent
the detail zoomed-in in the lower panels. The labels in (e) identify from right to left the adventitia
(1), muscularis propria (ii), sub-mucosa (iii) and mucosa (iv)
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Fig. 7.18 Trans-axial (a), sagittal (b), transverse (c) slice and 3D rendering (d) of the fibrotic
mouse lung sample

sub-mucosa, muscularis propria and adventitia. Remarkably, despite a higher noise
level, the tissue layers are distinguishable also in the short exposure scan as visible
in panel (e).

Panels (a)—(c) in Fig. 7.18 show the orthogonal views of the mouse lung sample
phase-retrieved reconstruction (§/8 = 50), while in panel (d) the 3D rendering is
reported. Dense fibrotic tissue can be distinguished in the sub-pleural peripheral and
bronchovascular regions, as shown for instance at the markers crossing position, with
bronchi and bronchioles a prominent feature in the 3D rendering. Quantification of
changes in parenchymal density, as seen in fibrosis, or measurement of airway or
vascular remodelling represent potential pre-clinical applications of this imaging
technique.

7.2.5 Remarks and Outlooks on High-Power Rotating Anode
PB Systems

Most of laboratory phase-contrast imaging setups are based on polychromatic, low
power, microfocal sources and cone beam scan geometries (i.e. large beam diver-
gence) featuring high magnifications. Conversely, the results reported in this section
show that quantitative PB imaging can be attained also by using compact high-power
rotating anode sources which, coupled with dedicated optics, are capable of provid-
ing high-flux and temporal coherence. The geometry of this system resembles, in
some way, the irradiation geometry commonly found in synchrotron facilities, where
small magnifications and parallel beam reconstruction are used.
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Specifically, the described setup can be appealing for light materials, such as
plastics or soft tissues, with dimensions in the millimeter scale requiring high contrast
sensitivity and spatial resolution in the order of 10 wm, while scan times range from
hours to tens of minutes. The system, capable of delivering an integrated flux of
108 ph/s, has been characterized in terms of spatial coherence and detector spatial
resolution, resulting in an overall PSF at the sample position of 14 um FWHM: this
value represents an optimal trade-off between spatial coherence and X-ray flux since
the source size projected at the sample position is comparable to the detector PSE.
The comparison between experimental data and theoretical prediction allowed to
demonstrate the quantitativeness of the system, as an overall good agreement is found
for both phase and attenuation signals, the maximum difference being <5% in planar
and <10% in CT. In addition, the proposed setup has proven to be sufficiently stable
over several hours, that was the time to acquire the high-statistics CT scans, while
it is capable of providing a refraction (i.e. phase-contrast) signal 2—3 times higher
than conventional X-ray attenuation. As done in the context of the synchrotron-based
BCT project (see Chap. 5), the effects of the phase-retrieval algorithm on image noise
and contrast sensitivity have been examined, showing that a 20-fold improvement in
contrast sensitivity (from ~20% to <1%) is achieved for the wire-phantom CT scan.
This opens up the possibility of significantly reducing the exposure time: going from
4 hours to 12 minutes, contrast resolutions around 2% are found, still providing a
fine resolving power between different soft materials. The tests on two biological
samples of medical interest have shown the potential of the system in the field of pre-
clinical applications as, for instance, digital histology or some aspects of regenerative
medicine such as tissue/scaffold interactions, involving samples with dimensions in
the millimeter scale.

As a general remark it is worth noting that, in addition to the configuration reported
in this study, the setup is inherently flexible as it allows adjusting the spatial coher-
ence, by replacing the pinhole collimator defining the source size, and the magni-
fication. Moreover, by inserting a vacuum pipe to prevent air attenuation, the field
of view can be in principle enlarged at a constant fluence rate. In fact, keeping the
spatial coherence constant, the linear source size d (i.e. the collimator diameter) can
be scaled with the source-to-detector distance zo + z1, thus compensating the fluence
rate reduction due to the larger source-to-detector distance by the larger dimension
of the source:

hot d? 2
PO ons) (zo +21) = constant (7.10)

fluence rate( 5 X 3
(zo +z1) (zo + 21)

mm?s!

This is possible since the focus created by the bent multilayer monochromator is
significantly bigger (~210 pm) than the pinhole collimator itself (75 pwm). Moreover,
when using other X-ray phase-contrast techniques which are less demanding in terms
of spatial coherence (e.g., edge illumination), the same setup can be used with larger
collimators potentially delivering a 10 times higher flux.
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Of course, despite providing remarkable performances for a such compact design,
the integrated photon flux produced by the system presented in this section is more
than 3 orders of magnitude smaller than the monochromatic flux achievable at the
SYRMEP beamline, in an energy window one order of magnitude broader. In addi-
tion, while X-ray spectra produced in synchrotron rings by bending or wiggler mag-
nets are broad, thus allowing a large flexibility in the energy selection, the monochro-
matic spectra extracted from conventional X-ray sources are limited to the choice of
the anode material, therefore to its k-edges.

