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Abstract 

We report the results of a systematic study of phase-contrast X-ray computed tomography in the 

propagation-based and the analyser-based modes using specially designed phantoms and excised 

breast tissue samples. The study is aimed at quantitative evaluation and subsequent optimisation, with 

respect to detection of small tumours in breast tissue, of the effects of phase contrast and phase 

retrieval on key imaging parameters, such as spatial resolution, contrast-to-noise ratio, X-ray dose and 

a recently proposed “intrinsic quality” characteristic which combines the image noise with the spatial 

resolution. We demonstrate that some of the methods evaluated in this work lead to substantial (more 

than 20-fold) improvement in the contrast-to-noise and intrinsic quality of the reconstructed 

tomographic images compared to conventional techniques, with the measured characteristics being in 

good agreement with the corresponding theoretical estimations. This improvement also corresponds to 

an approximately 400-fold reduction in the X-ray dose, compared to conventional absorption-based 

tomography, without a loss in the imaging quality. The results of this study confirm and quantify the 

significant potential benefits achievable in 3D mammography using X-ray phase-contrast imaging and 

phase-retrieval techniques. 
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1. Introduction 

Phase-contrast X-ray imaging is currently transitioning from earlier general theoretical and 

experimental research using laboratory and synchrotron-based setups to a stage where the first 

medical trials with live patients are likely to become reasonably widespread and lead to refinement of 

these techniques and their implementation in routine medical practice using commercial 

instrumentation [1,2]. X-ray mammography, in particular, has been recognised as the area of medical 

radiography which stands to gain the most from the application of phase-contrast techniques [3]. A 

large number of publications have appeared in recent years, in which the advantages of different 

methods of phase-contrast imaging of soft biological tissues have been studied both theoretically and 

experimentally [4-11]. Several recent reviews have summarised the current state of the art in this area 

and provided useful ideas for further development [1,12-13]. A small number of early trials of phase-

contrast mammography with live patients have been reported with promising results [14]. Although 

some results in this area have been reported using specially designed laboratory X-ray imaging 

equipment [15-18], most of the relevant experiments so far have been conducted at synchrotron 

facilities. The SYRMEP beamline of the Elettra synchrotron is unique in this respect in that it has 

been designed and constructed specifically with mammographic applications in mind [19-21]. This is 

the only synchrotron beamline so far where human patient trials have been conducted in 2D projection 

mammography mode, and active preparations are underway for trials of 3D mammographic imaging. 

The present work is part of this targeted research which aims at quantification and optimisation of 

imaging conditions for mammographic computed tomography (CT) of live patients.  

 

With regard to the advantages that 3D imaging can deliver in the context of mammography, a large 

number of publications is already available which confirm that X-ray tomosynthesis is capable of 

considerable improvement in the sensitivity and specificity of breast cancer diagnosis compared to 

conventional 2D mammography [22-27]. The relevant advantages are achieved primarily due to the 

removal of the tissue overlap effect that is inevitable in 2D projection imaging, which can lead to the 

“masking” of small tumours by texture from overlaying tissue in conventional mammographic images 

or to the creation of suspiciously looking areas in the image conducive to false positive results [26]. It 

is well-known that CT is generally superior to tomosynthesis in terms of the fidelity of 3D 

reconstruction due to the fundamental difference in the underlying mathematical frameworks for 

image reconstruction between the two techniques. The main issue for the application of CT in breast 

imaging is that of the dose delivered to the patient. If the dose could be kept at a level comparable 

with that in the present-day clinical 2D mammography or tomosynthesis, while ensuring sufficient 

spatial resolution and signal-to-noise ratio, mammographic CT is likely to outperform the other 

imaging techniques in terms of the image quality and diagnostic value. In that respect a remarkable 



3 
 

development was reported by Zhao et al. [28], who showed that the use of phase contrast can deliver 

3D mammographic CT images with sufficient spatial resolution and contrast at a dose several times 

lower than in conventional mammography. These results have demonstrated that the use of phase 

contrast can indeed substantially enhance the sensitivity of breast X-ray imaging to small variations in 

the density and composition of soft tissues making the method attractive for clinical applications. 

 

We have recently reported [29] the results of an investigation of quantitative accuracy and noise 

sensitivity of reconstruction of the 3D distribution of complex refractive index, 

)()()( rr1r  in  , in samples containing materials with significantly different refractive indices 

using a method combining propagation-based phase-contrast imaging and computed tomography 

(PBI-CT) with phase retrieval based on the so-called homogeneous version of the Transport of 

Intensity equation (TIE-Hom) [30]. We demonstrated that while the distribution of the imaginary part 

of the refractive index, )(r  (which is responsible for attenuation of X-rays in the sample), can be 

accurately reconstructed from a single projection image per view angle with this method, the accuracy 

of reconstruction of )(r  (that determines the refraction of X-rays in the sample) depends strongly on 

the choice of the “regularization” parameter in TIE-Hom. In particular, we demonstrated that for some 

multi-material samples a direct application of the TIE-Hom method in PBI-CT produces qualitatively 

incorrect results for )(r . On a related issue, it has been observed [29,31-33] that it is possible to 

significantly improve signal-to-noise ratio in the reconstructed images by increasing the sample-to-

detector distance in combination with TIE-Hom phase retrieval in PBI-CT compared to conventional 

(“contact”) CT. We have shown [33] that the relevant maximum achievable gain is of the order of 

 /3.0 , which, given that the  /  ratio of soft tissues at X-ray energies typical for mammography 

is of the order of 103, can lead to significantly improved image quality and/or reduction of the X-ray 

dose delivered to patients in medical imaging. 

 

In the present work, we extend the results of our previous research in this area in three different ways. 

Firstly, we conduct quantitative PBI-CT experiments using not only the specially designed plastic 

phantoms, but also six different excised breast tissue samples, with and without tumours, fresh or 

fixed in formalin. Secondly, we compare the quantitative accuracy of the reconstruction of the 

phantoms and tissue samples using two different phase-contrast CT techniques, analyser-based 

imaging combined with CT (ABI-CT) and PBI-CT. For both techniques, we evaluate CT-

reconstructed images obtained from “raw” phase-contrast projections, as well as from processed 

projections obtained with the use of the relevant phase-retrieval techniques. Thirdly, apart from using 

standard image characteristics, such as spatial resolution, signal-to-noise ratio and others, we 
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introduce and evaluate a recently proposed new "intrinsic" imaging quality characteristic [34] which 

simultaneously takes into account both the spatial resolution and the noise sensitivity of the imaging 

setup. We provide a simple theoretical expression for this new characteristic in the case of imaging 

that combines PBI-CT with TIE-Hom phase retrieval, and demonstrate that the obtained theoretical 

values agree reasonably well with the corresponding experimental data. This approach allows one to 

assess and theoretically optimise an imaging setup, maximising the quality of produced PBI-CT 

images at a given X-ray dose. 

 

2. Image characteristics and imaging setups 

2.1. Imaging performance characteristics 

The quantitative analysis presented in this work includes the evaluation of accuracy and precision of 

the measurement of X-ray attenuation (determined by the imaginary part β of the refractive index), 

spatial resolution, contrast-to-noise ratio (CNR), figure-of-merit (FOM), as well as the new imaging 

quality characteristic, QS, for the main components of the samples. The CNR was defined as follows: 

  2/122
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  ,      (1) 

where 
2/ hSA featurefeature   is the area of the corresponding image feature measured in pixels (Sfeature 

is the area of the feature and h is the pixel size),  feature  and  background  are the average 

values of the imaginary part of the refractive index in the feature and in the background, respectively, 

and 
2
feature  and 

2
background  are the variance of noise in the feature and the background, respectively. 

