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Direct Differentiation of Pathological Changes in
the Human Lung Parenchyma With

Grating-Based Spectral X-ray
Dark-Field Radiography

Kirsten Taphorn , Korbinian Mechlem , Thorsten Sellerer , Fabio De Marco , Manuel Viermetz ,
Franz Pfeiffer, Daniela Pfeiffer, and Julia Herzen

Abstract— Diagnostic lung imaging is often associated
with high radiation dose and lacks sensitivity, especially
for diagnosing early stages of structural lung diseases.
Therefore, diagnostic imaging methods are required which
provide sound diagnosis of lung diseases with a high sen-
sitivity as well as low patient dose. In small animal exper-
iments, the sensitivity of grating-based X-ray dark-field
imaging to structural changes in the lung tissue was
demonstrated. The energy-dependence of the X-ray dark-
field signal of lung tissue is a function of its microstruc-
ture and not yet known. Furthermore, conventional X-ray
dark-field imaging is not capable of differentiating differ-
ent types of pathological changes, such as fibrosis and
emphysema. Here we demonstrate the potential diagnos-
tic power of grating-based X-ray dark-field in combination
with spectral imaging in human chest radiography for the
direct differentiation of lung diseases. We investigated the
energy-dependent linear diffusion coefficient of simulated
lung tissue with different diseases in wave-propagation
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simulations and validated the results with analytical cal-
culations. Additionally, we modeled spectral X-ray dark-
field chest radiography scans to exploit these differences in
energy-dependency. The results demonstrate the potential
to directly differentiate structural changes in the human
lung. Consequently, grating-based spectral X-ray dark-field
imaging potentially contributes to the differential diagnosis
of structural lung diseases at a clinically relevant dose level.

Index Terms— Imaging modalities, lung, x-ray imaging
and computed tomography.

I. INTRODUCTION

STRUCTURAL lung diseases change the microstructure
of the human lung parenchyma and increase the risk of

developing critical health conditions. Therefore, their diag-
nosis is particularly important in the early stages of disease
development. By that, the chances of recovery increase and
the mortality rate is lower [1]. For this purpose, a variety of
examination methods are established in clinical routine. The
most commonly used tools are diagnostic imaging modalities
such as chest radiography, computed tomography (CT) or
magnetic resonance imaging (MRI). Chest radiography is
usually the first exploratory examination as it is fast, inex-
pensive and universally available. Due to the weak absorption
of the lung tissue compared to the surrounding thorax, the
method lacks sensitivity, especially in the early detection of
lung diseases. The effective dose in conventional thoracic
radiography is low, with up to 0.04 mSv. CT is superior in
terms of high resolution and sensitivity. In addition, it pro-
vides three-dimensional information about the body’s internal
structure, which allows the quantification of lung diseases
and their detection in early stages. However, in routine
examinations a high patient dose of approximately 7 mSv is
applied [2]. MRI is not based on ionizing radiation, but its
accessibility is limited and examinations are time consuming
and costly [3]. Consequently, there is a high demand for a
low-dose diagnostic imaging modality with a high sensitivity
for early structural lung changes, that is additionally time- and
cost-efficient.
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In recent years, spectral X-ray imaging was further devel-
oped. Measurements of the sample with at least two pho-
ton spectra are required to exploit the differences in the
energy-dependent behavior of materials and to gain more
information about the sample. Different technical implementa-
tions, such as dual-source CT, dual-layer detector systems or
rapid kVp-switching devices, are currently used [4]. Recent
advances in technology include photon-counting detectors,
which are capable of acquiring multiple, spatially and tempo-
rally co-registered energy-resolved images with a single acqui-
sition [5]. Dual-energy CT provides material-specific informa-
tion, which has been shown to be beneficial for diagnostics
in clinical applications [6], [7]. In addition, spectral X-ray
imaging enables the quantification of the effective atomic
number [4], and the suppression of beam-hardening artifacts
additionally increases the image quality [8].

Of particular interest for diagnostic lung imaging is
grating-based X-ray dark-field imaging (XDF) with a
Talbot-Lau interferometer. This method is sensitive to struc-
tural features below the pixel size (e.g., alveoli in chest
radiographs) and is based on small-angle X-ray scattering [9].
In small animal disease models, the diagnostic power of
XDF imaging was demonstrated with table-top experiments
for various lung diseases such as emphysema [10], [11] and
fibrosis [12]. Both lung diseases lead to a decrease in dark-field
signal compared to that of healthy lung tissue. The feasibility
of a Talbot-Lau interferometer for XDF imaging of pigs [13]
and human bodies [14] in situ was demonstrated using a fringe
scanning approach.

A limitation of XDF imaging is the direct differentiation
of pathological changes in the lung, since they are all asso-
ciated with a decrease in the dark-field signal. In the specific
problem case of combined pulmonary fibrosis and emphysema
syndrome (CPFE), fibrotic lung tissue, which is typically
expressed in the lower lobes of the lung [15], might not be
distinguished from emphysematous tissue in XDF imaging.

