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ABSTRACT   

This article discusses two experimental setups of edge illumination (EI) x-ray phase contrast imaging (XPCi) as well as 
the theory that is required to reconstruct quantitative tomographic maps using established methods, e.g. filtered back 
projection (FBP). Tomographic EI XPCi provides the option to reconstruct volumetric maps of different physical 
quantities, amongst which are the refractive index decrement from unity and the absorption coefficient, which can be 
used for dual-mode imaging. EI XPCi scans of a custom-built wire phantom using synchrotron and x-ray tube generated 
radiation were carried out, and tomographic maps of both parameters were reconstructed. This article further discusses 
the theoretical basis for the tomographic reconstruction of images showing combined phase and attenuation contrast. 
Corresponding experimental results are presented.  
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1. INTRODUCTION  
There has been a steep increase in scientific interest in x-ray phase contrast imaging (XPCi), especially from researchers 
within biomedical disciplines. The reason is that XPCi can provide images with improved quality compared to standard 
radiographic methods [1]. In XPCi, contrast arises from phase (refraction) effects, instead of or in addition to attenuation 
effects, which are exploited in conventional radiography. Both effects can be described by the complex refractive index 
of the imaged material: 
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The parameters δ and β describe the phase shifting and attenuating properties of the material, and E is the photon energy. 
For weakly attenuating samples and within the energy range used for biomedical imaging, the refractive index decrement 
δ can be up to three orders of magnitude larger than the absorption coefficient β, which explains why XPCi has achieved 
superior contrast for a range of soft tissue specimens [1]. 

While most XPCi methods were originally developed at synchrotrons [2-6], a few methods now exist that are compatible 
also with commercial x-ray equipment which can be found in standard research laboratories [7-11]. This compatibility is 
crucial to ensure a widespread exploitation of XPCi, especially to make its benefits accessible to a larger group of 
researchers. One of the methods working with standard equipment, edge illumination (EI) XPCi, has undergone rapid 
development over the past years [8, 12-18] and can now be used not only as a planar imaging modality but also as a 
computed tomography (CT) one, enabling full 3D imaging [19, 20]. This article summarizes the technical and theoretical 
requirements to perform tomographic EI XPCi scans. Two different experimental setups (“single slit” and “multi slit” 
implementations) are briefly discussed; one of them is typically used at synchrotrons and the other one in standard 
laboratories. The theory for dual-mode quantitative imaging through the reconstruction of tomographic maps of δ and β 
is provided. Moreover, a formula is presented which allows the reconstruction of tomographic maps showing a 
combination of phase and attenuation contrast. Experiments were carried out with both synchrotron and laboratory-based 
EI XPCi setups, and results from both are presented.  



 
 

 
 

II. MATERIALS AND METHODS 

 

2.1 “Single slit” and “multi slit” implementations 

EI XPCi was initially developed in “single slit” mode [12], the working principle of which is schematically shown in 
Fig. 1. A laminar beam, shaped by a pre-sample mask, passes through the sample, and, after a distance 

odz  (object-to-
detector distance), impinges on a detector. A second mask (detector mask), positioned in front of the detector, covers part 
of the pixels’ surface, hence creating an insensitive area. When the detector mask is positioned in such a way that part of 
the laminar beam hits the insensitive area and the other part hits the pixels, the edge illumination condition is achieved. 
In this way, sensitivity towards phase (refraction) effects is achieved in addition to attenuation effects: refraction of the 
beam towards positive/negative angles results in a higher/lower measured intensity. Changing the relative position of the 
beam and the detector/mask assembly such that part of the beam falls onto the complementary insensitive area [Fig. 1(b)] 
has the effect of inverting the refraction contrast. In the “single sit” implementation, the sample has to be scanned along 
the y-axis to build up a two-dimensional image. For tomographic imaging, the rotation of the sample is also required 
[19]. Fast scans with the “single slit” implementation are feasible when the x-ray flux is sufficiently high. For this 
reason, this implementation is typically used for synchrotron-based imaging studies.  