Note that according to the definition of CNR, if the pixel size h is increased (e.g. by binning), the 

value of CNR generally won’t change, as the decrease in the first factor (feature area) is compensated 

by the decrease in the noise level in the denominator (due to the improved photon statistics), at least in 

the case of uncorrelated Poisson noise (photon-counting detectors). Note also, that due to the fact that 

we are considering not “raw” detected images, but the output of certain “computational imaging” 

systems, the contrast in the above CNR behaves differently from “signal” in a similarly defined 

signal-to-noise ratio. For example, while the standard deviation of noise in the denominator of eq.(1) 

is inversely proportional to the square root of the photon fluence (in the case of Poisson statistics and 

flat-field corrected images), the average contrast (which plays the role of the signal here) is essentially 

independent from the incident fluence, unlike the case for intensity-type “signals” in “raw” (not 

corrected for the flat field) images. Indeed, zero contrast in the numerator of eq.(1) may be produced 

at high fluences, if the X-ray attenuation is the same in the “feature” and in the “background”. The 
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definition of CNR in eq.(1) coincides with the signal-to-noise ratio (SNR) of the naïve observer 

introduced in [35] for the simplest detection task when signal is known exactly and background is 

known exactly (SKE/BKE) [36], which treats noise in reconstructed slices as uncorrelated (so that the 

noise power spectrum W is the same for all spatial frequencies, )0()( WW u ) and can be written as 

follows: 

  
xxxuuu dhdW

backgroundfeaturebackgroundfeaturenaive

22212 |)()(|)(|)(ˆ)(ˆ|)0(SNR  , where   

is the standard deviation of noise in the image (assuming that the noise in the image is approximately 

spatially stationary, i.e. in particular   backgroundfeature ) and the hat symbol denotes the Fourier 

transform. Note also that if noise in the reconstructed slices was uncorrelated, then CNR would 

coincide with SNR of the ideal observer [36-37]. For correlated noise, CNR is expected to be less than 

the SNR of the ideal observer. 

 

The FOM was defined as CNR normalized by the X-ray dose (and, hence, by the photon fluence in 

particular): 

2/1D/CNRFOM abs  ,          (2) 

where the mean absorbed dose (in mGy) was calculated according to the formula [38]: 

Lh

RE
N abs

pxlincabs 2
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 ,        (3) 

where pxlincN ,  is the number of incident photons per pixel, h2 is the pixel area in cm2, L and ρ are the 

average projected thickness and the mass density of the sample measured in cm and g/cm3, 

respectively, E is the X-ray energy in keV, and Rabs is the dimensionless material and energy specific 

coefficient of X-ray absorption (a fraction of the incident X-ray energy absorbed by the sample). We 

calculated Rabs using Monte-Carlo simulations with numerical phantoms that model the analysed 

samples (see details below). 

 

In this work, we also use the following normalized versions of the above quantities: 

2/1/CNRRCN feautureA ,          (4) 

2/12/1 D/RCN / FOMMFO absfeautureA  .        (5) 
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These values correspond to a single pixel, rather than to an image feature of a certain size. They allow 

one to estimate, if desired, the corresponding CNR and FOM for features of different size in the 

image, simply by multiplying the corresponding dashed values by the square root of the feature area 

expressed in pixels. 

 

Gain factors were introduced in the context of PBI as quantities that characterise the effect of phase 

retrieval on the standard deviation of noise in the reconstructed projection images and in the axial CT 

slices of the object [33]. The Gain Factor most relevant to our present experiments can be defined as 

the ratio of the standard deviation of error in a CT slice reconstructed from contact projections to the 

standard deviation of error in the corresponding CT slice obtained from phase-retrieved projections 

collected at a defocus distance z=R: 
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)0;raw(
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.        (6) 

In the present work we evaluate the Gain Factor )(G Rexp  in CT slices obtained from experimental 

images, and also compare it with the corresponding values of the Gain Factor )(G Rtheor  which was 

defined in [33] as a ratio of the standard deviation of noise-induced errors in a raw CT slice to the 

corresponding standard deviation of noise-induced errors in a phase-retrieved CT slice. Note that by 

definition this theoretical Gain Factor ignores any reconstruction artefacts. For this reason, one must 

be careful when comparing )(G Rtheor  with )(G Rexp  defined in eq.(6). Indeed, the latter one also 

incorporates the effect of the reconstruction artefacts originating e.g. from the limited number of 

projections, etc. The variance of noise in a conventional reconstructed CT slice can be expressed as 

222 )0;raw( artefactnoisefeature z   , where the first term describes the noise propagated from 

projections and the second term corresponds to deterministic imperfections of the imaging system 

(e.g. insufficient number of projections which results in streak artefacts in the reconstructed CT slice). 

These two sources of error are usually independent from each other (hence a simple sum of the 

corresponding variances) and only the noise term, noise , is affected by the phase retrieval. The 

reduction of the noise-induced component of the reconstruction error is quantified by the Gain Factor 

Gtheor. Accordingly, the variance of noise in a phase-retrieved CT slice can be written as 

2222 G) Hom;-TIE( artefacttheornoisefeature Rz   
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where noiseartefact  / . The value in brackets in eq.(7) is smaller than 1 if Gtheor > 1. The ratio  is 

usually small,  2 << 1. As a result, for large values of Gtheor, such that 1G 22 theor , the 

experimentally measured Gain Factor asymptotically approaches its maximum, 
1G exp . 

 

We also measure the recently introduced “intrinsic quality” characteristic, QS, of the corresponding 

computational imaging systems [34]. This dimensionless quantity incorporates both the noise 

sensitivity and the spatial resolution of the system, and is normalised with respect to the incident X-

ray fluence: 

xN

S

inc 


2/1

1
SQ  ,          (8) 

where Ninc is the photon fluence (number of photons per unit area) in the incident X-ray beam,   is 

the standard deviation of noise in the image, x is the spatial resolution and 1S  is the average value of 

the output signal produced by the corresponding imaging system given a uniform input signal of unit 

amplitude (after the flat field correction). In the case of linear shift-invariant systems, 1S  is equal to 

the integral of the system’s point-spread function [34]. In the experimental results presented below, 

the spatial resolution, x, in the images was evaluated according to the approach used e.g. in [39-40], 

i.e. it corresponded to the minimal width of the sharp edges that can be found in the images. 

 

The intended role of an imaging system’s “intrinsic quality” characteristic, QS, can be understood in 

view of the following arguments. Firstly, one is often interested in the simultaneous optimisation of 

both the spatial resolution and the CNR of an imaging system, therefore both these factors should be 

ideally taken into account at the same time and in connection with each other. Secondly, it is well 

known that often the CNR can be increased by running a low-pass filter over the image. This, 

however, reduces the spatial resolution, which may or may not be critical for the result depending on 

the size of features of interest. If, however, one is trying to improve the “intrinsic” quality of an 

imaging system, which would apply to a range of different features that may be present in an image, 

then the low-pass filtering may not be helpful in general and this fact needs to be quantified. Thirdly, 

it has been argued [29,31] that, unlike the above situation with low-pass filtering, the computational 

imaging system consisting of PB imaging followed by phase retrieval, may not suffer from the loss of 

spatial resolution (compared to the corresponding conventional attenuation-only system), while 

increasing the CNR in the reconstructed images compared to the conventional “contact” images (or 
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CT), due to the ability of PB imaging to utilize the additional signal (information channel) arising 

from the real decrement of the refractive index. 