By combining spectral and XDF imaging to take advan-
tage of the energy-dependent scattering properties of the
sample, additional information about its subpixel microstruc-
ture can be accessed. A recent study demonstrated that the
energy-dependence of the dark-field signal varies for mate-
rials with different microstructures. This information can be
used to differentiate the materials [16]. Compared to the
energy-dependency of the attenuation signal, however, the
energy-dependent behavior of the dark-field signal is not
only material-specific but also depends on the imaging setup.
The dark-field signal is additionally influenced by polychro-
matic effects such as beam-hardening [17], [18] and visi-
bility hardening [19], which are highly relevant for clinical
applications.

In this work, we investigate the advantages of spectral XDF
imaging for clinical applications. With wave-optical simula-
tions of a Talbot-Lau interferometer, the energy-dependent
dark-field signal of different lung pathologies was determined.
This information was then used as input for the calculation of
dark-field images of the FORBILD thorax phantom [20] based
on projection integrals. The results demonstrate the ability

Fig. 1. Three-grating Talbot-Lau interferometer with a scattering sample.
The reference grating G1 is positioned at a distance l behind the source
grating G0 and creates an intensity modulation in front of the analyzer
grating G2, which is at a distance d to G1. The scattering sample reduces
the visibility of the intensity pattern (compare green and gray intensity
pattern). The detector is positioned behind G2.

to distinguish between different lung diseases at a clinically
relevant dose level with spectral XDF imaging.

II. MATERIALS AND METHODS

A. Grating-Based Spectral X-ray Dark-Field Imaging

Contrary to most other X-ray phase-contrast imaging tech-
niques, XDF imaging with a Talbot-Lau interferometer is
feasible with polychromatic incoherent sources and large-pixel
detectors, and thus suitable for clinical applications [21].
A sketch of a Talbot-Lau interferometer is depicted in Fig. 1.
The interferometer consists of three diffraction gratings. The
strongly absorbing source grating G0 provides a set of spatially
coherent wavefronts [21]. The reference grating G1 creates an
intensity modulation with high spatial frequency at a certain
distance, where the analyzer grating G2 is positioned, so that it
converts the high frequency modulations into a low-frequency
pattern.

A sample in the beam path leads to a change in the
intensity modulation. This is shown as an example of a purely
scattering object in Fig. 1. Small-angle X-ray scattering blurs
the intensity modulation and reduces the visibility of the fringe
pattern compared to a sample-free measurement (cf. green and
gray intensity modulation in Fig. 1, respectively).

The attenuation and refraction properties of an object are
described by the material-specific refractive index,

n = 1 − δ + iβ = 1 − 2πρere

k2 + i
μ

2k
, (1)

where ρe is the electron density, μ is the absorption coefficient,
re the classical electron radius and the wave number is
k = 2π/λ. When passing through the sample with refractive
index n, a plane wave with wave vector k at the position r is
described by [22]

�(r) = �0 exp (ikr) · exp (−iδkr) · exp (−βkr). (2)

In vacuum, the field propagates as � = �0 exp (ikr). The fac-
tor exp (−iδkr) is related to a shift in phase and exp (−βkr)
describes the decay of intensity due to absorption [23].

The correlation length ξcorr(E) of the interferometer
describes the length scale on which correlations of the pro-
jected electron density within the sample can be probed and
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is related to the sensitivity S and the energy E of the X-ray
beam [24],

ξcorr(E) = S · hc

E
. (3)

Planck’s constant is denoted with h and c is the speed of
light. The sensitivity S of a Talbot-Lau interferometric setup
is defined by,

S =

⎧⎪⎨
⎪⎩

dSample,G2

pG2
, Sample between G1 and G2,

dG0,Sample

pG0
, Sample between G0 and G1,

(4)

with p being the period of the analyzer or source grating and
d the distance between the sample and analyzer grating or
source grating, depending on whether the sample is between
G0 and G1 or G1 and G0, respectively.

The image data is acquired with a phase-stepping. One
grating is moved perpendicularly to the beam in equidis-
tant steps and the intensity is recorded. The stepping curve
obtained gives the intensity based on the relative stepping
position of the moved grating. The attenuation, phase-contrast
and dark-field signals can be extracted from this stepping
curve.