 

 
Figure 1. “Single slit” implementation of edge illumination x-ray phase contrast imaging, schematically showing 
opposing edge illumination conditions [(a) and (b)]. Rotation of the sample enables tomographic imaging. The 

schematic extends into the plane of the drawing and is not to scale.  
 
In order to enable the single-shot acquisition of two-dimensional images, a second, “multi slit” EI XPCi implementation 
was developed, the working principle of which is shown in Fig. 2. By means of extended masks, the edge illumination 
principle is extended to large fields of view and the need to scan the sample is eliminated by replicating the single slit 
configuration for multiple rows or columns of pixels [8]. The two masks are again placed one upstream of the sample 
(sample mask) and one before the detector (detector mask). The detector mask, whose projected period matches the pixel 
size, creates insensitive areas between the pixels. The sample mask, whose projected period also matches the pixel size 
(in case of a divergent beam, demagnification has to be taken into account), splits the incoming beam into an array of 
separate beamlets. The gaps between the beamlets are sufficiently large as to prevent interference between them from 
occurring. When the relative position between the sample mask and the detector/mask assembly is chosen such that each 
of the beamlets hits the edges of the detector mask (i.e. falls between insensitive and sensitive areas), the edge 
illumination condition is achieved for each row or column of the area detector. By shifting the beamlets such that they 
partially fall onto the opposing insensitive areas [Fig. 2(b)], the edge illumination condition, and hence the refraction 
contrast, is reversed. In the “multi slit” implementation no object scanning is needed to build up a two-dimensional 
image, hence this is typically used for laboratory-based imaging applications, where x-ray flux is limited due to the use 
of standard x-ray tubes. Please note that the “multi slit” implementation, like the “single slit” one, fully tolerates 
divergent cone beams, provided the system magnification is taken into account in the mask design. Tomographic 
acquisitions require a sample rotation by at least 180 degrees [20].   



 
 

 
 

 
Figure 2. “Multi slit” implementation of edge illumination x-ray phase contrast imaging, schematically showing 

opposite edge illumination conditions [(a) and (b)]. The schematic extends into the plane of the drawing and is not 
to scale. 

 

The “single slit” and “multi slit” EI XPCi implementations are sensitive to phase (refraction) effects in the plane 
orthogonal to the masks’ slits only. The orientation of the masks (slits in either horizontal or vertical direction) is usually 
determined on the basis of whether the source is smaller in the horizontal or vertical direction: the smaller the source, the 
higher the potential angular sensitivity [15]. Moreover, as will be explained in section 2.2, the direction of phase 
sensitivity determines which physical quantity of the sample can be reconstructed in a CT image. Figures 1 and 2 show 
different directions of phase sensitivity, as indicated by the different frames of reference: the system in Fig. 1 is sensitive 
in the vertical (y-) direction, whereas the system in Fig. 2 is sensitive in the horizontal (x-) direction. Systems sensitive to 
phase effects in two directions simultaneously have been previously investigated [21], and are currently under further 
development.  

The sampling rate of an image acquired with a “single slit” system is determined by the scanning step (along the 
direction of phase sensitivity) and by the pixel size (in the direction orthogonal to phase sensitivity). In a “multi slit” 
system, the sampling rate in both directions is determined by the (demagnified) pixel size. However, in the direction of 
phase sensitivity, it can be artificially increased by dithering, i.e. by shifting the sample by sub-pixel amounts and taking 
an image at each position, all of which are then combined into a single, highly sampled image [20]. The sampling rate in 
a dithered image is given by the number of sample displacements (dithering steps) divided by the demagnified pixel size.  

