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Correction for X-Ray Scatter and Detector
Crosstalk in Dark-Field Radiography

Theresa Urban , Wolfgang Noichl , Klaus Juergen Engel, Thomas Koehler , and Franz Pfeiffer

Abstract— Dark-field radiography, a new X-ray imaging
method, has recently been applied to human chest imaging
for the first time. It employs conventional X-ray devices in
combination with a Talbot-Lau interferometer with a large
field of view, providing both attenuation and dark-field
radiographs. It is well known that sample scatter creates
artifacts in both modalities. Here, we demonstrate that also
X-ray scatter generated by the interferometer as well as
detector crosstalk create artifacts in the dark-field radio-
graphs, in addition to the expected loss of spatial resolution.
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We propose deconvolution-based correction methods for
the induced artifacts. The kernel for detector crosstalk is
measured and fitted to a model, while the kernel for scatter
from the analyzer grating is calculated by a Monte-Carlo
simulation. To correct for scatter from the sample, we adapt
an algorithm used for scatter correction in conventional
radiography. We validate the obtained corrections with a
water phantom. Finally, we show the impact of detector
crosstalk, scatter from the analyzer grating and scatter from
the sample and their successful correction on dark-field
images of a human thorax.

Index Terms— Image enhancement/restoration (noise
and artifact reduction), X-ray imaging and computed
tomography.

I. INTRODUCTION

DARK-FIELD radiography [1], [2] is a new imaging
method that can visualize the micro-structural properties

of the investigated object, such as the lung’s alveolar structure.
For chest imaging, it has just recently been translated to clini-
cal stage and its diagnostic value is currently investigated with
a clinical prototype [3]. Initial results from currently ongoing
clinical studies showed that dark-field chest radiographs allow
the detection and quantification of pulmonary emphysema [3],
[4] and the assessment of Covid-19 pneumonia [5]. Among
qualitative evaluations by radiologists [3], [5], also a quan-
titative analysis of the obtained dark-field signal [4], [6] is
of great interest, as a quantitative analysis is potentially less
work-intensive and yields objective results.

The dark-field signal originates from spatial fluctuations
of the wavefront due to unresolved micro-structures in the
sample [7]. These spatial fluctuations are induced by coherent
ultra-small-angle scattering at inhomogeneities in the sample’s
electron density, i.e. material interfaces, which are too fine
and numerous to be resolved individually. The length scale
of material interfaces the system is sensitive to depends on
system parameters and is typically in the micrometer range [8].
The dark-field signal is the stronger the more of these micro-
scopic material interfaces the beam passes through [9]. Such
interfaces are present in porous structures such as foam,
in powders, in fibrous structures such as wood, or, in our case,
in the alveolar structure of the lung. Homogeneous materials,
such as water or soft tissue, do not generate any ultra-small-
angle scattering.

The corresponding angles are so small that the deviation
from the original beam position at the detector location is typ-
ically below the detector resolution. Therefore, the dark-field
signal cannot be measured with conventional radiography
systems. Instead, the dark-field signal is measured as the loss
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Fig. 1. Overview and effect of scatter and crosstalk in grating-
based dark-field imaging. (A) A Talbot-Lau interferometer formed by
source grating G0, phase grating G1, and analyzer grating G2 creates
an interference pattern with moiré fringes on top of the radiograph.
Analysis of a series of exposures with different fringe phase allows
to reconstruct an attenuation-based radiograph (B) and a dark-field
radiograph (C). (D), Schematic top view of the prototype scanner. The
black line depicts the path of an exemplary unscattered photon, whereas
blue lines depict exemplary paths of photons contributing to an intensity
offset in the same position as the unscattered photon. The three main
contributions of this offset are detector crosstalk (path a), scatter from
the analyzer grating G2 (path b) and scatter from the sample (path c).
(E), Scatter and crosstalk adds an offset to the stepping curve. Since both
attenuation and dark-field signals depend on the mean of the stepping
curve, scatter and crosstalk lead to artifacts in the respective images.

of contrast of an interference pattern, which is generated by
a Talbot-Lau interferometer formed by three gratings G0, G1,
and G2 in the beam path [10], shown in Fig. 1A. The periodic
phase shift due to the phase grating G1 leads to a periodic
intensity pattern in certain distances from the grating [11]. This
pattern changes with the sample in the beam path. Attenuation
leads to a reduction of the mean intensity of this pattern,
whereas the term “dark-field signal” is assigned to a reduced
contrast, called visibility, of the pattern.

Since the intensity pattern is too fine to be directly resolved
with a conventional flat-panel detector, an analyzer grating
G2 with a matching period is placed directly in front of
the detector. For conventional clinical sources, an additional
source grating G0 is used to convert the large incoherent
source into many small line sources, each with sufficient
spatial coherence for interferometry. By a thoughtful choice
of the grating parameters, each small line source generates a
congruent pattern at the analyzer grating. By taking multiple
exposures with varying relative positions of analyzer grating
and intensity pattern, a so-called stepping curve is obtained at
each pixel, from which the attenuation and dark-field signal
can be extracted.

