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Abstract

Purpose: Within the SYRMA-CT collaboration based at the ELETTRA synchrotron radiation (SR)
facility (Trieste, Italy) the authors investigated the imaging performance of the phase-contrast
computed tomography (CT) system dedicated to monochromatic in vivo 3D imaging of the female
breast, for breast cancer diagnosis.

Methods: Test objects were imaged at 38 keV using monochromatic SR and a high-resolution CdTe
photon-counting detector. Signal and noise performance were evaluated using modulation transfer
function (MTF) and Noise Power Spectrum (NPS). Phase-contrast CT images as well as images
obtained after the application of a phase-retrieval algorithm were evaluated. The contrast to noise
ratio (CNR) and the capability of detecting test microcalcification clusters and soft masses were
explored.

Results: For a voxel size of (60 um)’, phase-contrast images showed higher spatial resolution (6.7
mm’™ at 10% MTF) than corresponding phase retrieval images (2.5 mm™). Phase retrieval produced
a reduction of the noise level as well as an increase of the CNR by more than one order of
magnitude, compared to raw phase-contrast images. CaCOs3 microcalcifications with a diameter
down to 130 um were detected both in phase-contrast and in phase retrieval images of the test
object.

Conclusions: The investigation on test objects indicates that breast CT with a monochromatic SR
source is technically feasible in terms of spatial resolution, image noise and contrast, for in vivo 3D
imaging with a dose comparable to that of two-view mammography. Phase-retrieved images
showed the best performance in the trade-off between spatial resolution and image noise.

Keywords: Synchrotron radiation; breast cancer,; photon-counting detector; computed
tomography, phase-contrast imaging
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1. Introduction

In the fight against breast cancer, mammography is the gold standard technique for screening
and plays a fundamental role in diagnostic exams. However, the performance of 2D mammography
for breast cancer detection is not ideal. The Breast Cancer Surveillance Consortium (BCSC), by
means of performance assessment of screening mammography examinations (1,838,372 exams in
the period 2004-2008), determined a sensitivity of 84.4% and a specificity of 90.8% [1]. A reduced
diagnostic performance in detecting tumor masses can be due to the presence of overlying normal
breast tissue that can obscure breast lesions and hinder their detection, producing a wrong diagnosis.
In order to improve breast cancer detection via 3D X-ray imaging, computed tomography (CT)
scanners dedicated to the breast (Breast CT, or BCT) have been developed, since 2001, as reviewed
recently [2].

Moreover, phase-contrast mammography [3-5] and phase-contrast breast tomography [6-14]
are under investigation as new imaging techniques for a potentially better definition and increased
conspicuity of breast lesions at diagnosis. This potential is related to the increased tissue contrast
produced by coherent X-ray imaging, either with monochromatic synchrotron radiation (SR) X-ray
sources [9,15] or with polychromatic X-ray tube sources and phase detection techniques [7,16]. In
this context, BCT using synchrotron radiation (SR-BCT) may play a relevant role, both as a
reference imaging technique and in order to exploit opportunities offered by a tunable,
monochromatic X-ray source with extremely high spatial (lateral) coherence and high photon flux,
in a parallel beam geometry. Research groups at the SR facility ELETTRA (Trieste, Italy)
[3-5,17-19], at the European Synchrotron Radiation Facility in Grenoble, France [6-9] and at the
Imaging and Medical beamline of the Australian Synchrotron [20] investigated these phase-contrast
based breast imaging techniques. In particular, recent results [18-21] showed that the in-line
(propagation based) phase-contrast technique offers significant improvement in image quality
compared to conventional absorption-based BCT. This is a significant indication, since in the field
of phase-contrast imaging free-space propagation based techniques offer advantages of simplicity,
reliability and feasibility of clinical implementation, with respect to other techniques requiring
complex optical setups.

In this line of research, the SYRMA-CT collaboration, based at the ELETTRA SR facility,
investigates the technique of phase-contrast in vivo SR tomography dedicated to the diagnosis of
breast cancer, exploiting the propagation based phase-contrast technique, with a laminar and
monochromatic SR X-ray source, and a large-area single-photon counting detector [18,21].

The SYRMA-CT acquisition setup, recently upgraded for breast CT acquisitions from

previous in vivo planar imaging studies [3], includes a rotating and vertically translating bed where
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the patient is in the prone position with her uncompressed breast freely hanging through a hole in
the bed. A first study conducted with a breast specimen has indicated the feasibility of a clinical
BCT with SR source [18], and the related impact on breast dosimetry has been investigated
recently [21].