 

2.2. Imaging setups and an analytical expression for the intrinsic quality characteristic 

A generic PBI-CT imaging setup (see figure 1; more details are given at the beginning of Section 3 

below), typical for synchrotron-based experiments, involves an illuminating quasi-monochromatic 

parallel X-ray beam incident on a sample fixed on a rotating stage, with the rotational position of the 

sample defined by the angle θ. The incident beam experiences attenuation and phase shifts on 

transmission through the sample, and the transmitted beam, which encodes the scattering information 

about the internal structure of the sample, then propagates through free space until it reaches a 

position-sensitive detector. In the ABI-CT case, there is also an analyser crystal placed between the 

sample and the detector (see figure 1). The analyser crystal selects a very narrow range of spatial 

Fourier frequencies (a narrow cone of X-ray directions) in the transmitted beam and rejects all other 

frequencies, with the position of the central transmitted frequency depending on the deviation angle 

(α) from the exact Bragg angle for the selected reflection. Both PBI-CT and ABI-CT are very well 

established techniques by now, and details about these imaging modalities can be found in multiple 

publications, see e.g. recent reviews [1-2] and references therein. Note that in the notation adopted 

below, even though in reality the sample was rotated while the incident beam and the detector were 

stationary during each CT scan, it was more convenient to associate the fixed Cartesian coordinate 

system ),,( zyx  with the sample, and the rotating coordinate system ),,(  zyx  with the 

imaging system, so that the optic axis direction coincided with z  and the image plane was 

),,( Ryx  (see figure 1).  

 

We calculated analytically the value of 1S  in eq.(8) for the computational imaging system employed 

in the present experiments, which consisted of CT reconstruction (producing the imaginary part of the 

refractive index β, rather than the linear attenuation coefficient  /4 ), optionally preceded by 

the TIE-Hom phase retrieval [29]. The corresponding mathematical expressions are as follows. For 

the TIE-Hom phase retrieval, we have [30] 

)],([),( 1
0 yxIyxI R 

T ,         (9) 

where ),(])2/(1[),]([ 121 yxfkRyxf   T , 
222
yx  , ),( yxIR   is the (flat and dark field 

corrected) measured intensity distribution in the image plane z = R at the rotational position of the 
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sample defined by the angle θ, ),(0 yxI   is the reconstructed intensity distribution in the object plane, 

and γ is the regularization parameter that is usually taken to be equal to the  / β ratio in the case of 

homogeneous samples (where this ratio is constant across the sample). In the case of the CT 

reconstruction part of the imaging system, we have [41]: 

)],(/),([ln(),,( 0
1 yxIyxIzyx in   X ,       (10) 

where  



ddd||),(ˆ]})cossin([2exp{)2/(1),,]([

0

1 gyzxikzyxg    









X , 

),(ˆ g  denotes 2D Fourier transform of the function ),( yxg  , and ),( yxIin   is the transverse 

intensity distribution in the beam incident on the object (as measured in the flat field images). It is 

obvious from energy conservation and can be also shown mathematically that 11T  ][1
, where the 

bold “1” symbol denotes a function identically equal to one at all points inside the relevant domain. 

The response of the CT reconstruction operator X-1 to unit input signal can also be found from energy 

conservation considerations. Indeed, it is easy to understand that the total X-ray attenuation integrated 

over any row in a (parallel-beam) X-ray projection is equal to the X-ray attenuation integrated over 

the corresponding 2D slice of the object. Mathematically, this can be written as 

  xyxIyxItytzxzyxzxzyxk
r

r

in

r

rrr

d]),(/),(ln[d),]([dd),,(dd),,(2 0


 P , where r is the 

radius of the corresponding reconstruction circle Ωr in 2D plane y=const and 

 








 zxzxtzyxyt dd)cossin(),,(),]([ P  is the projection of the function ),,( zyx  

along the straight lines tx  . Accordingly, for a unit input we get 

krxkzx
r

rr

/d1)2(dd][ 11  



1X . Finally, taking into account that ][1

1X


 is actually a constant 

(see e.g. [41]), we obtain  

)/(1][1
1 rkS  

1X .          (11) 

 

It can be shown [33] that in the case of an imaging system which combines the TIE-Hom phase 

retrieval with FBP CT reconstruction (referred to as TIE-Hom + PBI-CT below), the variance of noise 

in the output images (axial CT-reconstructed slices containing  values) can be expressed as 

)12/()2(),( 22222 hNkbAF ain   , where )/(1 22 hNincin   is the variance of white noise in 

individual CT projections, Ninc is the incident photon fluence, Na is the number of (equispaced) 
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projections in the CT scan, and ),( bAF  is a function given in [33] that depends on the dimensionless 

parameters )4/( 2hRA  , that determines the behaviour of the TIE-Hom phase retrieval, and b that 

depends only on the detector modulation transfer function (MTF) ( )2/(det hb   in the case of a 

Gaussian MTF with standard deviation det). In turn, the spatial resolution in the axial slices obtained 

by FBP CT reconstruction from TIE-Hom retrieved projections, can be approximately expressed as 

2/122 )( Hhx  , where H lies in the range between zero for homogeneous samples with 

 )(/)( rr , and 
2/1)2( R  for samples with (spatially variable)  /  ratio that is very different 

from the constant  used in TIE-Hom [34]. Then, in accordance with eq.(8), we obtain: 

2/1222/1

2/1

2 )/1)(,(

38
][

hHbAFN

N
Q

pix

a
S






11
TX ,      (12) 

where hrN pix /2  is the number of pixels in the detector row. Note that if the number of projections 

Na satisfies the optimal sampling condition for CT, pixa NN )2/(  [41], then the quality 

characteristic in eq.(12) is inversely proportional to 
2/1

pixN . This result is in agreement with the well-

known behaviour of singular values of the inverse Radon transform in 2D, whose magnitudes increase 

in proportion to the square root of the radial index [41]. Note that, if we used the total incident photon 

fluence (integrated over all projections), instead of the fluence in a single projection, incN , in the 

definition of SQ  for this system, the latter characteristic would be inversely proportional to pixN , 

which corresponds to the squares of the singular values of the Radon transform. On the other hand, as 

),( bAF  decreases as a function of parameter A [33], and can typically reach values as small as 10-3-

10-5 for large A achievable under realistic experimental conditions, the quality characteristic of the 

TIE-Hom+FBP imaging system can improve significantly for large propagation distances R. This fact 

is consistent with the experimental results presented below. 