The measured stepping curve is influenced by various other
processes besides attenuation and ultra-small-angle scattering
which lead to artifacts in the obtained images. Some of these
effects are due to interactions of photons with matter, where

the photon still reaches the detector but at a different location
than if it did not undergo any interaction (Fig. 1D). These
effects include scattering and fluorescence of X-rays in the
setup, in particular in the analyzer grating G2, and optical
crosstalk after scintillation in the detector. Furthermore, these
effects also include photons reaching the detector after inco-
herent scattering in the sample as well as coherent scattering
in the sample, with angles larger than those corresponding
to the dark-field signal. Note that the sample’s coherent ultra-
small-angle scattering is due to microscopic material interfaces
and generates the dark-field signal. Coherent scattering at
larger angles – e.g. corresponding to those used in small-angle
X-ray scattering experiments [12] – is due to nanometer scale
arrangement of atoms and molecules within the volume of
materials. It is therefore an unwanted effect in the application
of dark-field imaging for the differentiation of different types
of tissue. Scatter created upstream of the sample can be
neglected, since only photons that actually reach the detector
cause artifacts.

Unlike primary radiation, the detector signal generated by
scatter or crosstalk barely depends on the relative position
of analyzer grating and intensity pattern. Thus, scatter and
crosstalk lead to an approximately constant offset on the
whole stepping curve (Fig. 1E). The increased mean value
of the stepping curve leads to artifacts in the attenuation
image that are well known from conventional radiography. The
visibility of the stepping curve depends on the mean intensity
as well. Therefore, scatter and crosstalk also cause artifacts in
the dark-field radiograph which impair image appearance for
qualitative analysis and prevent a quantitative analysis of the
dark-field signal.

The effect of scatter from the sample in grating-based imag-
ing has previously been studied in [13] for smaller setups in
the context of mammography. In the current clinical setup for
chest imaging, the effect of sample scatter is more prominent
due to the larger exposed volume, the higher photon energy,
and a higher total attenuation of the sample. Scatter from the
analyzer grating was simulated by Vignero et al. [14], but only
its effect on the setup’s reference visibility was investigated.
To the best of our knowledge, the effect of neither detector
crosstalk nor scatter from the analyzer grating in dark-field
radiographs have been investigated before.

In this work, we propose deconvolution-based methods to
correct for scatter and crosstalk in dark-field and attenuation
images via finding the respective scattering kernels. Further-
more, we validate the corrections with a water phantom.
Finally, we demonstrate the effect of detector crosstalk, scatter
from the analyzer grating and scatter from the sample and their
correction on dark-field images of a patient from the current
clinical study.

II. THEORY

Dark-field radiography measures the intensity I in a pixel
while sampling it with the reference pattern in exposures j .
This procedure is performed once for reference without a
sample and once with a sample. The measured intensities can
be modelled as

I r
j = tr

j (1 + vr
j cos(ϕr

j )) (1)
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for the reference scan and

I j = tr
j t (1 + vr

jv cos(ϕr
j + ϕ)) (2)

for the sample scan [15], with reference intensity tr
j , reference

visibility vr
j and reference phase ϕr

j , and sample properties
transmission t , relative visibility reduction v and differential
phase shift ϕ. These values are obtained with a least squares
fit of the reference and sample scans [15]. The attenuation A
and dark-field signal D are then calculated via

A = − ln(t) and (3)
D = − ln(v). (4)

We did not further evaluate the phase term ϕ, because the
phase image is so far not used for clinical evaluation.

The scatter intensity generally depends on the exposed
volume and the gratings, and detector crosstalk depends on
detector illumination. However, to get an approximate esti-
mation of the impact of scatter on dark-field and attenuation
images, we consider a simplified case, where scatter is uni-
form enough so that the scatter intensity does not depend
on the exposure index j . Further, we assume that reference
intensity tr and visibility vr are also independent of exposure
index j .

Scatter by the gratings and detector crosstalk occurs in both
the reference and the sample scan. The measured intensities I j
then include the primary intensities and an additive scatter and
crosstalk intensity Is . This leads to

I r
j = tr (1 + vr cos(ϕr

j )) + I r
s (5)

for the reference scan and

I j = tr t (1 + vrv cos(ϕr
j + ϕ)) + Is (6)

for the sample scan. Even in this simplified case, Is cannot
be included as a variable in the least squares fit. For a
correction of the ensuing artifacts, it is rather necessary to
eliminate the influence of detector crosstalk and scatter from
the measurements before the final signal retrieval.