Similarly to the absorption coefficient μ(E), the linear
diffusion coefficient ε(E) is defined for the dark-field channel
and is energy-dependent. The dark-field signal − ln(D(E)) of
a macroscopically homogeneous sample is given as [25]

− ln(D(E))=ε(E) · d =σ(E) · (1 − G(ξcorr(E))) · d. (5)

The dark-field signal increases with the sample thickness d .
The linear diffusion coefficient ε(E) is given by the pro-
jected autocorrelation function G of ρe, at the length scale
of the correlation length ξcorr(E) [24]. The scattering cross
section σ(E) as well as the projected autocorrelation function
G(ξcorr(E)) are energy-dependent [26] and material-specific
quantities. According to Andersson et al. [27], the autocorrela-
tion function of a two-dimensional electron density distribution
ρ(y, z) is defined as,

γ (y ′, z′) =
∫ ∫

�ρ(y, z)�ρ(y + y ′, z + z′)dydz∫ ∫
�ρ(y, z)�ρ(y, z)dydz

. (6)

The coordinate system is consistent with Fig. 1. The fluctu-
ations in electron density around the mean electron density
ρ(y, z) are

�ρ(y, z) = ρ(y, z) − ρ(y, z), (7)

and the central peak of the autocorrelation function is nor-
malized to unity. The same applies to the three-dimensional
case. XDF imaging with a grating interferometer is sensitive
to scattering only perpendicular to the grating lamellae and
the beam direction (cf. y-direction in Fig. 1). Therefore, the
projected autocorrelation function G is calculated by

G(ξcorr) =
∫

γ (y ′ = ξcorr, z′)dz′∫
γ (y ′ = 0, z′)dz′ . (8)

B. Wave-Propagation Simulations and Analytical
Calculations

1) Sample and Setup: With wave-propagation simulations,
the energy-dependent dark-field signal for healthy lung,
fibrotic and emphysematous tissue were determined. The lung
parenchyma for pulmonary fibrosis, pulmonary emphysema
and healthy lung tissue were based on simulated 2D Voronoi
grids. A Voronoi grid is a decomposition of an area into
cells, where a cell is defined as the nearest area around a
center point [28]. Voronoi grids are visually very similar to
the human lung parenchyma and their structural parameters
can be easily controlled. Furthermore, 3D-printed Voronoi
grids were recently introduced as phantom materials for lung
tissue [29], [30].

We used 10 samples per pathology to determine the mean
dark-field signal with a Talbot-Lau interferometer. The size
of each lung parenchyma sample was 0.9 cm × 0.9 cm. Each
2D lung parenchyma sample was created separately and did
not represent sections of a 3D model of the human lung. The
sampling could be chosen individually. The number of center
points per cm2 for the different pathologies was varied in order
to obtain realistic alveolar sizes. The mean alveolar density in
the human lung base has been reported as 21.2 alveoli per
mm3 and increases toward the lung apex [31]. If a simple
cubic arrangement of spherical alveoli is assumed, the number
of alveoli in 0.9 cm × 0.9 cm is 620 with a packing fraction
of psc = π/6. The Voronoi grids intrinsically have a packing
fraction of pv = 1, which results in approximately 1186 cells
in the Voronoi-based parenchyma sample. The number of cells
for the lung parechnyma phantom of healthy lung was varied
between 1250 and 1450 to account for the increased alveolar
density toward the lung apex.

To simulate fibrotic lung parenchyma, 42 to 58 iterations
of binary dilation [32] were applied to the healthy lung
parenchyma samples to account for the formation of excess
tissue and the densification of alveoli related to fibrosis.

Emphysema is associated with the destruction of the
alveolar walls and is common in patients with chronic
obstructive pulmonary disease [33]. For emphysematous lung
parenchyma, we reduced the number of cells to values between
250 and 320.

The measured mean chord length (MCL) ensured realistic
alveolar sizes. The MCL is a medically-approved measure for
determining the size of human alveoli in histological analysis,
which is known to vary for different lung diseases. We used
the direct approach [34] to measure the MCL, with a set of
600 random test lines in both horizontal and vertical direction.
In addition to the MCL, the approach provides the mean wall
thickness (MWT) of lung alveoli.

Table I shows the specifications of the simulated setup. The
G0 and G2 gratings consisted of gold with a height of 200 μm,
a period of 11.6 μm, and a duty cycle of 0.5. The G1 was a
π/2-phase shifting grating consisting of nickel with a height of
7.7 μm. The parameters were chosen so that a Talbot distance
of 1.2 m for the design energy of 44 keV was achieved. The
sample position was between G1 and G2 at a distance of 30 cm
behind G1. The corresponding sensitivity was S = 7.76 · 104,
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TABLE I
GEOMETRY AND GRATING SPECIFICATIONS OF THE SIMULATION

SETUP. THE PARAMETERS OF THE SIMULATED TALBOT-LAU

INTERFEROMETER ARE ACCORDING TO

THE SKETCH IN FIG. 1

according to eq. (4). The pixel size was 500 μm and due to the
magnification of 1.61, the effective pixel size was 311 μm. The
electron density ρe as well as the absorption coefficient μ(E)
for lung tissue were taken from the XMuDat database [35],
which is based on calculations by Boone and Chavez [36].