 

3. Experimental results and discussion 

We have conducted phase-contrast CT imaging experiments at the SYRMEP beamline of the Elettra 

synchrotron [19-21]. The detector used was a water cooled CCD camera by Photonic Science, model 

VHR, 4008×2672 full frame, used in 2×2 binning mode (resulting in pixel size = 9 μm), coupled to a 

Gadolinium Oxysulphide scintillator placed on a fibre optic taper. Two classes of samples (phantoms) 

were used in these experiments: (a) plastic phantoms of overall cylindrical shape made of plexiglass 

or polyoxymethylene (POM), 1 cm diameter and with four holes of 2 mm diameter filled with water, 
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air, Glycerol and (nominally) 1M solution of CaCl2 (figure 2); (b) excised breast tissue samples, either 

healthy or containing tumours, fresh or fixed in formalin, contained in Polypropylene tubes with 1 

mm thick walls and an outer diameter of 12 mm. The samples were imaged with 20 keV or 30 keV 

energy monochromatic X-rays in in-line (propagation-based, PB) mode with sample-to-detector 

distances of 4.4 cm (the shortest achievable distance), 30 cm, 100 cm and 166.6 cm (the longest 

achievable distance), and in analyser-based (AB) mode with a Si(111) double-Bragg monochromator 

and analyser crystals with the sample-to-analyser distance of 37cm and the analyser-to-detector 

distance of 45cm (these were the shortest practically achievable propagation distances in the AB 

mode). Because of these non-negligible free-space propagation distances, the collected AB images 

actually contained a combination of the AB and PB contrast [42-43]. 

 

While two plastic phantoms and six tissue samples were imaged at different subsets of the imaging 

conditions described above (tissue samples were imaged at up to three different positions each), for 

the detailed analysis in the present work, we selected a single plastic phantom made of plexiglass 

(labelled “Plexi” below) and a single tissue sample (labelled “Tissue5c” below) that showed the most 

interesting features during the preliminary analysis. Both these samples have been imaged using 

almost all variations of the PB and AB imaging conditions listed above, and have therefore allowed us 

to conduct a detailed quantitative analysis of the main image characteristics as a function of the 

corresponding parameters of the imaging layouts. 

 

Theoretical values for the real and imaginary parts of the X-ray refraction index for the main 

components of the Plexi and Tissue5c samples are given in Tables 1 and 2. Note that in the case of the 

Plexi phantom, the role of “background” was played by the area corresponding to the enclosing 

plexiglass cylinder, while in the case of the Tissue5c sample the background corresponded to the 

areas of the sample occupied by adipose tissue. Additional data relevant for calculation absorbed dose 

and other experimental parameters can be found in Tables 3-5. Note in particular that the CT scans 

have been performed with Al filters of different thickness inserted into the X-ray beam upstream of 

the sample in order to reduce the photon flux and avoid over-saturation of the CCD during the 

selected (short) exposure time. The transmittance values for the used thicknesses of the Al filters are 

given in Table 5. For each scan, the thickness of the Al filter used in the corresponding experiment, is 

given in the caption of the table that contains the results of that experiment (Tables 6-15). 
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3.1. PBI results 

Figure 3 can be inspected for comparison of the quality of a CT slice reconstructed from “contact” 

“raw” X-ray projections of the Plexi phantom and the same CT slice reconstructed from TIE-Hom 

retrieved projections acquired at the same X-ray energy, but at the propagation distance R = 100 cm. 

The cylinders look like ellipsoids in the reconstructed slice because the sample was inclined at 30 

degrees with respect to the (vertical) CT rotation axis, which was done in order to increase the AB 

phase contrast (see below). A large qualitative increase in the CNR in conjunction with modest 

blurring of some boundaries in the image, as a result of increased propagation distance in combination 

with TIE-Hom phase retrieval, is obvious on inspection of figure 3. In particular, a substantial 

increase is apparent in the visibility/detectability of small cylinders filled with water and Glycerol, i.e. 

the substances with the X-ray attenuation properties that are very similar to those of the enclosing 

Plexiglass cylinder. Tables 6 and 7 present the numerical data illustrating the same improvement in a 

quantitative manner. Note, in particular, that while there is no substantial difference between the two 

slices in terms of the reconstructed average β values (except for the CaCl2 solution which seem to 

have gradually “deteriorated” during the scans), the gain in the CNR of the reconstructed image 

features ranged between Gexp=33 for the CaCl2 solution (which had the highest contrast due to 

absorption and the lowest relative contribution due to phase contrast) to Gexp=73 for Glycerol (which 

had the highest relative contribution of phase contrast). The theoretical gain in CNR of TIE-Hom 

retrieved PBI-CT images compared to raw contact CT images, Gtheor=156, was calculated according to 

eq.(6). The fact that the measured gain observed in these experiments was consistently lower than the 

(maximum) theoretical gain can be explained by the presence of artefacts and imperfections in the 

experimental images (see eq.(7)). 

 

Consider the fact that FOM for water and Glycerol in the CT images reconstructed from the “raw” 

projections (Table 6) is 0.005 and 0.0055 respectively. According to the definitions, eqs.(1)-(4), these 

values are equal to the corresponding CNR at the mean absorbed dose of 1 mGy. In order to detect a 

feature, one would normally require CNR of at least 5 (Rose criterion [44]) which is 1000 times larger 

than the above value for water. The corresponding Afeature in eq.(1) is then (1000)2, which corresponds 

to the diameter of a cylinder equal to Dcyl = (4Afeature / )1/2  1128 (in slice pixels). Given the pixel 

size of 9 m, the diameter of a cylinder that can be reliably detected under these imaging conditions is 

about 10.2 mm. At the same time, as it follows from Table 7, in the case of PBI-CT+TIE-Hom 

imaging, the FOM for water and glycerol is 0.27 and 0.29 respectively (corresponding also to CNR 

at the same dose of 1 mGy). Then the feature size, Afeature, corresponding to CNR = 5 is (20)2 pixels, 

which in turn corresponds to the diameter of the cylinder Dcyl = (4Afeature/)1/2  23 pixels. Given the 

pixel size of 9 m, the diameter of a cylinder that can be reliably detected is now only about 0.2 mm. 
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In other words, the detectability of small details with a refractive index that is very close to that of the 

“background”, is likely to very significantly improve in the case of PBI-CT+TIE-Hom imaging, 

compared to conventional CT from “raw” “contact” images. Alternatively, these data indicate that 

because CNR is proportional to 
2/1Dabs , the same feature (a water or glycerol filled cylinder in a Plexi 

matrix) can be detected using PBI-CT at a dose that is 2,500 times smaller than in conventional CT. 

 

As can be seen from Tables 6 and 7, the spatial resolution deteriorated at most boundaries in the TIE-

Hom retrieved slice compared to the raw slice, primarily because the selected constant value of γ in 

the TIE-Hom reconstruction differed from the actual variable relative δ/β ratio for different 

constituent materials [31]. However, as confirmed by the corresponding values of the QS 

characteristic, the overall improvement of the imaging quality of the system, with the longer 

propagation distance and TIE-Hom phase retrieval, was still quite substantial, ranging between 

approximately 7 and 50 for different materials.  

 

A similarly dramatic improvement in the image quality has been observed between the CT slices 

obtained from “contact” (acquired at E=20 keV and R=4.4 cm) “raw” X-ray projections of the 

Tissue5c sample and similar CT slices reconstructed from TIE-Hom retrieved projections acquired at 

the same X-ray energy, but at R=100 cm (see figures 4-5 and Tables 8-9). One can see, in particular, 

that the measured gain in CNR was about 50 (which was very close to the theoretical prediction of 

48.7), while the improvement in QS was up to 28 for Gland tissue between the two images. The spatial 

resolution decreased only moderately after the phase retrieval, because in this sample we had only two 

“important” components (adipose and glandular tissue), and we were able to choose the value of γ in 

the TIE-Hom reconstruction which was close to the theoretical relative δ/β ratio for the constituent 

materials (Table 2). Note that individual adipocytes (fat cells) which have an average size of 0.1 mm, 

are clearly seen in figure 5b. 