 

2.2 Tomographic reconstruction 

In both the “single slit” and “multi slit” configuration, the measured intensity on the detector is a function of the relative 
position of the beam or beamlets and the mask/detector assembly. The corresponding so-called illumination curve, in the 
following denoted as )(rC , takes on its maximum (100% illumination) when the beam or beamlets fall at the centre of 
the pixels and its minimum (0% illumination) when the beam or beamlets fall entirely on the solid septa of the mask. The 
variable r indicates the relative position of the beam or beamlets and the mask/detector assembly. Depending on the 
direction of phase sensitivity, r refers to either the x- or the y-axis of the system. The intensity measured on the detector 
for a fixed relative position 0r  is hence given by )(),( 00 rCIyxI = , where 0I  is the intensity measured at 100% 
illumination. When a sample is placed in the beam, the intensity becomes [14, 15]:  
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where T  and D  are the transmission of the sample and the refraction-induced displacement of the beam, given by: 
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The sample is described in terms of the phase shift (Φ) and attenuation (µ) it imposes on the beam: 

∫=Φ
);,(

),,(),(
syxl

dszyxkyx δ ,                                                                 (5) 

∫=
);,(

.),,(2),(
syxl

dszyxkyx βµ                                                                (6) 

The line );,( syxl , parameterized by s, describes the path of an x-ray hitting the detector plane at ),( yx , and k is the 
wave number. When two images are acquired under opposite edge illumination configurations and processed together 
according to a dedicated algorithm [16], the attenuation (µ) and the refraction angle (differential phase), given by: 

∫∂

∂
=

∂

Φ∂
=

);,(

),,(),(1),(
syxl

dszyx
rr

yx
k

yx δα                                                    (7) 

can be extracted.  

When acquired in tomography mode, i.e. when the sample is rotated over a range of at least 180 degrees, separate 
differential phase and attenuation sinograms can be obtained [19, 20]: 
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where θ is the CT rotation angle. From these sinograms, tomographic maps of δ and kβ can be reconstructed using 
standard methods, e.g. filtered back projection (FPB) [22]. The reconstruction of δ requires an additional integration step 
along the direction of phase sensitivity prior to or after FBP [19]. The constant of integration can be fixed if an area 
exists where δ is constant and known (e.g. air surrounding the sample). When the rotation axis is oriented orthogonal to 
the direction of phase sensitivity (such as in the setup shown in Fig. 2), δ can be reconstructed directly from Eq. (8) by 
employing a specialized filter function in the FBP, which incorporates the integration step [23]. When the x-ray beam is 
monochromatic, a tomographic map of β can be obtained by dividing Eq. (9) by the wave number k. When the beam is 
polychromatic, the reconstructed δ and kβ maps refer to effective energies, which are, in general, different for phase and 
attenuation [24]. 

When the rotation axis is oriented along the direction of phase sensitivity (such as in the setup shown in Fig. 1), it is not 
strictly necessary to extract the attenuation and the refraction angle prior to CT reconstruction. From Eq. (2) it is possible 
to derive a linear relationship between the measured intensity and the sample attenuation and induced refraction angle 
[19, 25]. Applying the logarithm to both sides of Eq. (2) yields, in fact: 

( )( ) ( ).)(ln),(ln),(
)(
),(ln 00
00

rCyxzrCyx
rCI
yxI

od −++−=⎟⎟
⎠

⎞
⎜⎜
⎝

⎛
αµ                                  (10) 

To be suitable for CT reconstruction, the terms on the right must be expressible as line integrals. While the attenuation µ 
is a line integral by definition and ( ))(ln 0rC is a constant, the second term requires a linearization around 0r  [25]: 
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which is valid if 0r corresponds to the linear part of the illumination curve C. Further, the approximation is valid for 
small refraction angles such as encountered in most biomedical applications and under the assumption of small scattering 
angles. Inserting Eq. (11) into Eq. (10) yields: 
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where )()(' 00 rCrCzA od=  is a factor that depends only on the imaging system. When acquired in CT mode, Eq. (12) 
becomes a sinogram of the form: 
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From Eq. (13), tomographic “mixed” attenuation and differential phase maps can be reconstructed with FBP [19].  