2) Simulation of Image Data: The dark-field signal for mono-
chromatic X-rays ranging from 30 keV to 100 keV with a step
size of 1 keV was simulated. The assumed wavefront was
sampled in 0.046 μm steps in order to represent propagation
effects with sufficient resolution.

We used a wave-optical simulation package with an
implementation of free-space propagation and a rescaling
of the cone-beam propagation distances according to the
Fresnel scaling theorem [22]. As the phantoms were only
two-dimensional (extending in the y-z plane) and the X-ray
source was incoherent in the direction parallel to the grating
bars, only a one-dimensional section of the wavefront (x = 0)
was propagated. This reduces the required memory as well
as the computational complexity [37]. Furthermore, we used
the multi-slice projection approximation. Especially if the
sample extension in beam direction is large compared to the
propagation distance of the wavefront, propagation effects
throughout the sample cannot be neglected and are correctly
modeled with the multi-slice projection approximation [38].

The sample was divided into adjacent slices perpendicular to
the propagation direction (400 slices in our simulation result-
ing in a sample thickness of 2.25 μm per slice), which were
considered as a series of equidistant lines. The wavefront was
propagated to the first projected sample line and the interaction
of �(r) with the projected sample line with refractive index n,
according to eq. (1), was calculated with eq. (2). The wavefront
was propagated to the next sample line and �(r) was updated.

The gratings were applied to the wavefront. By a convolu-
tion of the propagated intensity with the G0 slot profile, the
source was assumed to be incoherent. The stepping curve was
sampled at five different grating positions of G2, which were
evenly distributed over one grating period.

3) Analytical Calculations: For the analytical calculation of
the linear diffusion coefficient, we calculated the projected
autocorrelation function with eq. (6), (7) and (8) for the same
samples used in the wave-propagation simulation. We aver-
aged G(ξcorr) over multiple angles for each lung parenchyma
phantom to increase the statistics. This is possible because of
the isotropy of the samples.

4) Data Analysis: We fitted the energy-dependent dark-field
signals of the individual samples for both wave-propagation

simulation and analytical calculations with a power law,

f (E) = a · E−b, (9)

to extract the signal strength a and the energy-exponent b. We
normalized the dark-field signal from the wave-propagation
simulation to the thickness of the sample in beam direction
prior to the fit. The energy range was 30 to 100 keV in both,
simulation and analytical calculation.

Considering the case of packed hollow microspheres with
far smaller radii than the correlation length of the setup,
the projected autocorrelation function G(ξcorr(E)) approaches
zero. Thus, the energy-dependency of the linear diffusion coef-
ficient in eq. (5) is given by the scattering cross section with
ε(E) ∝ E−2. For larger radii compared to the correlation
length, G(ξcorr(E)) is not constant and consequently the
energy-dependency varies up to ε(E) ∝ E−4 [39]. Thus, the
energy-dependency of the lung parenchyma is expected to be
in a range of E−2 to E−4.

C. Forward-Model-Based Spectral X-ray Dark-Field
Radiography

The spectral grating-based XDF projections of the
FORBILD thorax phantom [20] were calculated based on the
spectral grating-based imaging model. Mechlem et al. [40]
introduced the model first and demonstrated that it correctly
describes spectral grating-based phase-contrast and dark-field
imaging with the projection approximation, which neglects
the extent of the sample in the beam direction. The spectral
grating-based imaging model gives the number of counts yrs

i
in pixel i for stepping position r in the energy bin s and a
homogeneous sample by

yrs
i =

∫ ∞

−∞
(E)Rs(E)e− ∫

μi (E)dz

×
[
1 + V (E)e− ∫

εi (E)dz · cos(φr (E) + �φi (E))
]

d E .

(10)

The reference phase at phase step r is denoted with φr (E)
and the phase shift by the sample is given by �φ(E), (E)
is the source spectrum and Rs (E) gives the response function
of the photon-counting detector. The beam path is assumed to
be in z-direction.

1) Setup and Sample: The setup geometry of the
wave-optical simulations (Table I) was used. The acceleration
voltage was 120 kVp. A thick aluminum filter (7.0 mm) was
chosen in order to reduce beam-hardening artifacts. The detec-
tor was a 1400 × 1400 pixels photon-counting detector with a
cadmium telluride sensor layer, an active area of 70 cm ×70 cm
and a sensor thickness of 300 μm. The detector response
functions Rs(E) as described by Schlomka et al. [41] were
used, which account for distortion effects like charge-sharing
or K-escapes.

The effective spectra (E)Rs(E) of the low and high
energy bin are depicted in Fig. 2 in blue and orange, respec-
tively. Additionally, the visibility spectrum V (E) of the
Talbot-Lau interometer is plotted in red. The first visibility
peak is at the design energy of 44 keV. A setup with a
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Fig. 2. Effective spectra of the low (blue) and high energy bin (orange)
and visibility spectrum (red) of the simulated Talbot-Lau interferometer.
The threshold positions are depicted in black.