The aim of this work is to characterize this SYRMA-CT system for in vivo imaging (via linear
systems analysis) in terms of the spatial resolution of the system via determination of its modulation
transfer function (MTF) and noise power spectrum (NPS), and by evaluating, on test object, the
contrast to noise ratio (CNR) and the visibility of simulated microcalcifications. The analysis
focuses on the features of the phase signal on the CT slices, by comparing the imaging performance
obtainable in phase-contrast imaging (obtained without phase-retrieval algorithm, but by
reconstructing CT slices from the raw flat-field corrected projections), to that obtainable via a phase

retrieval algorithm (referred below as phase retrieval imaging or phase-retrieved images).
2. Materials and methods

2.1. Experimental Setup
The SYRMA-CT project is ongoing at the SYRMEP beamline at ELETTRA [18], a line

dedicated to medical physics applications. For the execution of CT acquisitions, the setup was
modified compared to the previous one used for phase-contrast mammography [5], in order to
perform the rotation (in several turns) of the patient support, with the subject in the prone position
and the breast hanging at the rotation center (fig. 1). The radiation source was a bending magnet of
the ELETTRA storage ring; the beam energy was selected by means of a Si(111) double crystal
monochromator, which permitted the tuning of the beam energy in the range 8.5-40 keV, with an
energy resolution of 0.2%. The beam shape in the radiology hutch was defined by a tungsten slits
system, as a rectangle of 200 mm (horizontal width) and a height of 3 mm (vertical height). The X-
ray beam transverse coherence length is of the order of 10 pm at 15 keV [40]. The CT views were
acquired in a simplified setup using a rotation stage in the breast position of the radiology hutch, at
a distance of 2 m from the imaging detector. Mittone et al. [21bis], in a simulation study performed
with monochromatic X-ray radiation, showed that the ratio between the dose to the breast and
transmittance through the imaged object decreases as the photon energy increases up to about 60
keV. Based on this result, the beam photon energy chosen for the SYRMA-CT project is 38 keV,
the highest photon energy disposable at ELETTRA without affecting drastically the X-ray beam
stability. The projections were collected over 180 deg, thanks to the negligible horizontal
divergence of the beam (7 mrad) which approximates a parallel beam geometry. The number of

acquired projections was 720.
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Pixirad photon.counting detector

Figure 1: Photo of the SYRMA-CT setup for phase-contrast breast CT at the ELETTRA synchrotron radiation
laboratory (Trieste, Italy). The horizontal beam irradiates the breast hanging from a hole in the patient bed; the
transmitted beam is recorded by a high resolution photon counting detector. Rotation and translation of the bed permits

to acquire in successive axial scan over 180 deg a complete dataset for CT reconstruction.

The detector was PIXIRAD-8, a high efficiency, direct detection, photon counting X-ray
imaging detector. This semiconductor pixel detector showed an isotropic spatial resolution of 72 um
(full width at half maximum, FWHM, of the detector point spread function). PIXIRAD-8 is a multi-
block, 2 Mpixel detector consisting of eight PIXIRAD detector units aligned in a row, produced by
PIXIRAD Imaging Counters srl (http://www.pixirad.com), an INFN Pisa spin-off company. The
basic block is a hybrid architecture in which the sensor and readout electronics (ASIC) are coupled
with the flip-chip bump-bonding technique. For a single unit, the sensor (ACRORAD Co., Ltd.) is a
cadmium telluride (CdTe) Schottky type array of diodes with a total area of 30.96 mm x 24.98 mm
and a substrate thickness of 0.650 mm. The pixel arrangement is on a hexagonal honeycomb matrix
with a pitch of 60 um. The multi block module used in this project is an 8-unit system reaching a
total active area of 250 mm x 25 mm; raw images have a size of 4608 x 476 pixels. Due to the

modular structure of the device, a dead space is present between adjacent blocks, with a width of
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180 um. As outlined in ref. [22], a high Detective Quantum Efficiency of a thick, direct conversion
photon-counting detector (1-mm thick CdTe sensor in their study) may allow for a dose reduction
with respect to energy-integrating scintillator-based detectors used in current BCT setups with
polychromatic sources and cone-beam geometry.

The CT scans were performed in step-and-shoot modality, with an exposure time of 50 ms per
view. This implies that in this work, the system spatial resolution and noise are not affected by the
blurring introduced by the continuous rotation of the object.

A low-level discriminator threshold equivalent to 19 keV (corresponding to half the energy of
the incident photons) was set on the pixel signal; this permitted minimizing charge-sharing effects
in the pixel signal (double counts, loss of spatial resolution) thus avoiding a loss of counts [23].
This high-value threshold makes the dark noise of the detector negligible [24]. The images were
flat-field corrected to apply gain correction. Subsequently, a re-sampling of the images based on
linear interpolation was performed, in order to change from a honeycomb to a square pixel array,
producing images with 30-um equivalent pixel pitch.