To estimate the impact of scatter and crosstalk when it is
ignored in the phase retrieval, equation (5) can be factorized to
show the scatter-affected reference intensity tr ′ and reference
visibility vr ′, which are obtained when the measured intensi-
ties from the reference scan (equation (5)) are fitted with the
model in equation (1):

I r
j = tr ′

(1 + vr ′ cos(ϕr
j + ϕ)) (7)

with

tr ′
= tr (1 + sr ) and (8)

vr ′
= vr (1 + sr )−1, (9)

where sr
= I r

s /tr is the ratio of scatter to primary intensity in
the reference scan. These scatter-affected reference values are
further used to obtain scatter-affected sample transmission t ′

and relative visibility reduction v′ from the measured inten-
sities in the sample scan, by fitting the measured intensity
(equation (6)) using equation (2):

I j = tr ′t ′(1 + vr ′
v′ cos(ϕr

j + ϕ)) (10)

with

t ′ = t
1 + s
1 + sr (11)

and

v′
= v

1 + sr

1 + s
, (12)

where s = Is/tr t is the ratio of scatter to primary intensity in
the sample scan.

Note that the phase image ϕ is not affected by scatter or
crosstalk, because, at least in the simplified case here, these
only add an offset, but do not change the phase of the measured
stepping curve.

We find that scatter and crosstalk lead to an offset S in the
corresponding attenuation and dark-field images:

A′
= − ln(t ′) = − ln(t) − ln

(
1 + s
1 + sr

)
= A − S (13)

and

D′
= − ln(v′) = − ln(v) − ln

(
1 + sr

1 + s

)
= D + S, (14)

where

S := ln
(

1 + s
1 + sr

)
. (15)

The absolute offset in the dark-field signal is the same as
for the attenuation signal, albeit with an opposite sign. Since
in all practical cases, s > sr and S > 0, the attenuation is
underestimated while the dark-field signal is overestimated.

III. METHODS

The following sections show a deconvolution-based
approach to eliminate the effects of scatter and crosstalk via
finding their respective scatter kernels. Quantitative values are
setup-specific, as they depend on hardware components such
as detector and gratings, the distances between objects, and
the X-ray spectrum. However, the general approach to obtain
these corrections can be applied to any grating-based dark-field
radiography setup.

A. The Setup
We use the clinical prototype for dark-field chest radiog-

raphy featuring an oblong active grating area and a fringe
scanning acquisition scheme described in [3] and [6]. The
setup parameters are listed in Table I. The gratings are oriented
with the lamellae in horizontal direction. All gratings are bent
cylindrically with their distance from the source as bending
radius, to ensure their correct alignment with respect to the
beam path also in outer parts of the grating area [16]. Since the
production of a grating large enough to cover the whole field
of view is currently not possible, we use a scanning acquisition
mode [17], [18]. The active area on the detector is about
6.5 cm × 42 cm, and the analyzer grating is stitched from
6 smaller tiles of 6.5 cm × 7 cm each. By slightly detuning
the interferometer, moiré fringes are generated in the detector
plane, meaning that different interferometer positions relative
to a pixel result in different relative positions of analyzer
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TABLE I
INTERFEROMETER PARAMETERS

grating and intensity pattern. Thus, a stepping curve can be
obtained for each pixel by taking multiple exposures while
scanning the interferometer over it. Typically, one full scan
consists of 195 exposures, each applied on an area collimated
by the slot, resulting in 24 exposures per pixel. See [15] for
more details on image reconstruction.

The tube (MRC 200 0508 ROT-GS 1003; Philips Medi-
cal Systems) is operated with large focal spot (0.8 as per
IEC 60336) and 70 kV tube voltage at 30 s−1 pulse rate while
the interferometer is scanned upwards, leading to 195 images
per acquisition. The detector (PIXIUM 4343 F4; Trixell) is
placed at a distance of 244 cm from the source and features a
600 µm CsI scintillator layer. It is operated with 3×3 binning,
resulting in a pixel size of 444 µm × 444 µm.

B. Detector Crosstalk
In the scope of this paper, the term detector crosstalk is

used for all processes that lead to a measured intensity remote
from the incident photon, mainly due to the spread of optical
photons originating from scintillation [19]. This well-known
effect is characterized by a point spread function, leading to
a loss of spatial resolution in the recorded exposures and
consequently also in the reconstructed attenuation and dark-
field images. However, this effect also decreases the measured
contrast of the stepping curve wherever the phase of the
moiré fringes in pixels in close vicinity differs. This causes
a spurious, crosstalk-induced dark-field signal the same way
X-ray scatter does.

Depending on the attenuation of the sample, the detector is
exposed with varying intensity. Equation (15) shows that the
resulting signal S depends on the scatter-to-primary ratio. The
worst detector crosstalk impact is expected for image areas of
low primary intensity that are close to edges of attenuation,
being contaminated by detector crosstalk from closeby areas
of high intensity.

