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We report numerical and experimental results demonstrating accurate region-of-interest computed

tomography (CT) reconstruction based on differential phase-contrast projection (DPC) images. The

approach removes the constraint of covering the entire sample within the field of view of the image

detector. Particularly for biomedical applications, the presented DPC-CT region-of-interest approach will

allow for the visualization of previously inaccessible details deep inside an entire animal or organ. We

envisage that this development will also be of interest for potential future clinical applications, because

grating-based DPC-CT can be implemented with standard x-ray tube sources.
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Absorption-based x-ray computed tomography (CT) is a
well-established, nondestructive investigation method with
numerous applications in life and material science. Phase-
contrast computed tomography (PC-CT), which uses the
phase shift rather than the absorption as the imaging signal,
offers the potential of substantially increased contrast in
soft tissue samples [1,2]. Several approaches for PC-CT
have been developed in the past years [3–13]. One of the
more recent developments is differential phase-contrast
computed tomography (DPC-CT), based on a grating in-
terferometer [10,12,14,15]. DPC-CT has successfully been
implemented at x-ray synchrotron radiation sources for
high-resolution and high-sensitivity micro-CT investiga-
tions [10,16,17]. The method is furthermore interesting
for potential future medical applications of phase-contrast
CT, since DPC-CT can also be implemented with more
readily available x-ray sources, such as standard x-ray
tubes [18].

That computed tomography image reconstruction based
on differential phase-contrast projection data can conven-
iently be achieved by combining a backprojection proce-
dure with a Hilbert filter has been demonstrated by several
groups [18–20]. A major experimental constraint until
now, however, is the requirement that the object has to fit
entirely into the field of view covered by the image detec-
tor. This poses a severe limitation on practical applications,
where, e.g., a small region of interest deep inside a large
specimen is to be imaged with high resolution.

Here we report numerical and experimental results that
demonstrate the feasibility of DPC-CT based on projection

images that do not entirely cover the whole object.
Moreover, we show that artifacts, which are known to
appear in the case of conventional, absorption-based
region-of-interest CT reconstructions [21], are not present
in DPC-CT.
For the following, we consider a three-dimensional (3D)

object described by a refractive index distribution
nðx; y; zÞ ¼ 1� �ðx; y; zÞ þ i�ðx; y; zÞ. In a conventional,
absorption-based CT setup, the imaginary part � is mea-
sured by the attenuation of the x rays transmitted through
the specimen. A transmission projection t� in a plane
defined by z ¼ z0 through the object can be described by
combining the Radon transform of the object with Beer-
Lambert’s law [22]:

t�ðy0Þ ¼ exp

�
�

Z 1

�1
4�

�
�ðx0; y0Þdx0

�
; (1)

where x0 and y0 denote a coordinate system which is rotated
by an angle � around the z axis with respect to x and y,
respectively, and � the x-ray wavelength. Note that we
have omitted the variable z because it does not affect the
further derivation.
In differential phase-contrast imaging, one measures the

effect of variations of the real part � of the refractive index
of the object by evaluating the tiny refraction angles of
x rays induced by the specimen. Correspondingly, a differ-
ential phase-contrast projection �� can be expressed by
[19]
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where��ðy0Þ is the spatially dependent, total relative phase
shift imprinted on the x-ray wave front upon propagating
through the specimen.

To reconstruct the original complex refractive index
distribution of the object, i.e., �ðx; yÞ and �ðx; yÞ, from a
set of projection images described by Eqs. (1) and (2), a
filtered backprojection (FBP) algorithm is usually em-
ployed [22]. In the case of the transmission projections,
as obtained in conventional CT, the reconstruction formula
can be written as [22]

�ðx; yÞ ¼ �
Z �

0
FT �1½~p�ðv0Þ~kðv0Þ�d�; (3)

where ~p�ðv0Þ represents the Fourier transform of the loga-
rithm of the normalized transmission projection t�ðy0Þ, v0 is
the Fourier space coordinate corresponding to the real
space coordinate y0, FT �1 denotes the inverse Fourier

transform operator, and ~kðv0Þ is the filter function in

Fourier space. The latter is given by ~kðv0Þ � jv0j [23].
In the case where differential phase-contrast projections

[Eq. (2)] are measured, a reconstruction of �ðx; yÞ is
achieved by [22]

�ðx; yÞ ¼
Z �

0
FT �1½~��ðv0Þ~hðv0Þ�d�; (4)

where ~��ðv0Þ represent the Fourier transform of the pro-

jections of the measured deflection angles and ~h ¼
1=2�isgnðv0Þ is the imaginary filter function for gradient
projections [23].