The reconstructed slices were obtained from the pre-processed projections using Filtered Back
Projection (FBP). In order to reconstruct slices with voxel size of (60 pum)® and (120 pm)’,
projections underwent a 2x2 binning and a 4x4 binning process respectively. The phase signal was
retrieved by processing the projections with the algorithm proposed by Paganin et al [25]. In order
to implement this algorithm, the scanned objects are assumed to be composed of one homogeneous
material, with known real part (/-6) and imaginary part () of the complex refractive index of the

material, n(E) = (1-6)+i 5, evaluated at the photon energy E.

2.2. System MTF

The high-resolution detector of the SYRMA-CT system, and the practical absence of
penumbra due to the almost parallel beam geometry (7 mrad beam divergence), contribute to
produce high-resolution CT scans over a 180-deg angular span. The spatial resolution of the
SYRMA-CT scanner was evaluated by measuring the system MTF; a limiting spatial frequency was
evaluated at 10% MTF value (MTFy ;). A sharp polymethylmethacrylate (PMMA) edge (for which
S(E) = 1.845x107 and B(E) = 1.219x10™"" @ E = 38 keV; thickness = 2 mm); height = 90 mm) [26]
was imaged in order to evaluate the system edge spread function (ESF), from which the line spread
function (LSF) of the system was evaluated, by numerical differentiation. In order to reduce the
noise, in the case of the MTF evaluation over the PMMA edge, the ESF curves have been averaged
over 10 consecutives rows. The PMMA slab introduced little attenuation but sizeable phase shifts in
the X-ray beam. Then, the system MTF (normalized to the value at zero spatial frequency) was

computed via numerical Fourier transform. It is worth noting that the fringes on the phase-contrast
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image of the PMMA edge (determining the edge enhancement effect typically observed in in-line
phase-contrast imaging) may distort the MTF curves derived in the above way, introducing an
artifact (i.e. normalized MTF values greater than 1) similar to the one occurring in CT
reconstruction with the use of some kernels, characterized by undershoots in the kernel curve (see,
e.g., [27)).

The system MTF was evaluated also by using a highly attenuating object, a 50-um diameter
tungsten wire placed parallel to rotation axis, at 50 mm radial distance from the axis, slightly tilted
(2 deg) with respect to the rotation axis in order to obtain the presampled LSF. This technique is
commonly used for spatial resolution assessment in cone-beam breast CT [28,29]. The evaluation of
the system MTF was carried out with two reconstruction voxel sizes (60x60x60 pum® and

120%120x120 um®).
2.3. System NPS

The common metric for the evaluation of noise properties in attenuation based CT imaging is
the (3D) NPS, which describes the spatial decomposition of noise variance in an image as a
function of the spatial frequency, thus expressing the noise transfer property of the system.
Assuming the applicability of linear analysis system theory for phase-contrast imaging, for the
experimental determination of the NPS a scan was performed of a homogeneous mammographic
phantom (5(E) = 1.619x107; A(E) = 0.697x10""; @ E = 38 keV [30]), a CIRS phantom BR 50/50
mod. 014AD simulating a 50/50 breast tissue (i.e. a 50% glandular, 50% adipose tissue) (further
details are reported in sec 2.4.). The 1D coronal NPS was evaluated as indicated in ref. [31]. The 2D
NPS was estimated by the 2D fast Fourier transform from a region of interest (ROI), which did not
include any targets, in the coronal view. Then, the 1D noise power spectrum was computed by
radially averaging the 2D NPS. Pixel values in phase-contrast CT slices represent the attenuation
coefficient (proportional to the local value of f) of the imaged object, and the pixel value of images
after phase-retrieval is proportional to 6. Then, normalized NPS (NNPS) curves were evaluated, by
dividing the NPS curves for the square root of the mean signal value in the ROI where the NPS was
evaluated. These curves do not depend on the signal units of measurements, so permitting to

compare noise power spectrum in phase-contrast to that in phase retrieval imaging.

2.4. Contrast and microcalcification visibility

In order to test the microcalcification visibility and CNR in tomographic images, the
multilayer commercial test object (CIRS mod. 014AD) was imaged. Figure 2 shows a radiography
of this object (total thickness = 85 mm), obtained via a mammography unit (Siemens Mammomat
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Inspiration) at 32 kVp (W/Rh), with focal spot of 0.3 mm, pixel size of 85 um and entrance air
kerma of 15.35 mGy. The test object comprises several layers simulating the attenuation coefficient
of a breast tissue with an average glandular fraction of 50%; one layer contains different targets for
image quality analysis. Its target layer includes clusters of alumina and CaCOs; grains simulating
microcalcifications (with diameters from 130 to 390 um), four high-contrast fibers with a diameter
of 25 um, six masses (hemispheres with diameter in the range 1.8-6.32 mm, simulating 75%
glandular tissue attenuation) and a 5-mm thick contrast single step-wedge (adipose/glandular
tissue). Just one rectangular slab (20-mm thick with a size of 100 x 125 mm?®) of the multilayer

phantom was scanned with the SR setup.