π/2 phase-shifting grating has advantages for spectral XDF
imaging because the visibility spectrum features a second
peak at twice the design energy [42] (at 88 keV). The chosen
thresholds were at 30 keV and 62 keV in order to exploit
the maxima in the source spectrum as well as the visibility
spectrum. The threshold settings are indicated as vertical black
lines in Fig. 2. We assumed the phantom to be 30 cm behind
G1, between G1 and G2.

The FORBILD thorax phantom consisted of bone, soft-
tissue, and lung tissue and was imaged in posterior-anterior
position. The coronal chest diameter was 35 cm. We calculated
spectral XDF radiographs for two different phantom cases.
First, a phantom with healthy lungs served as a reference.
The second case was CPFE, with fibrosis expressed in the
lower lobes and emphysematous tissue in the upper lobes.
Pathological changes were inserted in the lung by replacing
spherical regions with a diameter of 3.22 cm of healthy lung
tissue with fibrotic or emphysematous tissue.

2) Calculation of Image Data: The radiographs were calcu-
lated based on the projection approximation and the phantom
was modeled as a 2D plane. The attenuation coefficients and
electron densities for the different tissue types were taken from
the XMuDat database [35].

Healthy lung tissue, fibrotic and emphysematous tissue were
attributed with the linear diffusion coefficients retrieved from
the aforementioned wave-propagation simulations. The linear
diffusion coefficients for bone and soft tissue were ε(E) = 0.
The overall linear diffusion coefficient was calculated as the
sum over the different materials m with the corresponding
linear diffusion coefficients εm(E), the volume fraction fε j of
the material in voxel j and ai j which gives the contribution
of voxel j to source-detector ray i ,

∫
εi (E)dz =

∑
m

∑
j

ai j fε j εm(E). (11)

The counts in each detector pixel were calculated with
eq. (10) with r = 5 phase steps. The added Poisson noise
accounted for realistic photon noise.

3) Data Analysis: Each contrast channel provides two
images, one per energy bin. To differentiate the lung patholo-
gies, we exploited the difference in energy-dependency of the
linear diffusion coefficient. In the monochromatic case, where
the energy-dependent visibility is not important, the dark-field

signal of a homogeneous material x is

− ln(D(E)) = εx(E) · dx , (12)

where E is the X-ray energy. The expected value for the signal
ratio qev of − ln(D(E)) in the low and high energy bin image
with energies El and Eh , respectively, can be simplified to

qev = − ln(D(El))

− ln(D(Eh))
= εx(El) · dx

εx(Eh) · dx
=

(
Eh

El

)b

. (13)

Consequently, the signal ratio q increases for increasing
energy-exponent b.

We calculated the signal ratio qmeas and applied a Gaussian
filter (σ = 1 pixel). In the realistic case, polychromatic
effects have an impact on the signal ratio q . Comparable to
beam-hardening in the attenuation channel, visibility hard-
ening occurs in the dark-field channel, mainly in the low
energy bin [19]. Consequently, the signal in the low energy
bin is underestimated and q decreases as the sample thickness
increases. We corrected for visibility hardening by estimating
the overall projected lung thickness d for each pixel with
eq. (5), the high energy bin dark-field signal − ln(Dh) and the
effective energy in the high bin Eh of the healthy case,

d = − ln(Dh)

εhealthy lung(Eh)
. (14)

By calculating the dark-signal of a sample only consisting
of healthy lung tissue with varying thickness, the difference
�q between the measured and the expected signal ratio, qmeas
and qev respectively, was estimated for different thicknesses of
lung tissue. The expected signal ratio qev was calculated with
eq. (13) and the mean energy of low and high energy spectrum,
El = 43.5 keV and Eh = 72.0 keV, respectively. The corrected
signal ratio qcor is given by

qcor = qmeas + �q(d). (15)

We used the estimated lung thickness for each pixel from the
healthy phantom to correct the diseased case as well. From
the dark-field signal including lung diseases, it is not possible
to calculate the overall lung thickness with eq. (14). However,
as the simulated phantom cases have the same morphology,
size and position, the overall lung thickness in each pixel does
not vary between the different cases.

4) Dose Considerations: The air kerma (kinetic energy
released per unit mass) is defined as the sum of the kinetic
energy of all charged particles liberated per unit mass of air.
It is calculated from the distribution of the uncharged energy
fluence with respect to its energy (E) · E , and the mass
energy absorption coefficient of air

(
μen(E)

ρ

)
air

[43],

Kair =
∫

(E) · E ·
(

μ en(E)

ρ

)
air

d E . (16)

The absorption coefficient was taken from the XMuDat data-
base. The photon counts per energy bin were normalized to
the squared effective pixel size p2

eff. The total air kerma at the
phantom’s surface facing the source was 0.43 mGy.