In order to investigate the validity of the CT reconstruc-
tions obtained through Eqs. (3) and (4), in particular, for
the case of region-of-interest reconstructions, we have
carried out numerical tests. In the first step, we calculated
both absorption and phase-contrast projection images for a
phantom consisting of a distribution of circles [Fig. 1(a)]
characterized by a refractive index of n ¼ 1� 4:26�
10�7 þ i1:57� 10�10 [24]. The corresponding absorption
and differential phase-contrast sinograms were calculated
using an algorithm based on Eqs. (1) and (2) for an angular
interval � 2 ½0; �� and are shown in Figs. 1(b) and 1(c).
The calculated sinograms consist of 1500 steps along the
angular coordinate and 1024 pixels along the transverse y0
coordinate. In the following step, CT reconstructions, ac-
cording to Eqs. (3) and (4), were carried out and compared
to the original phantom.

Figures 2(a)–2(c) display the results of the CT recon-
structions of the phantom �ðx; yÞ distribution, obtained by
applying Eq. (3) to the calculated absorption sinogram
[Fig. 1(b)]. Line profiles through the center of the recon-
structed (solid blue line) and the original � values of the
phantom (dashed black line) are shown in Figs. 2(d)–2(f).
In Fig. 2(a) [and 2(d)], the full extent (� ¼ 1) of the sino-
gram in the y0 direction was used as input for the re-

construction, whereas Fig. 2(b) [and 2(e)] and Fig. 2(c)
[and 2(f)] represent results where only the center half (� ¼
0:5) or quarter (� ¼ 0:25) was used. We observe that, apart
from some high frequency noise induced by the FBP

FIG. 1. (a) Schematic representation of the phantom used for
the numerical simulation. The white areas denote values of � ¼
1:57� 10�10 and � ¼ 4:26� 10�7. (b) Calculated attenuation
sinogram, as given by Eq. (1). (c) Calculated phase gradient
sinogram, as given by Eq. (2). The dashed-dotted and dashed
lines mark the selected projection range for the region-of-interest
reconstructions displayed in Figs. 2(b), 2(c), 3(b), and 3(c).

FIG. 2 (color online). (a)–(c) CT reconstructions of the phan-
tom �ðx; yÞ distribution from the calculated absorption sinogram
[Fig. 1(b)], using Eq. (3). (d)–(f) Line profiles through the center
of the reconstructed (solid red line) and original � values
(dashed black line). In (a),(d), the full extent (� ¼ 1) of the
sinogram in the y0 direction was used as input for the CT
reconstruction, whereas (b),(e) and (c),(f) represent results
where only the center half (� ¼ 0:5) or quarter (� ¼ 0:25)
was used.
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algorithm, the phantom is correctly reconstructed when the
full sinogram is used, i.e., when the sample is entirely con-
tained in the field of view [� ¼ 1, Figs. 2(a) and 2(d)]. In
the cases where truncated projections (� < 1) are used as
input for the FBP, low spatial frequency artifacts occur in
the corresponding reconstructions [see Fig. 2(b) or 2(e) and
2(c) or 2(f)]. These artifacts, which increasingly harm the
reconstruction with increasing distance from the center of
rotation, are well-known and reported in the literature (see,
for example, [25]). These artifacts basically stem from the
fundamental mathematical properties of the Radon trans-
form that cause a nonlocality in the case of absorption-
based CT reconstructions [21,25].