The crosstalk intensity Is can be calculated by a convolution
of incident intensity I with a crosstalk kernel k [20]:

Is = I ∗ k. (16)

To model the crosstalk kernel k, we assume that optical
photons are isotropically scattered with a model according to
a 2D-Beer-Lambert decay, expressed as

k(r) =

{
βe−αr/r2 r > 0
0 r = 0,

(17)

where r denotes the distance from the point of impact of the
incident photon. The parameters α and β describe the radial
linear attenuation coefficient of the scattered photons and the

overall probability of scattering in the detector, respectively.
Photons scattered within one pixel (r = 0) are counted as
primary intensity.

C. Scatter From the Analyzer Grating
Scatter from the interferometer mainly consists of X-ray

photons scattered at the analyzer grating located between
sample and detector. The analyzer grating acts both as an
anti-scatter grid for all scatter happening upstream as well
as a scatter source itself. This includes photons scattered via
coherent or incoherent scattering at the substrate, the photo-
resist, or the grating lamellae, as well as fluorescence photons.

The expected kernel has a complex shape due to the
microscopic structure of the grating. For lack of a simple ana-
lytic model, we conducted Monte-Carlo simulations using the
Geant4 toolkit (version 10.06.p03, [21]). We implemented the
source spectrum, the three gratings and the detector according
to the clinical prototype (see Section III-A). We also included
the microscopic structure of the gratings, including auxiliary
bridges due to the fabrication process [22]. The incident beam
was circular with a diameter of 400 µm, which is slightly
smaller than the detector pixel size of 444 µm. The resulting
kernel was obtained by recording the energy deposited within
the detector by photons that experienced any interaction within
the analyzer grating, normalized by the energy deposited by
all photons.

The broad active grating area and the lateral fan beam
geometry (see Fig. 1A) lead to the beam passing the gratings
at angles up to 4.7◦ with respect to the grating surface normal,
and the scanning of the interferometer on a circular arc from
−4.7◦ to 4.7◦ leads to varying distances between analyzer
grating and detector. To obtain a scatter kernel that can be used
over the whole field of view, we repeated the scatter kernel
simulation with varying incident angle degrees (0◦ to 4.7◦

in 10 steps) and varying interferometer positions (0◦ to 4.7◦

in 10 steps), obtaining a total of 100 grating scatter kernels.
We use the average over all these individual kernels as the
resulting kernel for the whole field of view.

D. Sample Scatter
The overall sample scatter intensity depends on sample

exposure and of course the sample itself.
Sample scatter is a well-known problem in conventional

radiography [23], which is usually counter-acted by placing
anti-scatter grids right in front of the detector [24]. In our
setup, only a comparably small region of the sample is exposed
at once. Additionally, the analyzer grating between sample and
detector acts as an anti-scatter grid, which prevents most of
the photons scattered at the sample from reaching the detector.
We chose not to use an additional anti-scatter grid because
of dose considerations. As we found that the amount of
sample scatter reaching the detector is significant nevertheless,
we need to correct for scatter from the sample.

Both the chemical composition and the spatial distribu-
tion of the sample are generally unknown. We adapted the
scatter correction software SkyFlow (Philips Medical Sys-
tems; [25]), which was originally developed for cases in
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conventional radiography where no anti-scatter grid can be
used. Patches of the sample are approximated by water spheres
featuring a locally identical attenuation signal [26], using the
scatter-affected attenuation image. Scatter kernels for different
water spheres are calculated beforehand using Monte-Carlo
simulations to allow a fast scatter estimation for a sample
measurement.

We adapted this approach to dark-field radiography by
calculating the respective kernels specifically for the dark-field
prototype with its lower tube voltage and increased distance
of the patient to the detector compared to conventional radio-
graphy. We also included the gratings to account for the
anti-scatter grid property of the analyzer grating.

E. Deconvolution

We want to eliminate the influence of crosstalk and scatter
from the measurements. For scatter from the sample, this task
is performed directly with the adapted SkyFlow software [25],
[26]. For scatter from the analyzer grating and detector
crosstalk, the respective measured and simulated scattering
kernels can be used to perform a deconvolution of measured
intensities using the scattering kernel.

Inserting a deconvolution step consistently into the signal
retrieval process is not trivial. One basic requirement is that
there is no additional noise-dependent bias introduced by the
deconvolution step. This rules out just applying Wiener or
Maximum Likelihood deconvolution to sample and reference
scan separately: both these images feature vastly different
noise levels, hence moiré fringes would be dampened by
different amounts. For Richardson-Lucy deconvolution, this
bias would additionally depend on the location in the image.
Therefore, we chose to neglect the influence of noise on
the deconvolution step, and resort to deconvolution using the
Neumann series. It is explained in the following.