 

It is obvious that the visibility of most distinct features in the Tissue5c sample has been substantially 

improved as a result of the increased propagation distance in combination with the TIE-Hom phase 

retrieval. As it follows from Table 8, FOM for gland tissue is 0.0123 in the slice reconstructed from 

"raw" CT projection collected at R = 4.4 cm, which is equal to CNR′ at the mean absorbed dose of 

1 mGy, according to eq.(5). Hence, in order to be detected (with CNR = 5) at this dose, a feature 

needs to be about (400)2 pixels large, which corresponds to a cylinder with diameter 

Dcyl = (4Afeature/)1/2  451 slice pixels, or, given the pixel size of 9 m, the diameter needs to be about 
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4.1 mm. On the other hand, according to Table 9, the FOM for gland tissue in the case of PBI-

CT+TIE-Hom imaging is 0.28. Then CNR = 5 at the dose of 1 mGy corresponds to a feature with the 

size of approximately (20)2 pixels. This corresponds in turn to a cylinder with a diameter 

Dcyl = (4Afeature/)1/2  23 pixels, or about only 0.2 mm. Therefore, the use of PBI-CT+TIE-Hom 

imaging will result in more than a 20 times reduction in the size of the smallest reliably detectable soft 

tissue tumour, compared to conventional CT, at the same mean absorbed dose. As CNR is 

proportional to 
2/1Dabs , the above difference in CNR′ between the conventional CT and PBI-CT images 

with TIE-Hom phase retrieval under the conditions of this experiment also means that a soft tissue 

tumour of a given size can be detected inside adipose tissue at a dose which is ~400 times smaller in 

PBI-CT, compared to the conventional attenuation-based CT. 

 

In order to further check and illustrate the results described above, we have performed a numerical 

experiment. As the images shown in figures 4-5 have been obtained at very high total X-ray mean 

absorbed doses (these are estimated to be D  4.8 Gy for the CT scan at R= 4.4 cm and D  5.8 Gy for 

the CT scan at R= 100 cm), we simulated the CT projections corresponding to a much more 

reasonable dose [25] of D = 2 mGy (by adding the proper amounts of pseudo-random uncorrelated 

noise to the experimental projections) and performed the reconstructions from these noisy projections. 

More specifically, in the case of flat-field corrected projections collected at R= 4.4 cm, the measured 

standard deviation of noise in the sample-free image areas was approximately  = 1.25 %. We added 

simulated pseudo-random Poisson noise to these projections, so that the resultant standard deviation 

of the noise was  = 61%, in accordance with the desired decrease in the X-ray dose: 

2 / 4800  (1.25 / 61)2 (in these calculations we ignored the effect of the PSF of the detector on the 

photon noise for simplicity). In the case of projections collected at R= 100 cm, the noise level in the 

background was approximately  = 1.35 %. Therefore, we added simulated pseudo-random Poisson 

noise to these projections to make the resultant standard deviation of the noise equal to  = 73 %, in 

accordance with the desired decrease in the dose: 2 / 5800  (1.35 / 73)2. In this way, we simulated 

new CT projections at both distances, R= 4.4 cm and R= 100 cm, that corresponded to the same dose 

of D = 2 mGy. We then performed the standard FBP CT reconstruction from the new projections at 

R= 4.4 cm, and a TIE-Hom phase retrieval followed by FBP CT reconstruction from the new 

projections at R= 100 cm. The results are shown in figure 6a and 6b, respectively. One can easily see 

that while the slice in figure 6a, obtained by the conventional CT method, shows very little structure, 

the slice in figure 6b obtained by PBI-CT+TIE-Hom method still has some distinct tissue elements 

visible. In particular, a suspected “satellite tumour” in the lower central part of the figure is clearly 

visible in figure 6b (white area approximately 0.6 mm in diameter on the dark background, pointed to 

by the black arrow), but not in figure 6a. This experiment has confirmed that the image quality and 
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detectability of small soft tissue features is considerably improved in the new PBI-CT technique, 

compared to the conventional CT, at the same diagnostically acceptable X-ray dose. We have also 

found that the same “satellite tumour” feature can still be detected in the image obtained using the 

PBI-CT+TIE-Hom method at the noise level that corresponds to the total absorbed dose of just 0.2 

mGy. 

 

The dependence of the Gain Factor, eq.(6), on the propagation distance in PBI-CT+TIE-Hom imaging 

of the Tissue5c sample can be inspected in figure 7. The Gain Factor generally increases almost 

linearly as a function of the propagation distance and reaches approximately 70 at R = 166.6 cm. The 

lower values of the experimentally measured Gain Factor, compared to the theoretical trends (shown 

by dashed lines) is explained by eq.(7) above. The corresponding dependencies of CNR′, eqs.(1) and 

(4), are presented in figure 8 for E = 20 keV and in figure 9 for E = 30 keV. Here it is apparent that a 

large increase in the contrast-to-noise ratio, as a result of using PBI-CT+TIE-Hom imaging, compared 

to conventional “contact” CT, is achieved for the gland tissue, but to a much less extent for the 

Polypropylene. This is explained by the chosen values of the regularization parameter  in these 

reconstructions, which was selected in accordance with the theoretical values of the relative  /  ratio 

for gland tissue at the corresponding X-ray energies, rather than for Polypropylene. A similar trend 

can be observed in figures 10 and 11 which contain plots of the measured “intrinsic quality” 

characteristic, QS, defined in eq.(8), alongside the theoretical curves for QS calculated under the same 

conditions according to eq.(12). One can see that while the measured values of QS for Polypropylene 

are close to the theoretical curves for samples with a  /  ratio that is very different from the 

constant  used in the phase retrieval, the measured values of QS for gland tissues are higher and 

somewhat closer to the theoretical curves with hx   (H = 0), which correspond to homogeneous 

samples with  )(/)( rr . Overall, a substantial gain in the quality of imaging has been achieved 

using PBI-CT+TIE-Hom imaging, compared to conventional “contact” CT. 

 

3.2. ABI results 

Figure 12 presents a comparison of the reconstruction quality of the same axial CT slice through the 

Plexi phantom obtained from projections acquired at 20 keV at 50% peak reflectivity of the analyser 

crystal at the left (negative) slope of the rocking curve and propagation distance R = 82 cm, with and 

without the TIE-Hom phase retrieval. As in the case of PBI-CT above, one can see that the TIE-Hom 

phase retrieval substantially improves the CNR of various features in the images, while moderately 

decreasing the spatial resolution. Here we can observe an additional contribution to the image from 

the AB phase-contrast effects, which are seen as typical one-dimensional black-white fringes that are 
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particularly prominent near the edges of various features. Unlike the case with the PB phase contrast 

above: (1) here we have a mixture of both PB and AB phase contrasts; (2) the AB contrast is not as 

localized near the edges as the PB contrast; (3) while we are able to relatively accurately compensate 

the effect of PB contrast by using the TIE-Hom phase retrieval, it does not affect the AB contrast (in 

the first approximation). On the last point, we also tried to use the GOA-Hom phase retrieval [33,45], 

which can be viewed as a direct analogue of TIE-Hom for the ABI case. However, this approach 

proved inefficient in the present case due to the experimental conditions, namely, because the 

collected projections were limited to only a few mm in the vertical direction (the direction to which 

the AB contrast was sensitive), which was smaller than the width of the point-spread function of the 

corresponding AB propagator. On the other hand, the DEI algorithm [4] applied here in the form that 

produces “apparent absorption” images, have been quite successful in the compensation of the 

characteristic AB phase contrast fringes. The corresponding image is shown in figure 13 alongside 

with the same CT slice obtained from projections collected at the top of the analyser rocking curve 

(RC). As expected, the two images are quite similar. The measured quantitative parameters of the 

images presented in figures 12 and 13, can be found in Tables 10-15. 