The air kerma is dependent on the measurement posi-
tion whereas the air kerma area product (KAP) is a
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Fig. 3. (a) Simulated lung parenchyma of pulmonary fibrosis, healthy
lung and pulmonary emphysema. (b) The energy-dependent mean
dark-field signal −ln(D(E)) per cm retrieved from wave-propagation sim-
ulations of the setup given in Table I is plotted in double logarithmic repre-
sentation. The slope varies for different pathologies. The error is given as
by the standard deviation. The analytical calculation of (1 − G(ξcorr))/E2

(cf. eq.5) is depicted in (c) in double logarithmic representation and
agrees well with the results from the wave-propagation simulation in (b).

TABLE II
MEAN CHORD LENGTH AND MEAN WALL THICKNESS OF SIMULATED

LUNG PARENCHYMA. THE SIGNAL STRENGTH aWP AND

ENERGY-EXPONENT bWP WERE RETRIEVED FROM THE FIT OF EQ.(9)
AND THE WAVE-PROPAGATION SIMULATIONS. THE RESULTS AGREE

WELL WITH THE ANALYTICALLY CALCULATED

ENERGY-DEPENDENCY bANA BASED ON THE PROJECTED

AUTOCORRELATION FUNCTION

position-independent quantity. The KAP is the product of air
kerma and the field-of-view at the measurement plane,

KAP = Kair · A = Kair · (
npixel · peff

)2
. (17)

The calculated KAP was 0.82 Gy·cm2, with npixel = 1400 and
peff = 0.0311 cm.

III. RESULTS

A. Linear Diffusion Coefficient of Lung Tissue

Examples of the lung parenchyma phantoms based on
Voronoi grids for fibrosis, healthy lung tissue and emphysema
are depicted in Fig. 3 (a). The measured MCLs and MWTs are
given in Table II with uncertainties expressed as the standard
deviations. The mean MCL of 90.3 μm of fibrosis was smaller
compared to the healthy lung tissue with 209.5 μm. The MCL
of emphysema was higher at 458.6 μm.

The mean dark-field signal per cm for the different lung
pathologies were obtained as shown in Fig. 3 (b) in double

logarithmic representation. The error bars depict the standard
deviation among the 10 parenchyma samples per pathology.
The dependency of the linear diffusion coefficient on the
energy was fitted with eq. (9), yielding the signal strength
awp and energy-dependency bwp. In double logarithmic rep-
resentation, the exponent bwp is related to the slope of the
line plots in Fig. 3 (b). The results from the wave-propagation
simulations are provided in Table II with the corresponding
standard deviations. We found that an increase in MWT is
related to an increase in energy-dependency b and furthermore,
a decrease in MCL is related to an increase in signal strength.

According to eq. (5), the energy-dependency of the
dark-field signal is determined by the scattering cross
section and the projected autocorrelation function of the
sample’s electron density at the length scale of the corre-
lation length of the setup. In Fig. 3 (c), the dependency of
(1 − G(ξcorr))/E2 on E , averaged over ten samples per pathol-
ogy, is plotted in double logarithmic representation. The curves
were shifted vertically to be in the same order of magnitude.
The error bars depict the standard deviation. The results for
the energy-dependency bana are given in Table II as the mean
of the ten individual samples. The analytical calculation of
a is not possible since the scattering cross section of the
samples would have to be known exactly. The results from
the wave-propagation simulations are in good agreement with
the energy-dependency provided by the analytical calculation.

B. Spectral X-ray Dark-Field Radiography of a Thorax
Phantom

Case A in Fig. 4 shows the transmission (a) and dark-field
image (b) for the healthy phantom, which were calculated
from the sum of the low and high energy image data. The
conventional transmission image lacks contrast in the lung
region. The dark-field image provides a high signal in the lung,
which decreases toward the edges because of the decreasing
projected lung thickness. The ribs and vertebrae additionally
feature a dark-field signal, which is not related to scattering at
microstructures, but rather to strong phase shifts at their edges
and beam-hardening induced dark-field.

Figure 4 (c) shows the signal ratio qmeas of the dark-field sig-
nals in the lung region calculated from the low and high energy
bin superimposed with the conventional dark-field image
(cf. Fig. 4 (b)). Due to visibility hardening, qmeas decreases
toward the middle of the lung. In Fig. 4 (d), the corrected
signal ratio qcor is depicted. The artifacts due to the visibility
hardening are reduced and the signal ratio is homogeneous
throughout the lung.