The measured intensity I ′ is a sum of true model intensity I
and scattered intensity Is:

I ′
= I + Is = I ∗ (1+ k) =: I K , (18)

where the scattered intensity is described by the scattering
kernel k (see equation 16), and 1 denotes the Kronecker delta.
The true intensity I can then be retrieved by performing the
inverse

I = I ′ K−1. (19)

To approximate the inverse K−1, we use the Neumann series:

(1 − x)−1
=

∞∑
n=0

xn . (20)

This leads to

I = I ′

∞∑
n=0

(−k)∗n (21)

= I ′
− I ′

∗ k + I ′
∗ k∗2

− I ′
∗ k∗3

+ . . . , (22)

where ∗n denotes convolving n times.

Fig. 2. Flowchart of processing pipeline. Reference intensities refer to
the measured intensities in the reference scans Irj , reference images refer
to the mean intensity trj , visibility vr

j , and phase ϕr
j of the fringe pattern

without an object, see equation (1). After each consecutive correction of
scatter or crosstalk, a phase retrieval with equation (2) is performed on
the updated data, whose results are then used to update the data again
before the subsequent step.

The Neumann series converges more quickly if the norm
of k is small. In order to enhance this, it is beneficial to use
a rescaled version

k̃ =
1+ k
|1+ k|

(23)

to calculate the approximate inverse. Intuitively, the rescaled
operator k̃ is a low-pass filter that preserves the mean of
the input signal. Intensities due to crosstalk and scatter from
the analyzer grating can then be both positive and negative,
depending on whether the measured intensity is higher or
lower than in a perfect system without these effects.

F. Image Processing Chain

The overall image processing chain to obtain dark-field and
attenuation images from the raw data includes corrections
for scatter and crosstalk as well as corrections for other
artifacts. The entire processing pipeline is depicted in Fig. 2.
Processing is performed from top to bottom of the flowchart.
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First, the measured reference intensities are corrected for
non-scatter related corrections and detector crosstalk before
using equation (1) to calculate the reference images. These
are then corrected for scatter from the analyzer grating.

The sample intensities are consecutively corrected for detec-
tor crosstalk, scatter from the analyzer grating and scatter
from the sample. After each correction, a phase retrieval with
equation (2) is performed to update the current sample images
before the subsequent step. The final images are obtained from
one last phase retrieval after all corrections.

1) Corrections for Scatter: Scatter and crosstalk are corrected
for both reference and sample measurements for each exposure
separately. For the deconvolution of detector crosstalk, we can
directly use the measured intensities as input I ′ in both
reference and sample measurements. For the deconvolution
of scatter from the analyzer grating, the intensity distribution
reaching the analyzer grating is necessary. In the reference
measurement, we use the scatter-affected reference intensity
tr

j as input intensity I ′ for the deconvolution. In the sample
measurement, we use the scatter-affected attenuation image
multiplied with the reference intensity tr

j . In both cases,
we then subtract the estimated scattered intensities Is = I ′

− I
from the measured intensities. Sample scatter is corrected for
using the attenuation image and the reference intensity as input
for the SkyFlow software [25], [26].

We account for detector saturation by assuming a direct
beam in all overexposed pixels. After each correction step,
a subsequent phase retrieval is performed to obtain the cor-
rected dark-field and attenuation images.

2) Correction for Mechanical Instabilities: The vibrations of
the interferometer arm both during and between exposures
in the scanning procedure causes fine fringe-like artifacts in
the images. We correct for these vibrations by modelling
them in the reconstruction process [15]. The vibration during
exposures can only be fitted once scatter is corrected for,
as both artifacts lead to a reduced visibility.

3) Correction for Patient Motion: We correct for artifacts
induced by motion of the patient, such as unintended breathing
or the heartbeat, by locally reducing the number of eval-
uated exposures and thus the acquisition time for affected
pixels [27].

4) Correction for Artifacts Due to Shot Noise: For the effect
of falsely increased fitted visibility in areas with low statis-
tic [28], we locally increase the statistic by reducing the image
resolution before reconstruction.

5) Correction for Beamhardening-Induced Dark-Field Signal:
The spectrum of the X-rays reaching the detector changes
between reference and sample measurement, due to spectrally
different attenuation in the sample. As the measured visibility
also depends on the spectrum, this effect changes the visibility
and thus induces a dark-field signal [29], [30]. We correct
for this using a look-up table, obtained through calibration
measurements with various thicknesses of equivalent absorber
material. For the water phantom, we used water as calibration
material. For patients, where we do not know the exact
tissue composition, we assume that the attenuation is due to
soft tissue and bone equally, using water and aluminum as
equivalent absorber material.

Fig. 3. Measurement and estimation of detector crosstalk. (A), raw
detector image without, (B) with the tungsten plate on the detector. (C),
detector image in (B) corrected for detector crosstalk (D). (E), profiles of
scan with and without the tungsten plates along the indicated rectangles.
(F) and (G), the obtained detector crosstalk kernel and its profile.