 

Figures 14 and 15 show CT images of the Tissue5c sample obtained at 20 keV and R = 82 cm from 

projection images collected at -50% maximum intensity position of the analyser RC and at the top of 

the RC with TIE-Hom phase retrieval (γ=350), respectively. Tables 14 and 15 contain the main 

parameters of these images. Although, as in the case of PBI-CT, the numbers in these tables indicate a 

substantial improvement in FOM′ by a factor of about 24 for gland tissue, as well as in CNR′ by a 

factor of about 25 and a similar factor of improvement in QS between the images with and without 

phase retrieval, the visual inspection of the two images in figure 14, and particularly the zoomed 

images in figure 15, indicate that the difference is not as clear-cut as in the case of PBI-CT. While the 

phase-retrieved image is obviously less noisy, it also appears to have a lower visibility of small 

features, compared to the “raw” AB+PB image. A comparison of the likely diagnostic value between 

these two types of images may need to be investigated further in the future. 

 

3.3. Comparison with histology 

As demonstrated above, X-ray PBI-CT reconstructed slices of excised breast tissue samples 

containing tumours acquired at high spatial resolution and low noise demonstrated significant 

improvement in the achieved CNR compared to conventional CT at similar conditions. However, in 

these images it has not been possible to conclusively detect the difference between neoplastic and 

normal tissue. We have collected multiple histological images of the same tissue samples (after X-ray 
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CT experiments). The samples, after fixation in formalin, have been prepared for the optical 

microscopy evaluation by embedding them into paraffin blocks following a routine histological 

procedure. Paraffin blocks were then sectioned using a microtome in 4 µm thick sections which were 

placed on glass slides. Subsequently, the histological sections have been stained using hematoxylin 

and eosin for the microscopy examination [46]. As an example, in the histological image of Tissue5c 

shown in Fig.15, a breast cancer (purple coloured regions) with moderate desmoplasia and infiltration 

in the adipose tissue (white spots) is highlighted. Because the sample was kept 'squeezed' inside the 

enclosing Plexiglass cylinder during the CT scans, when it was extracted from the container it 

assumed the original shape. This change in the shape of the specimens has made it more complicated 

to compare the two techniques. While neoplastic cells are clearly visible as purple-stained regions in 

the histological images (Fig.15), we could not find any consistent difference between the normal and 

cancerous regions in the reconstructed CT images. The most likely explanation for the last fact is that 

the cancerous tissue in these samples does not show an increased blood vessel density, neither a 

necrosis or a fibrosis, that could lead to a measurable difference in the average X-ray attenuation or 

refraction coefficient at the resolution range of the available imaging system. On the positive side, it 

appears that multiple microcalcifications have been visualized much more distinctly in our 

reconstructed high-resolution X-ray CT slices compared to the histology. Two such small 

microcalcification areas are indicated with arrows in Fig.16. The highest measured values of β in 

these areas were approximately 1.210-9, which is about three times higher than the measured β 

values for the gland tissue and similar to the measured β values for the CaCl2 solution in the Plexi 

phantom at the same conditions (see Tables 4 and 6). Due to the large difference in density, these 

areas are often accompanied by characteristic star-like reconstruction artefacts in CT images, which 

actually makes them even more distinct and easily detectable: they look almost like bright “light 

sources” in the reconstructed CT images (Fig.16 left). Possible reasons for not seeing as many 

microcalcifications in the histological images, as we noticed in the X-ray images, could be that the 

difference in appearance of these microcalcification areas (compared to the surrounding tissue) in the 

histological images is much less dramatic, particularly for small microcalcifications, and there is a 

possibility that some microcalcifications may have been missed or lost during the sample preparation 

for histology.  
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4. Conclusions 

We performed quantitative evaluation of phase-contrast CT imaging of two specially designed 

phantoms and several excised breast tissue samples in PB and AB phase-contrast modes at two 

different X-ray energies and at four different free-space propagation distances. We used several well-

established characteristics of image quality to evaluate the obtained images (reconstructed CT slices 

of samples), as well as two new characteristics. The first of the measured new characteristics was 

Gain Factor [33], which is equal to the ratio of the standard deviation of noise in the CT slices 

obtained from “raw” “contact” projections and in those obtained from the phase-retrieved projections 

collected in a phase-contrast regime. The second new characteristic was the “intrinsic” imaging 

quality QS [34], which, by definition, is inversely proportional to the product of the standard deviation 

of noise and the spatial resolution in the image. We have demonstrated that for all the measured 

imaging characteristics a generally similar improvement is achievable using the two phase-contrast 

image acquisition modalities with subsequent phase retrieval based on the “homogeneous” version of 

the TIE. Overall, the measured gain in all image characteristics was equal to 20 or more, which 

translates into at least a 20 times reduction of the minimal size of reliably detectable soft tissue 

tumours compared to conventional CT imaging at the same mean absorbed X-ray dose (or, 

alternatively, to a 400 times reduction of the dose at the same image quality level). Our theoretical 

estimations show that although even larger gains (up to approximately 0.3 /  [33]) in the image 

quality may be possible in principle using the same methods with different experimental parameters 

(e.g. longer propagation distances), such gains will likely be restricted in practice by factors such as 

CT reconstruction artefacts due to the limited number of projections, defective CCD pixels or 

instability of the incident illumination. Regarding the comparison between the PB and AB phase-

contrast imaging modes in combination with TIE-hom phase retrieval, we observed a similar 

improvement in the measured image quality characteristics in the two methods. Given that (a) the 

PBI-CT method is easier to implement in practice (as it does not require an analyser-crystal, which 

becomes particularly important for larger samples), and (b) the corresponding quantitatively accurate 

phase retrieval is also easier to implement in the PB imaging case, it appears that the PBI-CT method 

should be preferred in these circumstances. At the next stage of our research we plan to scale up the 

phantoms and breast tissue samples to a size comparable to full-breast imaging. The results obtained 

in the present study indicate that a similar quantitative improvement in the imaging quality at a fixed 

X-ray dose, or a similar reduction of the X-ray dose at a fixed image quality, should be achievable for 

larger samples. 
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Tables 

Table 1. Theoretical beta and delta values [47] for materials in the Plexi phantom. 

Material Density 

(g/cm3) 

 × 1010  

20 keV 

 × 107  

20 keV 

rel / 

20 keV 

 × 1010 

30 keV 

 × 107 

30 keV 

rel / 

30 keV 

0.Plexiglass (C5O2H8) 1.18 3.35 6.61 N/A 1.18 2.94 N/A 

1.Water (H20) 1.00 3.99 5.77 -1313 1.24 2.56 -6333 

2.Air 0.0012 0.0046 0.0062 1976 0.0014 0.0028 2491 

3.Calcium chloride 

1M (CaCl2) 

1.086 9.18 6.19 -72 2.31 2.75 -168 

4.Glycerol (C3H8O3) 1.261 4.08 7.11 685 1.36 3.16 1222 

 

Table 2. Theoretical beta and delta values [48] for materials in the Tissue5c sample. 