Figure 2: Radiography along cranio-caudal direction of the CIRS test object BR50/50 mod. 014AD (50% glandular
breast tissue attenuation), shown for the purpose of object description. It includes a contrast step-wedge target (labels 1
and 2, superimposed on the image, for adipose and glandular tissue, respectively), six 75% glandular hemispheric
masses (labels 3-7) with a radius in the range 3.16-0.90 mm, clusters of alumina (labels 15-20) and CaCOj; (labels 9-14)
(from 390 to 130 um) microcalcifications, high-contrast fibers with a diameter of 25 um (label 21) and bar patterns
(labels 22.H and 22.V). Setup: Siemens Mammomat Inspiration, 32 kVp (W/Rh), focal spot size 0.3 mm, detector pixel
size 85 pm, entrance air kerma 15.35 mGy.

The image CNR was evaluted as:

CNR = VALt (1)
’O'a o,
2

where S, and S, are the average pixel values in the selected ROIs, respectively, 6%, and 6%, are the

corresponding variances and 4 is the area of the ROI (in pixels).
Two ROIs each of 100 x 100 pixels were selected in the step-wedge inclusion of the test

object (one for fat and one for glandular materials, respectively): in this specific case, S, and o, are



the signal and the variance in the glandular inclusion and S, and % for the signal and the variance
in the fat inclusion, respectively.

A global figure of merit (Q) was evaluated in order to compare the imaging performance of
the SR system in phase-contrast imaging to that obtainable with phase-retrieval. This index was
proposed in ref. [32] to obtain a single figure of merit in CT images taking into account the system

spatial resolution, the image noise (6°) and the radiation dose to the tissue (D):

MTFjg 4

Q=c—~= 3)

02D

where c is a constant. O takes high values when the spatial resolution is high, the signal noise is low
and the dose is low. Since the compared images were obtained with the same amount of radiation
dose, the quantity ¢/D was fixed to 1 mm®*. The noise was evaluated as the variance in the ROI
selected for the NPS evaluation, normalized to the square root of the mean signal value in the same

region.

2.5. Dose assessment

A MC simulation was developed for the mean glandular dose estimation in this experiment
[21,36]. A dosimetric formalism for the estimate of the glandular dose in a SR-BCT exam with
monochromatic radiation has been defined [21]. Since irradiation of the pendant breast with a thin
laminar SR beam implies the successive axial scan of adjacent thin sections of the breast along the
vertical direction, two dose metrics were introduced, namely, the mean glandular dose in the
irradiated volume (MGDy) and the total mean glandular dose (MGDy). The latter quantity takes into
account the energy deposited by radiation scattered outside the irradiated volume, by attributing this
additional dose term to the glandular tissue in the irradiated volume. A mean dose to the glandular
breast tissue in the case of SR-BCT irradiation of the whole breast (MGD) was also calculated, for
direct comparison with the mean glandular dose in a mammography or in a cone-beam BCT scan
with dedicated scanners. The three dose metrics can be calculated from determinations of the
corresponding normalized glandular dose coefficients (reported in [21] from 8 to 50 keV in 1-keV
increments, for 0%, 50% and 100% glandular fraction by weight and for cylindrical model breasts
of diameter from 8 to 16 cm) and multiplication by the air kerma free-in-air at isocenter.

In this work, the air kerma at the isocenter during the phantom scanning was 10.4 mGy both
for the NNPS assessment and for the test object imaging, with a 3-mm beam height. The
corresponding MGD,, value was 4.2 mGy and the MGD, was 8.0 mGy, calculated by approximating

the test object as a cylindrical breast with an equivalent diameter of 12 cm and a height of 9 cm, and

8



50% glandular fraction (since the test object had an height of just 2 cm, the value given for the
MGD; is only an upper limit to the MGD; value for the actual irradiated section). The difference in
these values is the ratio of the scattered energy imparted to the not-directly irradiated volume, to the
glandular mass in the irradiated volume. In assessing the mean glandular dose for future in vivo
BCT scans with a monochromatic SR beam of 3-mm height, for a 12-cm breast size of 9-cm height
fully irradiated in successive axial scans from the chest wall to the nipple, the authors estimate a
value of about 7.3 mGy for the MGD to the whole breast with data in ref. [21] and for an air kerma
at isocenter of 10.4 mGy, at 38 keV. Such a value is equivalent to the MGD used in two-view

mammography, and it will be the one used in the programmed clinical trial.