 

2.3 Experiments 

Two sets of experiments were carried out to validate the theory. During the first experiment, a custom-built wire 
phantom was scanned with a “single slit” EI XPCi setup at the SYRMEP (Synchrotron Radiation for Medical Physics) 
beamline of the Elettra synchrotron (Trieste, Italy) [26]. During the second experiment, the same phantom was scanned 
with a laboratory-based “multi slit” EI XPCi setup implemented with conventional, off-the-shelf x-ray equipment. The 
custom-built phantom consisted of five wires (1. Nylon 6, diam. 150 µm ± 20%, 2. Polyether ether ketone (PEEK), diam. 
450 µm ± 20%, 3. Polybutylene terephthalate (PBT), diam. 180 µm ± 20%, 4. Sapphire, diam. 250 µm ± 20%, 5. 
Titanium, diam. 250 µm ± 10%), which were tilted with respect to the vertical axis. For the sake of generality, the 
materials were chosen to range from weakly to highly attenuating / refracting. The diameters are the ones specified by 
the supplier (Goodfellow Inc., UK). 

During the synchrotron experiment, a Huber slit (Huber GmbH, Germany) with an opening of 20 (H) x 0.02 (V) mm2 
was used as pre-sample mask. The slit was placed at approximately 22 m from the source, which has full width at half 
maximum dimensions of 0.28 (H) x 0.08 (V) mm2. The “PICASSO” single-photon counting Si strip detector, developed 
by the Istituto Nazionale di Fisica Nucleare (INFN, Italy) and based on the Mythen ASIC [27-29], with a 210 (H) x 0.3 
(V) mm2 active surface and pixel size of 50 (H) x 300 (V) µm2 was located at approximately 0.9 m downstream of the 
sample slit. A tungsten slit thick enough to absorb all x-rays at the used energy, was used as detector mask. The object-
to-detector distance was 0.7 m. The beam energy was set to 20 keV with a fractional bandwidth of 0.2% by a double 
crystal Si (1,1,1) monochromator. 

The projections were acquired under complimentary edge illumination conditions [Figs 1(a) and 1(b)] with an exposure 
time of 0.1 s. The sample was rotated over a 180 degree range with an angular step of 0.5 degrees. Moreover, it was 
scanned vertically with a 5 µm scanning step. Sinograms in the form of Eqs. (8) and (9) were generated according to 
reference [16], from which tomographic maps of δ and kβ were reconstructed with FBP. For the reconstruction of the δ 
map, an additional integration step was included to convert differential into absolute values [19]. The constant of 
integration was fixed by assuming that δ = 0 for the air surrounding the wires. Although a monochromatic beam was 
used, the division of the kβ map was neglected in order to obtain values of the same order of magnitude as from the 
(polychromatic) laboratory-based experiment described below. In addition to separate differential phase and attenuation 
sinograms, mixed differential phase and attenuation sinograms in form of Eq. (13) were generated directly from the 
projections acquired under only one of the edge illumination conditions [Fig. 1(a)]. Again, FBP was used for CT 
reconstruction. In order to validate the relationship predicted by Eq. (13), a linear combination of the separately 
reconstructed differential phase and attenuation maps available from the previous step was computed using appropriate 
scaling factors k and A/2 for comparison.  