Material Density 

(g/cm3) 

 × 1010  

20 keV 

 × 107  

20 keV 

rel / 

20 keV 

 × 1010 

30 keV 

 × 107 

30 keV 

rel / 

30 keV 

1. Adipose 0.93 2.54 5.36 N/A 0.922 2.38 N/A 

2. Gland 1.04 3.96 5.94 408 1.25 2.64 793 

3. Air 0.0012 0.0046 0.0062 2112 0.0014 0.0028 2582 

4. Polypropylene 0.85 1.82 5.03 450 0.754 2.24 856 

 

Table 3. Mean absorbed dose rate estimations for a simulated Plexiglass cylinder with the radius of 

5mm (without Al filters). 

Energy, keV Fluence rate, ph/s/mm2 Rabs Dose rate, mGy/s 

20 3.01108 0.2596 27.02 

30 8.54107 0.0832 3.68 
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Table 4. Mean absorbed dose rate estimations for a Tissue sample (without Al filters). The simulated 

numerical sample used in the Monte-Carlo calculations consisted of a Polypropylene hollow cylinder 

with the outer diameter of 12.5 mm and the inner diameter of 10.5 mm filled with breast tissue. The 

latter was modelled as 50/50 (by weight) mixture of adipose and glandular tissues. 

Energy, keV Fluence rate, ph/s/mm2 Rabs Dose rate, mGy/s 

20 3.01108 0.2261 26.93 

30 8.54107 0.0832 3.81 

 

Table 5. Transmittance of Al filter (only the values used in the calculations are shown). 

TAl, mm E = 20keV 

0.75 0.50025 

0.875 0.44571 

1 0.39711 

 

Table 6. Plexi phantom PBI-CT, E=20 keV, R= 4.4 cm, raw CT slices. TAl = 1 mm, t1 = 0.5 s, 

Na = 900, D = 4828 mGy. The contrast was measured with respect to Plexiglass. We were unable to 

measure the spatial resolution for some components due to the strong image noise 

.

Material β×1010 σ×1010
x µm CNR' FOM' QS

0. Plexiglass (C5O2H8) 3.21 2.05 20.00 n/a n/a 0.011

1. Water (H20) 3.93 2.06 n/a 0.35 0.0050 n/a

2. Air 0.11 2.04 20.00 1.52 0.0218 0.011

3. Calcium chloride 1M 13.26 2.57 40.00 4.32 0.0622 0.004

4. Glycerol (C3H8O3) 4.00 2.07 n/a 0.38 0.0055 n/a
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Table 7. Plexi phantom PBI-CT, E=20 keV, R= 100 cm, TIE-Hom retrieved slices (γ=1330). 

TAl = 0.875 mm, t1 = 0.5 s, Na = 900, D = 5419 mGy. The theoretical Gain Factor here was equal to 

156. 

Material β×1010 σ×1010
x µm CNR' FOM' QS Gexp

0. Plexiglass (C5O2H8) 3.08 0.04 50.00 n/a n/a 0.213 53.5

1. Water (H20) 3.77 0.03 350.00 19.52 0.27 0.041 71.3

2. Air 0.08 0.04 20.00 75.00 1.02 0.532 50.8

3. Calcium chloride 1M 12.29 0.08 200.00 145.62 1.98 0.027 32.9

4. Glycerol (C3H8O3) 3.84 0.03 100.00 21.50 0.29 0.142 73

 

Table 8. Tissue5c sample PBI-CT, E=20 keV, R= 4.4 cm, raw CT images. TAl = 1 mm, t1 = 0.5 s, 

Na = 900, D = 4812 mGy. The contrast was measured with respect to adipose tissue.  

Material β×1010 σ×1010
x µm CNR' FOM' QS

0. Adipose 2.24 2.02 30.00 n/a n/a 0.007

1. Gland 3.97 2.04 30.00 0.85 0.0123 0.007

2. Air 0.03 1.81 20.00 1.15 0.0166 0.012

3. Polypropylene 1.83 1.87 20.00 0.21 0.0030 0.012  

 

Table 9. Tissue5c sample PBI-CT, E=20 keV, R= 100 cm, TIE-Hom retrieved (γ=350). TAl = 1 mm, 

t1 = 0.6 s, Na = 900, D = 5775 mGy. The theoretical Gain Factor here was equal to 48.7. 

Material β×1010 σ×1010
x µm CNR' FOM' QS Gexp

0. Adipose 2.26 0.11 30.00 n/a n/a 0.125 38.2

1. Gland 4.23 0.07 30.00 21.37 0.28 0.196 48

2. Air -0.01 0.06 50.00 25.62 0.34 0.137 50.7

3. Polypropylene 1.87 0.07 50.00 4.23 0.06 0.118 47.4  
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Table 10. Plexi phantom ABI-CT, E=20 keV, R= 82 cm, RC slope -50%, raw CT images. 

TAl = 1 mm, t1 = 1.4 s, Na = 900, D = 13520 mGy. 

Material β×1010 σ×1010
x µm CNR' FOM' QS

0. Plexiglass (C5O2H8) 2.99 2.35 30.00 n/a n/a 0.004

1. Water (H20) 3.65 2.28 30.00 0.29 0.0025 0.004

2. Air -0.21 2.15 30.00 1.42 0.0122 0.004

3. Calcium chloride 1M 8.95 2.64 30.00 2.38 0.0205 0.003

4. Glycerol (C3H8O3) 3.68 2.30 30.00 0.30 0.0026 0.004
 

 

Table 11. Plexi phantom ABI-CT, E=20 keV, R= 82 cm, RC slope -50%, CT images with TIE-Hom 

reconstruction (γ=1330). TAl = 1 mm, t1 = 1.4 s, Na = 900, D = 13520 mGy. The theoretical Gain 

Factor value is 131. 

Material β×1010 σ×1010
x µm CNR' FOM' QS Gexp

0. Plexiglass (C5O2H8) 3.22 0.04 300.00 n/a n/a 0.022 58.75

1. Water (H20) 3.68 0.03 200.00 13.01 0.11 0.045 76

2. Air -0.05 0.06 300.00 64.13 0.55 0.015 35.8

3. Calcium chloride 1M 9.05 0.06 200.00 114.34 0.98 0.022 44

4. Glycerol (C3H8O3) 3.69 0.05 300.00 10.38 0.09 0.018 46

 

Table 12. Plexi phantom ABI-CT, E=20 keV, R= 82 cm, RC slope ±50%, CT images with TIE-Hom 

(γ=1330), followed by DEI “apparent absorption” reconstruction. TAl = 1 mm, t1 = 1.4 s, Na = 900, 

D = 27039 mGy. 

Material β×1010 σ×1010
x µm CNR' FOM' QS

0. Plexiglass (C5O2H8) 3.17 0.03 40.00 n/a n/a 0.159

1. Water (H20) 3.72 0.02 250.00 21.57 0.13 0.038

2. Air 0.10 0.03 40.00 102.33 0.62 0.159

3. Calcium chloride 1M 9.02 0.04 200.00 165.46 1.01 0.024

4. Glycerol (C3H8O3) 3.78 0.04 40.00 17.25 0.10 0.119
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Table 13. Plexi phantom ABI-CT, E=20 keV, R= 82 cm, RC top, CT images with TIE-Hom 

reconstruction (γ=1330). TAl = 1 mm, t1 = 0.7 s, Na = 900, D = 6760 mGy. The theoretical Gain Factor 

value is 131. 