IV. RESULTS

A. Detector Crosstalk Kernel

To find the kernel parameters, measurements with a 2 mm
tungsten plate placed directly in front of the detector, covering
about half of it, were conducted. Exemplary raw images with-
out and with the tungsten plate are shown in Fig. 3A and B.
Since the tungsten plate absorbs all photons coming directly
from the source, the intensity measured behind the tungsten
plate is only due to detector crosstalk from the adjacent
exposed area.

We performed a least-squares fit for the kernel parameters
α and β. The cost function was the difference of the measured
intensity behind the tungsten plate to the one estimated from
the measured intensity with the current kernel parameters.
We used all exposures of one full scan. We found that trun-
cating the Neumann series after five elements (i.e. summation
until n =4 in equation (21)) is sufficient, and

α = 0.0491 mm−1 (σα = 3.33 × 10−6 mm−1) and

β = 1.02 × 10−3 mm2 (σβ = 0.0489 × 10−6 mm2).

The obtained detector crosstalk kernel k is shown in
Fig. 3F and G.

For verification of the crosstalk kernel, we compare the
measured crosstalk intensity behind the tungsten plate with
the difference between measured and corrected intensity
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Fig. 4. Simulation and verification of the scatter kernel for the analyzer
grating. (A), screenshot of the Monte-Carlo simulation, with paths of
photons scattered at the analyzer grating in red. (B), the resulting scatter
kernel, with its horizontal and vertical profiles in (C). (D), measurement
with the tungsten plate placed upstream of the analyzer grating on
the patient contact plane. (E), (F), the intensity corrected for detector
crosstalk and scatter from the analyzer grating, with (G) and (H) the
respective estimated intensities. (I) and (J), corresponding profiles along
the indicated rectangles. After correction for detector crosstalk and
scatter from the analyzer grating, the intensity behind the tungsten plate
is approximately zero.

Is = I ′
− I , i.e. the estimated crosstalk intensity for a single

exposure (Fig. 3D). The corresponding profiles in Fig. 3E
along the indicated rectangles show that the estimated and
measured crosstalk intensities behind the tungsten plate agree
very well. The corrected intensity has the expected shape
with a clear drop at the tungsten border, and is zero behind
the tungsten plate.

B. Grating Scatter Kernel
An exemplary screenshot from the Monte-Carlo simulation,

showing photons scattered at the analyzer grating, is displayed
in Fig. 4A. It illustrates the anti-scatter grid property of the
grating, as most forward-scattered photons from the grating
substrate are attenuated in the lamellae. The obtained scatter

kernel k is depicted in Fig. 4B. The highly asymmetric shape is
due to the horizontal direction of the grating lamellae, allow-
ing a higher fraction of scattered photons travelling in that
direction to pass than photons travelling in any other random
direction. Therefore, the profile along the horizontal direction
is more intense than the vertical one, shown in Fig. 4C.

For verification of the simulated kernel, we conducted again
measurements with the 2 mm tungsten plate. However, this
time, the plate was placed upstream of the analyzer grating on
the patient contact plane. In this configuration, the measured
intensity in the plate shadow (Fig. 4D) sums up from scattered
photons from the analyzer grating as well as from detector
crosstalk. The intensity corrected for detector crosstalk is
displayed in Fig. 4E, and the estimated detector crosstalk
intensity in Fig. 4G.

The intensity corrected for scatter from the analyzer grating
is displayed in Fig. 4F. The estimated scatter from the analyzer
grating is shown in Fig. 4H. The corresponding profiles
along the indicated rectangles are plotted in Fig. 4I and J.
After correction for detector crosstalk and scatter from the
analyzer grating, the intensity behind the tungsten plate is
approximately zero.

There is a small undershoot close to the tungsten border,
which is already present in the profile corrected for detector
crosstalk. It is probably due to some inconsistency between
the measurement used for fitting the detector crosstalk kernel
(Section IV-A) and the one here. However, we would like to
point out that this residual artefact is much smaller than the
crosstalk effects we are correcting.

C. Sample Scatter
Fig. 5 shows measurements with a water phantom, a cylin-

drical barrel of 20 cm diameter, at the patient position as an
exemplary, well defined sample. A tungsten plate was put
between the G1 and the water phantom in the beam path,
such that the water phantom was still fully exposed, but
a part of the direct beam was blocked (Fig. 5A). Photons
reaching the detector in the shadow of the tungsten plate are
due to detector crosstalk, scatter from the analyzer grating,
and scatter from the water phantom. The raw images were
corrected for detector crosstalk (Fig. 5B and E) and scatter
from the analyzer grating (Fig. 5C and F). For the correction
of scatter from the water phantom (Fig. 5G), the attenuation
image from the same measurement without the tungsten plate
was used, as the scatter correction software would otherwise
misinterpret the tungsten shadow as high attenuating water.
The corresponding profiles of the indicated rectangles are
displayed in Fig. 5H and I.