During the laboratory-based experiment, the Rigaku MicroMax 007 HF rotating anode (molybdenum) x-ray tube 
(Rigaku Corporation, Japan) was employed. The source was operated at 35 kVp and 25 mA, which corresponds to an 
energy spectrum with a mean energy of 18 keV. The size of the source’s focal spot was measured to be approximately 70 



 
 

 
 

µm horizontally. The detector was the Hamamatsu C9732DK flat panel, a passive-pixel CMOS sensor with a pixel size 
of 50 x 50 µm2. The detector was located at 2 m from the source. The two x-ray masks, fabricated by electroplating gold 
strips onto graphite substrates, were located at 1.6 m (sample mask) and 1.96 m (detector mask) from the source. The 
masks’ periods were 79 µm (sample mask) and 98 µm (detector mask), and their slits were 23 µm and 29 µm wide 
respectively. With these dimensions, every second pixel column was covered (“line-skipping” configuration [30]), which 
reduces the effect of cross-talk between the pixels. The object was positioned 5 cm downstream of the sample mask.  

Tomographic acquisitions were carried out over an angular range of 360 degrees with an angular step of 0.5 degrees. At 
each rotation angle, two projections were acquired under opposing edge illumination conditions, each with six dithering 
steps (displacement of the object in x-direction by a sixth of the sample mask period). From the projections, sinograms in 
form of Eq. (8) and (9) were created according to reference [16]. Tomographic maps of δ and kβ were reconstructed with 
FBP. For the δ maps, the Hilbert filter was used instead of the standard ramp filter in order to account for the derivative 
operator in Eq. (8) [23]. It should be noted that, because the full energy spectrum of the x-ray tube was used for imaging, 
the reconstructed maps refer to effective energies.  

In addition to the wire phantom, a biological object (a dung beetle) was imaged with the laboratory-based setup. The 
scanning parameters and acquisition procedure were the same as described above. 

 

III. RESULTS 

The image in Fig. 3(a) shows the results of the mixed reconstruction obtained from the synchrotron experiment, the 
possibility of which was suggested by Eq. (13). The five wires in the custom-built phantom, numbered from 1 to 5, are 
visible due a low frequency area contrast caused by attenuation and high frequency fringes on the contours caused by 
refraction. It should be noted that the area contrast for the weakly attenuating wires (no. 1-3) is almost not present and 
that these wires are only visible due to phase contrast. The streak artefacts around the titanium wire (no. 5) are due to its 
comparably very strong attenuation. The contrast was stretched beyond saturation to visualize all wires at the same time. 
Figure 3(b) shows the linear combination of separately reconstructed attenuation and differential phase slices scaled by 
the wave number k and a factor of 4107.22/ ⋅−=A  respectively, the latter being calculated from the values of the 
measured illumination curve and its differential at the relative position 0r  of the beam and mask/detector assembly and 
from the object-to-detector distance. Visually, Figs. 3(a) and 3(b) are indistinguishable, which validates Eq. (13). This is 
locally confirmed by Figs. 3(c) and 3(d), which show profiles across the nylon 6 wire (no. 1) and the titanium wire (no. 
5) respectively. It should be noted that these are the wires with the weakest and highest attenuation and refraction, and 
that a good agreement of the profiles can be observed in both cases. 

 

 
Figure 3. A transverse slice through the reconstructed volume of a custom-built wire phantom (see text for a list 
of the wire’s materials and diameters) showing a mixed attenuation and differential phase contrast (a), the same 
slice showing the linear combination of separately reconstructed attenuation and differential phase contrast (b) 

and profiles across the nylon 6 (c) and titanium (d) wires extracted from both maps. 
 
Figures 4(a) and 4(b) show the results of the quantitative analysis of the reconstructed δ and kβ maps, obtained from the 
synchrotron (green triangles) and the laboratory-based experiments (orange circles). The retrieved values of δ and kβ 
within the wires were extracted and plotted against the corresponding wire. In order to extract the values, the 



 
 

 
 

reconstructed slices were averaged within regions of interest fully contained in the wires. In the synchrotron case, 100 
transverse slices (corresponding to a vertical portion of 0.5 mm of the phantom) were averaged prior to extraction. All 
error bars in the plots correspond to one standard deviation of all pixels that were averaged to obtain the results.    