Material β×1010 σ×1010
x µm CNR' FOM' QS Gexp

0. Plexiglass (C5O2H8) 3.08 0.04 50.00 n/a n/a 0.191 56.75

1. Water (H20) 3.78 0.03 300.00 19.80 0.241 0.042 73.7

2. Air -0.07 0.05 50.00 69.57 0.846 0.153 43

3. Calcium chloride 1M 9.03 0.06 200.00 116.69 1.419 0.032 43.3

4. Glycerol (C3H8O3) 3.82 0.06 70.00 14.51 0.177 0.091 38.7

 

 

Table 14. Tissue5c sample ABI-CT, E=20 keV, R= 82 cm, RC slope -50%, raw CT images. 

TAl = 1 mm, t1 = 1.4 s, Na = 900, D = 13475 mGy. 

Material β×1010 σ×1010
x µm CNR' FOM' QS

0. Adipose 2.13 3.86 20.00 n/a n/a 0.003

1. Gland 3.97 2.69 20.00 0.55 0.0048 0.005

2. Air -0.05 2.44 20.00 0.68 0.0058 0.006

3. Polypropylene 1.86 2.71 20.00 0.08 0.0007 0.005  

 

Table 15. Tissue5c sample ABI-CT, E=20 keV, R= 82 cm, RC slope -50%, CT images after TIE-

Hom reconstruction (γ = 350). TAl = 1 mm, t1 = 1.4 s, Na = 900, D = 13475 mGy. The theoretical Gain 

Factor value is 41.4. 

Material β×1010 σ×1010
x µm CNR' FOM' QS Gexp

0. Adipose 2.13 0.16 30.00 n/a n/a 0.056 24.1

1. Gland 3.89 0.09 30.00 13.56 0.117 0.100 29.9

2. Air -0.02 0.10 40.00 16.11 0.139 0.067 24.4

3. Polypropylene 1.87 0.08 40.00 2.06 0.018 0.084 33.9  
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Figures 

 

 

Figure 1. PBI-CT (no analyser crystal) and ABI-CT (with analyser crystal) imaging geometry as used 

in the experiment. 
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Figure 2. Geometry and composition of the Plexi phantom used in the experiments (see Table A1 for 

the theoretical refraction indices of the materials in this phantom). All sizes shown are in mm. 

 

  

Figure 3. Axial CT slice of Plexi phantom obtained at 20 keV and: (a) R=4.4 cm (raw);  

(b) R=100 cm (TIE-Hom phase retrieval with γ=1330). The total size of the images is 18x18 mm2. 

 

a b 
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Figure 4. Axial CT slice of Tissue5c sample obtained at 20 keV and: (a) R=4.4 cm (raw), 

D = 4812 mGy; (b) R=100 cm (TIE-Hom phase retrieval with γ=350) , D = 5775 mGy. The total size 

of the images is 18x18 mm2. 

 

   

Figure 5. Similar areas at the same magnification extracted from the axial CT slice of Tissue5c sample 

obtained at 20 keV and: (a) R=4.4 cm (raw), D = 4812 mGy; (b) R=100 cm (TIE-Hom phase retrieval 

with γ=350), D = 5775 mGy. The total size of the images is 4.5x4.5 mm2. 

  

a b 

a b 
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Figure 6. Axial CT slice of Tissue5c sample obtained from in-line projections at 20 keV with added 

simulated Poisson noise corresponding to the total dose D = 2 mGy and: (a) R=4.4 cm (raw);  

(b) R=100 cm (TIE-Hom phase retrieval with γ=350). Both images were filtered with a Gaussian filter 

with a standard deviation equal to 9.5 pixels. The total size of the images is 18x18 mm2. Dark arrow 

points to the suspected small tumour (a denser area inside adipose tissue) which is about 0.6 mm in 

diameter. 

a b 
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Figure 7. Theoretical and experimental values of the Gain Factor (defined in eq.(6)) for the 

reconstructed CT slices of Tissue5c sample as a function of propagation distance. Solid lines: circles – 

gland tissue, squares – Polypropylene; dashed lines and triangles – theoretical values. Empty symbols 

– 20 keV, filled symbols – 30 keV. 
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Figure 8. Experimental values of contrast-to-noise CNR′ (defined in eq.(4)) for the reconstructed CT 

slices of Tissue5c sample at E = 20 keV as a function of propagation distance. Circles – gland tissue, 

squares – Polypropylene. Empty symbols – raw projections, filled symbols – phase-retrieved 

projections. 
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Figure 9. Experimental values of contrast-to-noise CNR′ (defined in eq.(4)) for the reconstructed CT 

slices of Tissue5c sample at E = 30 keV as a function of propagation distance. Circles – gland tissue, 

squares – Polypropylene. Empty symbols – raw projections, filled symbols – phase-retrieved 

projections. 
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Figure 10. Experimental and theoretical values of the intrinsic imaging quality QS (defined in eq.(7)) 

for the reconstructed CT slices of Tissue5c sample at E = 20 keV as a function of propagation 

distance. Circles – gland tissue, squares – Polypropylene. Empty symbols – raw projections, filled 

symbols – phase-retrieved projections. Solid lines – experiment, dashed lines – theory, eq.(12), with H 

equal to zero (circles) and 
2/1)2( RH   (squares). 
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Figure 11. Experimental and theoretical values of the intrinsic imaging quality QS (defined in eq.(7)) 

for the reconstructed CT slices of Tissue5c sample at E = 30 keV as a function of propagation 

distance. Circles – gland tissue, squares – Polypropylene. Empty symbols – raw projections, filled 

symbols – phase-retrieved projections. Solid lines – experiment, dashed lines – theory, eq.(12), with H 

equal to zero (circles) and 
2/1)2( RH   (squares). 
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Figure 12. Axial CT slice of Plexi phantom obtained at 20 keV at “-50%” position of the analyser RC 

and R=82 cm; (a) raw, (b) after TIE-Hom phase retrieval (γ=1330). The total size of the images is 

18x18 mm2. 

 

  

Figure 13. Axial CT slice of Plexi phantom obtained at 20 keV and R=82 cm with TIE-Hom phase 

retrieval (γ=1330); (a) obtained from projection images collected at the top of the RC, (b) obtained 

with additional DEI “apparent absorption” retrieval from projection images collected at -50% and 

+50% positions of the analyser RC. The total size of the images is 18x18 mm2.  

a b 

a b 
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Figure 14. Axial CT slice of Tissue5c sample at 20 keV and R=82 cm; (a) obtained from projection 

images collected at -50% position of the analyser RC, (b) obtained from projection images collected 

at the top of the RC with TIE-Hom phase retrieval (γ=350). The total size of the images is 

18x18 mm2. 

 

  

Figure 15. Magnified images of the area corresponding to the dotted square in the figure 14 (a) and 

(b), respectively. The total size of the images is 4.5x4.5 mm2. 

  

a b 

a b 
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Figure 16. Region of a histology slice of Tissue5c sample around a ductal in-situ cancer component 

(violet rounded area). Breast cancer cells are stained with dark violet colour, adipose tissue appears 

white and glandular tissue mostly appears pink. 

 

   

Figure 17. Zoomed region from the X-ray CT image shown in figure 4b, given here in the original 

contrast (a), as well as in inverted contrast (b) to facilitate the comparison with the histology images 

in figure 16. A cross-section of a duct is clearly visible in lower-right corner. The regions inside the 

duct indicated by white arrows correspond to two micro-calcifications. 

 

a b 