Intensities due to detector crosstalk and scatter from the
analyzer grating are higher than sample scatter close to the
edge of the tungsten plate, whereas sample scatter is more
uniform and has a far higher range. As there is no intensity
behind the tungsten plate in the corrected image (Fig. 5D),
this shows the validity of the intensity estimation for all three
contributions.

An interesting feature is the small step at the tungsten border
in the corrected profiles. This is due to the finite focal spot
size: As the focal spot has a rectangular shape with peaks at
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Fig. 5. Verification of sample scatter estimation with a water phantom
measurement. (A), measured intensity with a water phantom and the
tungsten plate. (B), (C) and (D), the intensity after correction for detector
crosstalk, scatter from the analyzer grating, and scatter from the sample,
with (E), (F) and (G) the respective estimated intensities. (H) and (I),
corresponding profiles along the indicated rectangles for the intensity
profiles and scatter and crosstalk intensities. The resulting intensity
behind the tungsten plate is flat and close to zero.

the edges [31], and the tungsten plate in this measurement
is 1.47 m from the source and 0.97 m from the detector, the
focal spot width of 1.6 mm leads to this penumbra of 1.1 mm,
or 3 pixels, width.

D. Application to Water Phantom Measurement

For a validation of the applied corrections, we imaged
the water phantom, described in section III-D. Since water
has no micro-structure, the actual dark-field signal is known
to be zero everywhere. Fig. 6A and B show the obtained
attenuation and dark-field images after all corrections, and
Fig 6C, D and E signal profiles after subsequent correction for
detector crosstalk, scatter from the analyzer grating and scatter
from the sample. The initially measured dark-field signal
behind the water phantom is about 0.2. After all corrections,
the dark-field signal contains mainly noise.

An interesting detail is the small undershoot just outside
the water phantom if no correction is applied (Fig. 6D). It is
created by a reduced blur of the interference pattern in the
sample scan compared to the reference scan, due to less
crosstalk from the neighboring pixels behind the object.

The kinks visible in the sample scatter artifact in Fig 6E
are located at the borders between grating tiles. As the tiles

Fig. 6. Validation of corrections with the water phantom. (A), attenuation,
and (B), dark-field image after all corrections. (C), and (D), profiles along
the indicated rectangles in (A) and (B), after subsequent correction for
each contribution. (E), artifacts due to the different contributions. After all
corrections, the resulting dark-field signal is zero behind the phantom in
most regions, with a small positive remaining artifact on the right.

attenuate slightly differently, the primary intensity reaching
the detector varies per grating tile, while the sample scatter
estimation does not include tile-wise information.

Similarly, the small remaining artifact up to about 0.05 on
the right and the smaller one of up to 0.02 in the center
(Fig. 6D) are most likely due to the grating tile having slightly
different structure or alignment, as the edges of these artifacts
correspond to borders between grating tiles.

E. Application to Patient Images
Fig. 7 and Fig. 8 show chest images of an 42-year old

woman imaged in posterior-anterior and lateral orientation,
respectively. All images are corrected for non-scatter related
effects as described in Section III-F. The respective images in
the top row (B), (C), and (D) are reconstucted with either
one of the presented corrections disabled. The respective
correction’s effect can additionally be seen from the difference
of the dark-field images to the one reconstructed with all
corrections, shown in the respective panels (F), (G), and (H).

If either one of the corrections is disabled, there is an
additional, spurious signal in addition to the true dark-field
signal of the lung. Detector crosstalk and scatter from the
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Fig. 7. The effect of correcting scatter and crosstalk in dark-field chest radiographs of a 42-year old woman imaged in posterior-anterior
orientation. (A), with all the presented corrections for scatter and crosstalk. (B), without correction for detector crosstalk. (C), without correction
for scatter from the analyzer grating. (D), without correction for scatter from the patient. (E), attenuation image, corrected for scatter and crosstalk,
without the contrast enhancement normally applied before diagnostic evaluation. (F), artifact due to detector crosstalk. (G), artifact due to scatter
from the analyzer grating. (H), artifact due to scatter from the patient. The different contributions cause different artifacts in the dark-field image,
which can be removed with the corrections.

analyzer grating have their strongest impact in the vicinity
of edges in the attenuation image, such as the clavicle in
the shoulder region in the posterior-anterior image, the region
around the sternum in the lateral images, and the rib cage
close to the direct beam (see zoom-ins). Due to the larger
regions with direct beam, the influence of detector crosstalk
and scatter from the analyzer grating is larger in lateral than
in posterior-anterior orientation.

The scatter from the patient itself mainly affects regions
where the overall attenuation is highest, such as the abdomen
and spine in the posterior-anterior images and the abdomen
and shoulders in the lateral images.

These artifacts impede the qualitative assessment of the
dark-field signal of the lung, as e.g. the lower edges of the
recessus behind the diaphragm cannot clearly be distinguished
without a correction for sample scatter. Furthermore, these
artifacts make a quantitative assessment impossible. With all
corrections, the previously described artifacts are eliminated.