3. Results

3.1. MTF

Figure 3 shows the ESF curves in phase-contrast (fig. 3a) and in phase retrieval (fig. 3b),
respectively, for a PMMA-air edge. The edge profile in phase-contrast shows fringes (fig. 3a) due to
the refraction of the X-ray beam; as expected, this phenomenon is not visible after the application of
the phase retrieval algorithm on the projections (fig. 3b). The differentiation of the ESF curves
produces the LSF curves in fig. 4; the phase effects in the phase-contrast ESF cause dips in the
corresponding LSF (fig. 4a), at variance with phase retrieval LSF (fig. 4b). The high attenuation
coefficient of the tungsten wire makes the phase effects less relevant: indeed, fringes are not visible

in the presampled LSF evaluated from the wire image (fig. 5).
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Figure 3: The ESFs across a sharp PMMA-air edge in phase-contrast imaging (a) and with phase-retrieval (b) averaged
over 60 rows. In phase-contrast imaging, the fringes due to phase effects are outlined. Voxel size = (60 pm)3; number of
projections = 720.

Figure 6 shows the system MTF both in phase-contrast (fig. 6a) and in phase retrieval (fig.
6b), evaluated using the PMMA edge. The curves were obtained from 720 projections equally
spaced over a 180-deg scan and with an isotropic voxel of (60 um)’ and of (120 pm)’. The edge

effects cause an increase in the signal, as demonstrated (fig. 6a).



0.8

‘ LSF across Air-P MMA edge ‘ 0.81 ‘ LSF across Air-P MMA edge ‘ i
0.6 1 E
‘ Phase-contrastl Voxel size = (60 um)> 0.6 4 ‘ Phase retrieval I size = (60 3
] # Projections = 720 Voxe.5|z.e = (60 um)
— 0.4 —_ # Projections = 720
€ £ 0.41
E 02 1 £
w [N
%) %)
- 0.0-M W =
-0.21 Phase-contrast effect )
0 2 4 6 8 10 0 2 4 6 8 10
a) Distance (mm) b) Distance (mm)

Figure 4: The LSFs in phase-contrast (a) and after phase retrieval (b) obtained by differentiating the ESF curves in fig.
3. The phase-contrast fringes in the ESF in phase-contrast imaging cause dip signals in LSF curve. Voxel size = (60
um)’; number of projections = 720.
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Figure 5: The presampled LSF in phase-contrast imaging evaluated with a 50-um diameter tungsten wire. Voxel size =
(60 pm)*; number of projections = 720.
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Figure 6: The MTF curves in phase-contrast (a) and in phase-retrieval imaging (b), evaluated across the PMMA edge,
with voxel size of (60 pm)* and (120 pm)’ obtained with 720 projections equally spaced over 180 deg rotation scan. The
dashed horizontal line indicates the 10% MTF value.

The presence of edge-enhancement effects determine MTF curves which exceed the

normalization value at zero spatial frequency. Due to the system spatial resolution reduction, such a
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phenomenon reduces as the voxel size increases from (60 pm)’ to (120 um)’. Honda et al. [33]
showed a similar result in polychromatic propagation based phase-contrast mammography, related
to an “improvement of sharpness caused by the edge effect” [33].

Figure 7 shows system MTF curves in phase-contrast imaging (evaluated with the method of
the thin tungsten wire) not influenced by the phase-contrast effects. In these curves the limiting
frequency at MTF,, is 6.7 mm™ with voxel of (60 pm)’; it reduces to 2.5 mm™ when a Paganin
filter was applied over the projections (fig. 6b). Increasing the voxel size to (120 um)’ reduces the
limiting spatial frequency in phase-contrast (evaluated with the tungsten wire) and in phase retrieval
(evaluated over the PMMA edge) down to 4 mm™ and 1.7 mm™, respectively. However, the
frequency at MTF; evaluated with the method of the thin tungsten wire (6.7 mm™ for a voxel size
of (60 um)’) does not differ significantly from that obtained with PMMA edge 7.2 mm™); for a
voxel size of (120 um)’ the limiting frequency are 4 mm™ and 3.8 mm™, respectively.

Figure 7bis shows the MTF curves over a tungsten wire, in phase-contrast imaging, at 10 mm,
30 mm and 50 mm from isocenter. The curves do not significantly differ each other, and the slight

difference can be attributed to the uncertainty in the evaluation.
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Figure 7: The MTF curves in phase-contrast imaging, evaluated over the thin tungsten wire, with voxel size of (60
um)’ and (120 um)® and with 720 projections equally spaced over 180 deg rotation scan. The dashed lines indicates the
10% MTF value.
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isocenter.