The correction of the signal ratio is based on the dif-
ference between the expected and measured q . Figure 4 (e)
shows − ln(D) depending on the projected lung thickness
d in solid lines, for both the low and high energy bin,
in blue and green, respectively. In comparison, the dotted
lines represent the expected dark-field signal, ε(E) · d with
El = 43.5 keV and Eh = 72.0 keV, as the mean energy
of the low and high energy bin, respectively. As a result,
the signal ratio plotted in red in Fig. 4 (e), decreases as the
sample thickness increases. The expected signal ratio for



1574 IEEE TRANSACTIONS ON MEDICAL IMAGING, VOL. 40, NO. 6, JUNE 2021

Fig. 4. Spectral X-ray dark-field radiography for two simulated cases. The top row shows the transmission (a,f) and dark-field images (b,g), as well
as the overlay of dark-field image and the measured signal ratio qmeas (c,h) from the low and high energy bin. Plot (e) shows the impact of visibility
hardening on the measured dark-field signal depending on the projected lung thickness, for the low (solid blue line) and high energy bin (solid green
line), in comparison to the expected dark-field signal, calculated with El = 43.5 keV and Eh = 72.0 keV, respectively. Furthermore, the behavior of
qmeas is depicted with a solid red line. For increasing sample thickness, qmeas is decreasing and the difference to the expected signal ratio Δq is
increasing. The corrected signal ratio qcor, calculated with eq. (15) is depicted in (d) and (i). Case A represents a healthy phantom. Phantom B had
CPFE and qcor demonstrates that the reduction of the dark-field signal in the lower right lobe is related to an increased energy-dependency and
fibrosis which is in accordance with the ground truth of fibrotic tissue (j). The ground truths for emphysematous and healthy lung tissue are depicted
in (k) and (l), respectively.

the healthy lung was at qev, healthy = 3.55, for fibrotic tissue
it is increased to qev, fibrosis = 4.72 and emphysema has a
similar expected signal ratio compared to healthy lung tissue
with qev, emphysema = 3.17. For each projected lung thickness,
we estimated �q to correct the signal ratio. In summary, case
A shows how a healthy phantom behaves in spectral XDF
imaging.

Case B in Fig. 4 demonstrates the advantages of spectral
XDF imaging for the aforementioned problem of CPFE. The
transmission image (cf. Fig. 4 (f)) does not provide any contrast
in the lung region. But the dark-field image (cf. Fig. 4 (g))
shows reduced signal in small regions spread over the whole
lung, which cannot be attributed to a specific lung pathology.
The measured and corrected signal ratios are depicted in
Fig. 4 (h) and (i), respectively. The healthy lung tissue provides

a homogeneous qcor (cf. the ground truth of projected lung
tissue in Fig. 4 (l)). Both the measured and corrected signal
ratio show an increased energy-dependency b in the lower
regions (cf. green arrows in Fig. 4 (h) and (i)), compared to the
healthy lung. According to Table II, these regions are fibrotic
tissue, which agrees well with the ground truth of projected
fibrotic tissue in Fig. 4 (j). No significant changes are present in
the upper lung lobes (cf. yellow arrows in Fig. 4) in qcor and the
reduction in the dark-field signal is related to emphysematous
tissue, for which the comparison to the emphysema ground
truth in Fig. 4 (k) gives evidence.

In Fig. 5 (a), a histogram of the conventional dark-field sig-
nal in three regions-of-interest, including healthy lung tissue,
emphysema, and fibrosis is shown. The regions are indicated
in Fig. 4 (i) with a white, yellow and green box, respectively.
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Fig. 5. (a) Histogram of −ln(D) of small lung regions indicated in Fig.4 (i).
No difference can be distinguished between fibrotic and emphysematous
tissue at the smaller peak at −ln(D) ≈ 1.2. (b) The scatterplot of the
corrected signal ratio qcor of the low and high energy bin depending
on the conventional dark-field signal −ln(D) for the same regions is
shown. The healthy lung tissue provides constant qcor values for different
−ln(D). Pixels with fibrotic tissue are better differentiated from healthy and
emphysematous tissue compared to the histogram in (a), due to higher
qcor for fibrotic tissue compared to healthy lung tissue.

The histogram is widely spread due to a large range of
projected lung tissue thicknesses. The first peak at approxi-
mately − ln(D) ≈ 1.2 is related to the lung diseases (either
fibrosis and/or emphysema). The second peak is related to the
healthy tissue with high projected thickness. The additional
information given by the signal ratio qcor depending on the
dark-field signal in Fig. 5 (b) enables the differentiation of
the peak at − ln(D) ≈ 1.2 into fibrosis and emphysema.
The green dots mark pixels with a higher qcor value but a
lower overall dark-field signal and are attributed to fibrotic
tissue. The yellow dots with a similar q value compared to
the healthy lung but similar dark-field signal compared to
fibrosis are empyhsematous tissue, which can be distinguished
from fibrosis. Healthy lung tissue (cf. white dots in Fig. 5 (b))
provides a constant signal ratio over a range of − ln(D) values.