V. DISCUSSION

We describe the influence of scatter and crosstalk on dark-
field radiographs, and propose methods to find the respective

scattering kernels, enabling a deconvolution-based correction
of the induced artifacts. The overall influence of scatter and
crosstalk in dark-field images is substantial. Especially in
regions with high attenuation such as the abdomen and spine,
there is a high ratio of scatter to primary intensities, and the
apparent dark-field signal is actually dominated by artifacts.

The proposed algorithms correct separately for the three
main contributions detector crosstalk, scatter from the ana-
lyzer grating, and scatter from the sample. We used different
methods to obtain the respective kernels due to the different
mechanisms. Measurements where the primary beam is par-
tially blocked are used to show that the estimated intensities
match the measured ones for all three contributions. With a
water phantom we validate the correction of the dark-field
images quantitatively.

The water phantom is a very simple sample, whose material
and spatial distribution can be very well modelled by the
scatter correction software for sample scatter. In a real patient,
there are other materials present which may be distributed
quite differently along the beam path, so the approximation
with water spheres might lead to less realistic sample scatter
corrections.
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Fig. 8. Dark-field radiographs with corrections for scatter and crosstalk of the same woman as in Fig. 7, imaged in lateral orientation. (A), with
all the presented corrections for scatter and crosstalk. (B), without correction for detector crosstalk. (C), without correction for scatter from the
analyzer grating. (D), without correction for scatter from the patient. (E), attenuation image, corrected for scatter and crosstalk, without the contrast
enhancement normally applied before diagnostic evaluation. (F), artifact due to detector crosstalk. (G), artifact due to scatter from the analyzer
grating. (H), artifact due to scatter from the patient.

Another potential source of incorrect scatter or crosstalk
correction is detector saturation. As we use raw images for
the correction of detector crosstalk and attenuation images
for the correction of scatter from the analyzer grating and
the sample, wrong values in these images also cause wrong
corrections. A first counter-measure is a careful collimation to
minimize the detector area not covered by the patient. Further,
we reduce the effect of detector saturation by assuming a direct
beam in all overexposed pixels. However, this assumption is
not correct everywhere, as image areas might still run into
detector saturation despite low attenuating sample features.

For sample scatter, there are other methods to reduce its
influence in chest radiography. One method is to target the
overall amount of scatter generated, by exposure of a smaller
portion of the sample at a time [32]. For clinical dark-field
radiography, a further reduction of the active grating area
and thus the exposed region is not feasible, as this would
result in overall longer image acquisition times, meaning the
patient would have to stand still and hold breath even longer.
Another method would be to prevent the scattered photons
from reaching the detector by the use of anti-scatter grids.
This would further reduce the dose-efficiency of this method.

Both these methods can only reduce the influence of sample
scatter and not eliminate it [33] and [34], in contrast to a
software-based correction.

There are also other processes that influence the mea-
sured visibility and corrupt the quantitative dark-field signal,
as described in Section III-F. The residual dark-field signal
near the clavicle in the lateral image indicates that at least
one of all the applied corrections is not entirely correct, since
there are no corresponding areas of strong dark-field signal in
the posterior-anterior image. The high attenuation in this area
leads to very little primary intensity, making this area very
sensitive to correct scatter and crosstalk estimates. The scatter
and crosstalk corrections however are impeded by a relatively
large amount of bone in the beam path and the close proximity
of a direct beam causing detector saturation.

The patient images show that the overall influence of scatter
from the sample is much larger than the one from detector
crosstalk and scatter from the analyzer grating. This is because
the whole exposed sample region acts as a source of scattered
photons, with a high spatial range across the whole detector,
whereas the range of detector crosstalk and scatter from the
analyzer grating is much smaller.
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The exact scatter and detector crosstalk kernels used in
this work depend on the used setup, as e.g. the anti-scatter
grid properties of the analyzer grating depend on the grating
parameters, and overall scatter reaching the detector depends
on the beam spectrum and the distances. This means that all
measurements and simulations to obtain these kernels will
have to be repeated whenever the setup is changed. For a
hypothetical future setup featuring gratings that cover the
whole field of view, the overall exposed area on the sample
will increase, leading to even more scatter from the sample.
This will require further investigation. However, the general
concepts behind the corrections presented here are applicable
for all grating-based radiography systems, including even the
recently presented clinical dark-field CT system [35].

CONCLUSION

With the corrections presented here – and other non-scatter
related corrections – the obtained dark-field signal is due to
the micro-structure of the tissue, and differences between the
dark-field signal of different patients can be attributed to their
lung condition rather than scatter or crosstalk artifacts. This
ensures a unobstructed qualitative evaluation, and enables a
quantitative evaluation of dark-field radiographs.
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