3.2. NNPS

Figure 8 shows the NNPS curves obtained in phase-contrast imaging (fig. 8a) and in phase
retrieval (fig. 8b). Such curves were evaluated with an image voxel size of (60 pm)’ as well as for a
voxel of (120 um)’. Since the (raw processed) detector pixel pitch is 30 pm, the corresponding
signal bandwidth extends up to 16.7 mm™ [31], and in the case of reconstructed coronal pixel sizes
of 60 pm and 120 pum, the sampling theorem indicates that signal aliasing may be present,
producing signal spectra distortions. This effect was observed in the NNPS curves in phase-contrast
imaging, where the signal deviates significantly from zero for the highest frequencies (fig. 8a). The
Paganin filter used for the phase retrieval is a low-pass filter, which decreases signal noise as well
as the influence of aliasing (fig. 8b). The voxel size presents strong influence on NNPS in phase-
contrast: indeed, the maximum of the curve with voxel size of (120 um)’ is less than half of the
maximum of the curve related to a voxel size of (60 pm)’. The voxel size had weaker influence on
NNPS obtained with phase retrieval. The NNPS curves with phase retrieval show a drastic
reduction in the noise level in comparison to that in images obtained without phase retrieval. For a
voxel size of (60 pm)’, the maximum of the NNPS curve in phase-contrast images is more than one
order of magnitude greater than the maximum of the curve with phase retrieval. Moreover, the first
curve presents a maximum at 3 mm™, while the NNPS in images with phase retrieval has its
maximum at about 1 mm™. The noise in phase retrieval imaging, being less prominent at high
spatial frequencies than in the case of phase-contrast imaging, may better fit the need of detecting
smaller lesions, and balance the reduction in the system spatial resolution due to the Paganin

filtering.
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Figure 8: NNPS in phase-contrast imaging (a) and with phase-retrieval (b). They were evaluated both with a voxel size
of (60 um)’ and of (120 um)’ and the reconstructions were performed from 720 projections equally spaced over a 180-
deg rotation scan. Air kerma at isocenter = 10.4 mGy.

3.3. Contrast and microcalcification visibility

Figure 9 shows the CNR, as a function of the reconstructed slice thickness, both in phase-
contrast imaging and in phase retrieval. The curve obtained for phase retrieval images takes values
about one order of magnitude greater than that in phase-contrast imaging; in both cases the CNR

increases as the slice thickness increases.
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Figure 9: CNR between glandular and adipose tissue as a function of slice thickness in phase-contrast (closed square)
and in phase retrieval (open triangles) imaging (Air kerma = 10.4 mGy, slice pixel size = 60x60 pm?). The continuous
lines show a power law fit to the data points.

Figure 10 shows ROIs in CT slices (voxel size = 60x60x360 pm®) which include the masses of the
mammography test object. The CNR between masses and background, evaluated for the mass with
a diameter of 3.16 mm, was 45 in the phase retrieval images (fig. 10b) and less than 5 in the images
obtained in phase-contrast imaging (fig. 10a). The high CNR in phase retrieval allows to make
visible all the six masses with diameter ranging from 0.90 to 3.16 mm (fig. 10b), at variance with

phase-contrast CT slices (fig. 10a). The dead spaces between adjacent detector blocks in the eight-
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units detector cause ring-like artefacts in reconstructed slices and reduces lesions visibility (e.g.

lesion 6 in fig. 10b).

Figure 10: 75% glandular hemispheric masses with radius from 3.16 to 0.90 mm (labels 3-7, respectively), in phase-
contrast (a) and with phase retrieval (b). Voxel size = 60x60x360 um’; 720 projections; air kerma = 10.4 mGy.

Figure 11 shows images of two microcalcification clusters each represented by five CaCOs
specks, with diameter of 160 um and 130 pum, respectively. In spite of the drastic reduction of the
system spatial resolution caused by the Paganing filter, the microcalcification clusters embodied in
the mammographic CIRS phantom are visible both in phase-contrast (fig. 11a) and in phase
retrieval (fig. 11b) reconstructed slices (voxel size of 60x60x120 um’). The black halos around the
microcalcifications could be ascribed either to phase effects or to reconstruction artefacts.

Furthermore, such an artefact can be ascribed to a manufacturing imperfection.
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Figure 11: Microcalcification clusters with CaCO; specks of 160 pm and 130 pm in phase-contrast (a) and in phase-
retrieval (b) imaging. Voxel size = 60x60x120 um’; 720 projections; air kerma = 10.4 mGy.