The plots also contain the nominal δ and kβ values of the wires’ materials at 20 keV (grey bars), calculated according to 
reference [31]. In order to account for potential material impurity and for the uncertainty on density, an error of ± 5% has 
been assigned to the calculated values. As the synchrotron experiment was performed at 20 keV, the retrieved values can 
be directly compared to the nominal ones. It is apparent that the general trend of the retrieved values is correct, however, 
it can also be seen that a slight under estimation exists. We attribute this to our non-optimal data acquisition scheme: the 
CT rotation was performed in a continuous mode, i.e. the rotator kept spinning at all times during the acquisition, also 
during the vertical displacement that was needed due to the “single slit” implementation. This caused an angular offset 
between adjacent transverse slices, which could only partially be corrected for due to the fact that the angular range 
covered during the vertical displacement was not exactly a multiple of the angular step of the tomographic acquisition. 
The slight offset manifested as stripe artefacts during the integration step necessary for the reconstruction of the δ map. 
These artefacts are the cause for the slightly underestimated retrieved δ values [19]. In addition, these artefacts explain 
the large error bars on the retrieved δ values. It is noteworthy that the range of retrievable δ values is large, in particular 
compared to other XPCi techniques [32]. The reason is that the “single slit” implementation does not impose any 
restriction on the width of the detector mask slit, i.e. on the largest resolvable refraction angle. The retrieved kβ values 
shown in Fig. 4(b) match the nominal ones with a reasonable accuracy.  

 
Figure 4. Retrieved δ (a) and kβ (b) values for the wires in the phantom (see text for a list of materials and 

diameters), extracted from data acquired during the synchrotron (green triangles) and lab-based (orange circles) 
experiments. The plots also contain the nominal δ and kβ values of the wires’ materials at 20 keV, calculated 

according to reference [31]. A ±5 % uncertainty on the nominal values was assumed. Panels (c) and (d) show the δ 
and kβ maps respectively of the wires reconstructed from the data acquired during the laboratory experiment. 

 

The δ and kβ values extracted from the experimental data acquired with the laboratory-based setup (orange circles in 
Figs. 4(a) and 4(b)) are less straightforward to evaluate since they have been acquired with polychromatic radiation. The 
mean energy of the spectrum is 18 keV, which could lead one to expect retrieved values slightly larger than those 
retrieved at 20 keV. However, instead of the spectrum’s mean energy, effective energies have to be considered. These 
are determined by the imaging system (energy spectrum, detector characteristics and spectral properties of the sample 
and detector mask), as well as by the imaged object itself (spectral properties and thickness). In references [20] and [24], 
it has been demonstrated that the effective energies, and, hence, the expected δ and kβ values, can be calculated 
accurately if all these parameters are known. In order to compare the δ and kβ values retrieved from the lab-based 



 
 

 
 

experiment to theoretical values, one would need to have an accurate knowledge of, among other things, the spectral 
detector response, which requires a thorough detector characterization. Since the detector that was used for this 
experiment had not yet been adequately characterized, a comparison of the retrieved with theoretical δ and kβ values was 
not possible. For a comparison between retrieved and theoretical δ and kβ values which were acquired with a similar lab-
based “multi silt” EI XPCi setup but with a detector that was fully characterized, the reader is referred to a previous 
publication [20]. However despite not being able to perform a theoretical analysis of the retrieved δ and kβ values, it 
should be noted that they follow a sensible trend for all materials, with the kβ value retrieved for the titanium wire (no. 5) 
being the only one that seems underestimated. However, titanium lies outside the range of materials generally 
encountered in biomedical imaging applications due to its very strong attenuation. It should again be noted that the range 
of retrievable δ values is large. Although in the “multi slit” implementation an upper limit to the largest resolvable 
refraction angle exists, and is effectively given by the width of the detector mask slits [17], this is much larger than for 
other XPCi methods [32]. 