In contrast to this, we do not observe these artifacts in
the case of CT reconstructions based on differential phase-
contrast projections. This is shown in Fig. 3, where pan-
els (a)–(c) display DPC-CT reconstructions of the phantom
�ðx; yÞ distribution, obtained by applying Eq. (4) to the
calculated phase-contrast sinogram [Fig. 1(c)]. Additional
line profiles through the center of the reconstructed (solid
blue line) and original � values (dashed black line) are
shown in Figs. 3(d)–3(f). In Fig. 3(a) [and 3(d)], the full
extent (� ¼ 1) of the sinogram in the y0 direction was
used as input for the CT reconstruction, whereas Fig. 3(b)
[and 3(e)] and Fig. 3(c) [and 3(f)] represent results where
only the center half (� ¼ 0:5) or quarter (� ¼ 0:25) was
used. We observe that, apart from some high spatial fre-
quency noise induced by the FBP algorithm, the phantom
is correctly reconstructed in all cases, even for � < 1, i.e.,
also in the cases where the sample is not entirely contained
in the field of view. These findings are in agreement with
what was predicted theoretically [26,27] and demonstrated

for the case of propagation-based (inline) phase-contrast
imaging in Ref. [21].
We experimentally verified our conclusions drawn from

the numerical studies presented further above by recon-
structing regions of interests from measured DPC sino-
grams [see Fig. 4(a)]. The experimental data set used for
the reconstruction was recorded in an imaging experiment
carried out at the beam line ID19 of the European
Synchrotron Radiation Facility (ESRF, Grenoble) using a
two-grating interferometer [17]. The specimen was a rat
brain fixed in a 4% formalin solution. A monochromatic

x-ray beam of 24.9 keV (� ¼ 0:498 �A) was used for the
measurements. The images were recorded using a 15 �m
thick polycrystalline gadolinium oxysulphide scintillation
screen with a magnifying optical lens system and a cooled
charge coupled device (CCD) [28]. The full field of view
was 16:1� 16:1 mm2. For the acquisition of a full tomo-
graphic data set, the object was rotated around the tomo-
graphic rotation axis and differential phase-contrast
projection images were recorded for each projection angle
[29]. In total, 721 differential phase-contrast projections
over an angular range of � 2 ½0; 2�� were recorded (see
[17,30] for further details on the experimental setup).

FIG. 3 (color online). (a)–(c) CT reconstructions of the phan-
tom �ðx; yÞ distribution from the calculated phase-contrast sino-
gram [Fig. 1(c)], using Eq. (4). (d)–(f) Line profiles through the
center of the reconstructed (solid blue line) and original � values
(dashed black line). In (a),(d), the full extent (� ¼ 1) of the
sinogram in the y0 direction was used as input for the CT
reconstruction, whereas (b),(e) and (c),(f) represent results
where only the center half (� ¼ 0:5) or quarter (� ¼ 0:25)
was used.

FIG. 4. (a) Measured differential phase-contrast projection si-
nogram of a rat brain specimen (� 2 ½0; ��). (b) Full DPC-CT
reconstruction and (c),(d) region-of-interest DPC-CT reconstruc-
tion of the specimen �ðx; yÞ distribution using Eq. (4). In (b), the
full extent (� ¼ 1) of the sinogram in the y0 direction was used
as input for the DPC-CT reconstruction, whereas (c),(d) repre-
sent results where only the center half (� ¼ 0:5) or the center
quarter (� ¼ 0:25) was used.
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Figure 4(b) displays a DPC-CT reconstruction of � using
the full data set (� ¼ 1). In this case, the specimen is fully
contained in the field of view of the image detector, for all
angular projections. Figures 4(c) and 4(d) show reconstruc-
tions where only the center half [the region between the
two dashed lines in Fig. 4(a)] or the center quarter [the
region between the two dashed-dotted lines in Fig. 4(a)]
was used as input for Eq. (4). In both case, where � < 1, we
do not observe any artifacts from the truncation of the
sinograms.

In summary we have demonstrated, both numerically
and with real experimental data, that artifact-free region-
of-interest tomography reconstructions based on differen-
tial phase-contrast projection images are possible. This
procedure removes the constraint of fully covering the
whole sample within the field of view given by the detector.
We envisage that, particularly for medical applications,
where phase-contrast DPC-CT has been proven to be a
uniquely powerful method, a region-of-interest approach
will allow for the visualization of previously inaccessible,
high-resolution details deep inside a whole animal or or-
gan. In such a way, micron-resolved three-dimensional
imaging of, e.g., the detailed blood-vessel network struc-
ture in a living rat or mouse can be envisioned in the future
[17]. Finally, we believe that the method will also be of
interest for future clinical applications of x-ray CT, be-
cause DPC-based imaging can be carried out with standard
x-ray tube sources [14,18] and extended to fan-beam CT
reconstruction schemes.
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discussions.
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