Figure 12 shows profiles over three of the five 160-um microcalcifications labeled in fig. 11
as A, B and C, in phase-contrast (fig. 12a) and in phase retrieval (fig. 12b), respectively. A
Gaussian fit of the microcalcification profiles was performed, and then the FWHMs were evaluated
from the fitting curves. The FWHMs evaluated for the 160-pm microcalcification profiles are 150
pm and 212 pm, respectively in phase-contrast and in phase retrieval. Profiles over the
microcalcifications of 130-um size labeled with D and E in fig. 11 are shown in fig. 13. In this case,
the FWHM is 141 pum in phase-contrast (fig. 13a) and 207 pm for the images obtained after phase
retrieval (fig. 13b).
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Figure 12: Profile over the 160-um microcalcification cluster (dashed line in fig 11a), labeled in fig. 11 with A, B and
C, in phase-contrast imaging, (a) and with phase-retrieval (b). Voxel size = 60x60x120 um’; air kerma = 10.4 mGy; 720
projections.
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Figure 13: Profile over the 130-um microcalcification cluster (dashed line in fig 11a), labeled in fig. 11 with D and E,
in phase-contrast imaging (a) and with phase-retrieval. Voxel size = 60x60x120 um’; air kerma at isocenter = 10.4
mGy; 720 projections.

Table 1 reports the values of the global figure of merit Q for phase-contrast imaging and for
images obtained with the phase retrieval process. Such an index was evaluated for a voxel size of
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(60 um)’ as well as for a voxel size of (120 um)’. The O values indicate weak dependence of the
phase-contrast image quality on the voxel size where the noise reduction balances the reduction of
the spatial resolution; on the other hand, phase retrieval images with voxel size of (60 um)® present
a Q index about 2.5 times higher than for a voxel size of (120 um)’. Indeed, in this case, increasing
the voxel size reduces the system spatial resolution, but determines a weak influence on image
noise. Moreover, for a voxel size of (60 um)’, application of the phase retrieval algorithm to phase-
contrast images increases Q by about 1.8 times. Hence, in the trade-off between system noise and
system spatial resolution, this global figure of merit shows that phase retrieval may offer higher

system imaging performance than phase-contrast images.

Table 1. Global figure of merit O (eq. 3) evaluated for phase-contrast and phase retrieval imaging with two different
reconstruction voxel sizes.

Voxel size
60x60x60 pm’ 120x120x120 pm’
Phase-contrast 1523 1513
Phase retrieval 2696 1084

4. Discussion
4.1 Image quality

In this work, the authors evaluated the imaging performance of the SYRMA-CT system for in
vivo breast imaging with monochromatic SR in terms of spatial resolution, noise, CNR and detail
visibility, by analysing CT images of test objects, also containing simulated breast tissue lesions
and microcalcification clusters.

The combination of fine pixel pitch, high resolution X-ray detector embodied in the SYRMA-
CT scanner, the high-spatial coherence monochromatic X-ray beam and the large distance between
scanned object and detector plane (about 2 meters), permitted to detect phase-contrast effects
produced by X-ray beam diffraction in free-space propagation based imaging. No phase-contrast
effects were present in CT slices of a breast specimen in a previous study at ELETTRA with the
same geometry: this was attributed to the larger pixel pitch (200 pm) of the detector used in that
previous study, which hindered the visibility of the signal overshoot and undershoot at object edges
[17]. In this work, with a 60-um pitch detector, reconstruction voxel size of 60 um and 120 um side
preserved the phase-contrast information. In previous investigations at ELETTRA with
monochromatic SR film-screen mammography, propagation-based phase-contrast imaging showed

higher contrast detail visibility than conventional mammography at a comparable or lower dose

[34].
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In this new SR setup at ELETTRA, the fine pitch featured by the single-photon counting
detector determined a spatial resolution as high as 6.7 mm™ at 10% MTF, in slices with voxel size
of (60 pm)’ reconstructed via FBP algorithm and without phase retrieval (phase-contrast CT
images). This system spatial resolution is significantly higher than that of polychromatic cone-beam
BCT scanners [2], and compares well with the 5.6 mm™ limiting frequency of the helical BCT
scanner developed at University of Erlangen equipped with a high-resolution single-photon
counting detector [35]. The spatial resolution limit of the SYRMA-CT setup reduced to 2.5 mm™
when a Paganin filter was applied on the projections, in the application of the phase retrieval
algorithm.

The edge enhancement effects seen in phase-contrast images of test objects increased the
MTF curve to values higher than its zero-frequency value (fig. 6a); Honda et al [33], in
propagation-based phase-contrast mammography, related a similar effect seeen in their images to an
improvement of the edge sharpness of the object in projected images due to the phase effects.