As an example of tomographic maps of the wire phantom, Figures 4(c) and 4(d) show the δ and kβ maps reconstructed 
from the data acquired during the laboratory experiment. Although all wires were scanned simultaneously, they are 
shown in different windows in order to allow for an appropriate grey value windowing. The strong artefact at the bottom 
of the kβ map of the PBT wire (no. 3) originates from the fact that this wire was located close to the titanium wire during 
the scan (see also Fig. 3). The strong attenuation of titanium causes the observed streak artefact. This artefact is not 
present in the corresponding δ map, as the relative difference in δ between PBT and titanium is smaller.  

Figure 5 shows the results of the laboratory-based scan of a biological object (a dung beetle): in particular a tomographic 
δ map across its abdomen, the corresponding kβ map and a volume rendering of the full δ map are shown. The volume 
rendering was created with the open-source software 3DSlicer (www.slicer.org). Fine features like the hairs on the 
beetle’s leg can be appreciated when zooming closer into the volume [Fig. 5(d)]. Moreover, the zoom of a feature in 
Figs. 5(a) and 5(b) shows a higher contrast on a lower noise background (superior contrast-to-noise ratio) in the δ map 
compared to the kβ map. In a previous publication it was shown that 3D EI XPCi images of similar quality as those 
shown in Fig. 5 can be acquired with a radiation dose of a few tens of mGy [20]. 

 

 

 
Figure 5. Tomographic δ (a) and kβ (b) maps showing a transverse cross-section through the abdomen of a dung 

beetle, and a volume rendering of the full δ map (c) as well as a zoom around the beetle’s leg (d). 
 

IV. CONCLUSION 

A description of two experimental setups (“single slit” and “multi slit” implementations) and the theory to perform 
quantitative tomographic EI XPCi scans were provided. Three different types of tomographic maps can be reconstructed, 
showing the refractive index decrement δ, the absorption coefficient (times the wave number) kβ, and a linear 
combination of the attenuation and differential of δ. While the reconstruction of the former two maps requires the 
separation of phase and attenuation contrast, the latter can be reconstructed directly from the projections, even when only 



 
 

 
 

one projection is acquired at each rotation angle. The mixed reconstruction requires the data to be taken with an EI XPCi 
setup in which the direction of phase sensitivity coincides with the orientation of the rotation axis. The separate δ and kβ 
maps can be obtained also with a setup in which the direction of phase sensitivity is orthogonal to the orientation of the 
rotation axis.  
 
Two sets of experiments have been performed to validate the theory: one with a “single slit” EI XPCi setup at a 
synchrotron, and one with a “multi slit” setup implemented entirely with commercial x-ray equipment. The phantom was 
custom-built and contained a set of wires of known materials. The δ and kβ maps reconstructed from the synchrotron 
data could be compared to nominal values, and the expected trend could be observed in the retrieved values. Small 
deviations of the retrieved δ values from the nominal ones could be attributed to problems during the experimental 
acquisition. For the maps originating from the laboratory-based experiment, a direct comparison was not possible due to 
the polychromatic spectrum of the x-ray tube and unknown spectral detector characteristics. However, the reconstructed 
values again followed the expected trend. The possibility to obtain a precise match with the predictions of an “effective 
energy” model [24] was demonstrated previously [20]. 
 
The reconstruction of separate δ and kβ maps is the basis for truly quantitative imaging, i.e. material identification on the 
basis of the grey values in the images. In this sense, EI XPCi provides the option for dual-mode imaging: an unknown 
material can be characterized via its attenuating and phase shifting properties. On the other hand, the mixed 
reconstruction approach can often be appropriate for samples where it is sufficient to see the contours of features within 
the object. This approach has the advantage that no separation of phase and attenuation contrast is required, which means 
that the acquisition of a single projection per rotation angle is sufficient. Consequently, this reconstruction approach is 
well suited to applications in which the minimization of radiation dose and scan time is crucial. 
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