7.3 Do We Need Clinical Applications in Synchrotrons?
A Tentative Answer

Going back to the initial question of this chapter, it is clear that synchrotron radia-
tion facilities offer substantial advantages in X-ray imaging, as demonstrated for the
breast CT case in Sect. 7.1, potentially being ideal sources also for clinical appli-
cations. On the other hand, a widespread diffusion of SR-based clinical exams is
not feasible in terms of costs and infrastructural requirements. For this reason, the
diffusion of many phase-contrast techniques, which have the potential to revolution-
ize X-ray diagnostic, is intrinsically linked to the development of ‘synchrotron-like’
radiation sources fitting a hospital environment. Therefore, any step forward in the
translational research towards more compact sources should be encouraged by all
means. In this context, machines based on the inverse Compton scattering [35, 50],
which are able of providing sufficiently high coherence and X-ray flux at energies
of radiological interest in a scale one or two orders of magnitude smaller than con-
ventional synchrotron facilities, are envisaged as potential candidates to kick off the
transition from synchrotrons to hospitals. Anyway, at present, sources of this kind
with sufficient robustness and reliability are not available, and high spatial coher-
ence or high output power are mutually exclusive properties of any commercial X-ray
device. This dichotomy, ultimately related to the impossibility of dissipating huge
heat loads as it would be required for small-focal spot high-power sources, has driven
the research down to two separate roads. On one side, sources for medical applica-
tions, mainly based on the rotating-anode technology, have been developed pursuing
high flux, to speed up the examination, optimized X-ray spectra/detectors, to increase
contrast, and sophisticated voltage/current control strategies, to reduce or optimize
radiation dose deposition. Typically, these sources have output powers in the order
of several kilowatts but they do not feature high brilliance (i.e. number of photon per
unit time, area and solid angle) due to the relatively large focal spot size. On the other
hand, X-ray imaging laboratory sources, often based on thin transmission or liquid
metal anodes, are usually optimized to achieve a small focal spot thus allowing for
large geometrical magnifications and/or phase-contrast (mainly propagation-based)
imaging. In general, these sources have a small output power in the order of watts but
they usually have higher brilliance, the brightest being the ones featuring liquid metal
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anodes which can tolerate heat loads exceeding the anode’s melting point. Right in
between these two approaches, several efforts are being dedicated to develop phase-
contrast techniques which can be adapted to conventional medical imaging sources.
This has been accomplished with some degree of success by using both Talbot-Lau
interferometry [51, 52] and edge illumination [53, 54]. Both techniques make use of
spatially-varying masks used to split the X-ray beam generated from a broad focal
spot into multiple beamlets and to analyze the changes in phase or direction of each
beamlet due to the presence of the sample. The presence of absorbing masks brings
to a reduction of the X-ray flux, requires for a careful alignment (order of microns)
and stability throughout the examination, and demands for a precise fabrication of
the masks, which are often made of high-Z materials. The last two conditions are
allegedly the most critical issues which, at present, have halted a wider diffusion of
these techniques in the clinical context.

In general, synchrotron radiation offers an extremely valuable benchmark and SR-
based experiments can provide gold-standards in terms of achievable image quality,
defining, in practice, the upper-limit to the potential clinical development of any given
technique. At the same time, it is the author’s belief that only the successful appli-
cation of SR-studies on human patients and the production of irrefutable results can
trigger the medical community, attracting researchers and funds to make the devel-
oped techniques impactful and widely available. Additionally, techniques and tech-
nologies born and/or optimized at synchrotrons have not always been confined within
large research facilities. As aforementioned, this is the case of phase-contrast tech-
niques as grating interferometry and edge illumination which, firstly implemented at
synchrotrons, have been translated to conventional sources. Similarly, propagation-
based imaging of human-scale objects could be straightforwardly extended to more
compact environments as soon as sources with adequate flux and coherence are avail-
able. Finally, it should be noted that the Elettra-based breast CT project described
in this work is only one among the several ongoing or planned clinical projects in
synchrotron facilities. As mentioned, the researchers of the Australian synchrotron
(ANSTO) are developing their own breast CT clinical project [55], planning to start
clinical examinations in two years time (2020/2021) and similar interests are also
shared by the Indian synchrotron facility (Indus-2) [56]. Along with breast imaging,
phase-contrast application to lung imaging has been attracting an increasing inter-
est [57], and encouraging results on human-scale samples have recently appeared in
the scientific literature [58]. Historically, besides phase-contrast imaging, one of the
most widely investigated medical applications of synchrotron has been the K-edge
subtraction technique applied to angiography and/or lung imaging. In this field many
clinical systems have been developed over the years at various facilities world-wide
as Stanford Synchrotron Radiation Laboratory (SSRL), National Synchrotron Light
Source (NSLS), Haburger Synchrotronstrahlungslabor (HASYLAB), Photon Fac-
tory (PF), Budker Institute of Nuclear Physics and European Synchrotron Radiation
Facility (ESRF) [59]. Moreover, in addition to imaging, clinically-oriented radio-
therapy projects [60] are ongoing both at ESRF and ANSTO, while a similar activity
is now kicking off at the German Synchrotron (DESY). Therefore, even if the ever-
increasing number of synchrotrons is still rather small (around 60 worldwide), an
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extensive use of these facilities for clinical applications has the potential to provide
a relevant clinical impact.
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