The Paganin filter reduced drastically the image noise: the NNPS curves for phase-contrast
imaging had a maximum value several times greater than those in phase retrieval images. The voxel
size had weak influence on noise in images obtained with phase retrieval. The NNPS curves in
phase-contrast imaging reached their maximum value at about 3 mm’™'; on the other hand, the curves
in phase retrieval imaging had their maximum at 1 mm™, balancing in part the reduction of the
system spatial resolution due to the Paganin filter. With the phase retrieval algorithm here adopted,
the filter smoothing produced a FWHM size of the microcalcifications slightly higher than the
actual size, but reduced the background signal fluctuation and preserved microcalcification
visibility. In the proposed phantom study, CaCO; microcalcifications with a diameter down to 130
um were visibile.

In this work, the CNR in phase-contrast imaging was several times lower than that obtained
with phase retrieval. The soft masses embodied in the mammographic test object were detected with
high CNR when the phase retrieval process was applied to the projections. Correspondingly, for a
CT slice thickness of 360 pum and a slice pixel of (60 pum)®, raw phase-contrast CT imaging
produced a significantly lower masses visibility (CNR about six time lower).

A global figure of merit was evaluated, which takes into account spatial resolution and noise
in CT slices. The analysis of this Q-index showed that in the trade-off between spatial resolution
and noise in propagation-based phase-contrast imaging, the phase retrieval processing (with voxel
size of (60 um)’) produced higher imaging performance than raw (i.e. without phase retrieval)
phase-contrast imaging. The voxel size did not change significantly the O-index in phase-contrast

imaging, where reduction in the image noise balanced the reduction in the system spatial resolution.
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On the other hand, increasing the voxel size from (60 pm)’ to (120 pm)® did not significantly reduce
the noise in phase retrieval images but a reduction of the limiting spatial resolution from 2.5 mm’'
to 1.7 mm™' was observed, with the global figure of merit reducing by as much as 2.5 times.
4.2 Dose considerations

In SYRMA-CT setup, discussed in ref [18], in order to image a whole breast with a
monochromatic thin laminar beam, consecutive slices should be acquired (sequential CT). After the
first 180 deg scan, the patient support is translated vertically by a step corresponding to the beam
height (about 3 mm) and a successive rotational (circular orbit) scan can be performed. The
methods for the evaluation of the delivered dose in the SYRMA-CT configuration have been
presented and discussed in refs. [21,36]. The imaging dose to the "glandular tissue" of the breast
phantom used in this work was less than 4.2 mGy [21]. The MGD to the breast in the case of whole
breast SR-BCT irradiation (breast diameter = 12 cm, breast height = 9 c¢cm, glandular fraction =
50%) with an air kerma at isocenter of 10.4 mGy, was estimated at 7.3 mGy [21]. Such a glandular
dose would be higher than, but comparable to, the one used in a two-view mammography exam: for
a 12-cm diameter uncompressed 50/50 breast, which corresponds to a 3.2-cm thick compressed
breast according to the determinations of Boone [37], the MGD for two-view mammography is
approximately 2.5 mGy (data from fig. 4 in ref. [37]). An MGD of 7.3 mGy is comparable to that
used for diagnostic (non screening) mammography exams, where the MGD could be between 6 and
36 mGy (mean = 16.9 mQGy, standard deviation = 6.9 mGy) [38]. An estimated MGD of 7.3 mGy is
also lower than that evaluated for the Koning Corp. commercial BCT scanner - recently approved
by FDA in USA for diagnostic imaging of the breast in conjunction with two-view mammography
— which released to the breast a mean glandular dose ranging between 14.0 mGy and 17.5 mGy

[39].

5. Conclusions

The authors evaluated the imaging performance of the SYRMA-CT system dedicated to the
breast, at the ELETTRA SR facility, in terms of MTF curves, normalized NPS curves,
microcalcifications visibility and soft masses visibility, using test objects simulating the attenuation
properties of breast tissues.

The system spatial resolution reached 6.7 mm™ prior to the application of the phase retrieval
algorithm to the projections, while the Paganin filter for phase retrieval caused a spatial resolution
reduction down to a frequency of 2.5 mm™ at 10% MTF. On the other hand, the phase retrieval
following the Paganin algorithm caused a related increasing in detail CNR by one order of
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magnitude. The visibility of simulated soft masses was improved via this algorithm, and the CNR of
masses was more than six times lower in the images prior to phase retrieval. Clusters of simulated
microcalcifications with a diameter down to 130 um were visible both before and after phase
retrieval. The air kerma at isocenter here adopted for imaging would produce MGD values
comparable to that used in two-view mammography in case of whole breast irradiation for a 12-cm
diameter breast. The evaluation of a global figure of merit, which took in account spatial resolution
and noise in CT slices, indicated that the phase retrieval offers superior imaging performance than

phase-contrast, in monochromatic SR imaging of breast phantoms.
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