IV. DISCUSSION

The parameters of the Voronoi lung parenchyma models
for healthy lung, fibrosis and emphysema were selected to
reproduce the reference MCL values of human lung tissue.
The reported MCL for healthy human lung tissue is 220 μm.
Emphysematous lung tissue has an MCL of 500 μm in
moderate stages and up to 620 μm in severe cases [44].
Fibrotic tissue has an MCL of approximately 100 μm [45].

The wave-propagation simulations of the energy-dependent
dark-field signal show a decreasing signal strength a with
increasing MCL and a higher energy-dependence b with
increasing MWT. Theoretically, an increasing energy expo-
nent is expected with increasing size of the sample structure
(cf. eq.(5)). Consequently, the energy-dependency is possibly
determined by the thickness of the alveolar walls. The MWTs
of healthy lung and emphysematous tissue were similar and
on a length scale closer to the correlation length of the
interferometer.

The thorax phantom included moderate emphysema because
the diagnosis of early stage lung diseases is of high interest.

In severe emphysema, the destruction of the alveolar walls is
more advanced and the MCL is larger. Therefore, a decrease
in signal strength a in XDF imaging is expected. However,
since the thickness of the alveolar walls is assumed to remain
constant, the energy exponent b for severe emphysema is
expected to be similar to the moderate case.

The quantitative results for the signal strength and the
energy-dependency are only valid for the specific setup para-
meters used. By assuming that eq. (5) is only a function of the
energy according to eq. (9), the spatial extent of the sample
in the beam direction is neglected. In reality, the distance
between a certain sample point and G2, dSample G2 is not con-
stant throughout the sample and the projected autocorrelation
function G(ξcorr(E)) changes for different points within the
sample. Consequently, eq. (9) describes the linear diffusion
coefficient per unit length as a function of the X-ray energy
for a given sensitivity. However, the spatial difference in sen-
sitivity in the lung parenchyma samples was less relevant for
extracting the energy-dependency of the dark-field signal in the
wave-propagation simulations, since the sample dimensions
were much smaller compared to the inter-grating distance.

Furthermore, the linear diffusion coefficient is not an intrin-
sic property of the material, unlike the attenuation coeffi-
cient. It is expected that both the signal strength and the
energy-exponent change with the geometry of the setup.
In particular, for a fixed energy, the projected autocorrela-
tion function is sampled with a different mean correlation
length if the geometry of the setup is changed, and thus the
energy-dependency may change.

Figure 4 shows that the signal ratio q of the dark-field signal
in low and high energy bin allows a direct differentiation
of pulmonary fibrosis and emphysema. This is difficult in
conventional chest X-ray and dark-field imaging. Therefore,
spectral XDF radiography potentially offers a higher sensitiv-
ity for the differentiation of fibrosis and emphysema compared
to conventional XDF imaging. In general, the signal ratio
depends on the linear diffusion coefficient of the individual
scattering materials, which is, among others, given by the
sensitivity, more precisely by the setup geometry and the
sample position. Higher sensitivities result in a larger cor-
relation length compared to the microstructure size of the
sample, and the projected autocorrelation function approaches
G(ξcorr) = 0 (for ξcorr → ∞). The energy-dependency of
the dark-field signal is then entirely given by the scattering
cross section (∝ E−2) and therefore becomes independent
of the microstructure. Consequently, maximizing the sensi-
tivity for spectral X-ray dark-field radiography may not be
advantageous. Although the sensitivity was not varied in the
simulations, it can be assumed that the differentiation of
fibrosis and emphysema in spectral XDF imaging is generally
feasible for sensitivities where the corresponding correlation
length is smaller than the alveoli.

In addition to the sensitivity, the measured signal ratio qmeas
strongly depends on the projected thickness of lung tissue.
The visual comparison of CT images of a human thorax
and the cross-section of the FORBILD phantom suggests
that the projected lung tissue thickness does not decrease as
much toward the edges as in the phantom. For this reason,
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the measured signal ratio may be more homogeneous in
experiments than in the simulation.

Both beam-hardening by attenuation and visibility harden-
ing by strong scattering influence the dark-field signal. The
low-energy bin is particularly susceptible to beam-hardening
induced dark-field [17]. The influence of beam-hardening is
visible in Fig. 4(d) and (i). Beam-hardening increases toward
the phantom center in the low energy bin, because the pro-
jected thickness of the soft tissue increases. As a result, the
corrected signal ratio increases toward the center of the thorax
phantom. Correction methods for beam-hardening induced
dark-field were previously developed by Pelzer et al. [18] and
Bevins et al. [46], among others.

The energy-dependency of the linear diffusion coefficient
leads to a hardening of the visibility spectrum. Low energy
photons are scattered more strongly compared to high energy
photons. Consequently, the visibility at low energies is lower
compared to the high energies. The influence of visibility
hardening on the dark-field signal is more pronounced in the
low energy bin.

We have applied an empirical correction method to reduce
visibility hardening effects in the thorax phantom radiographs.
The correction approach is based on the difference between
the expected and the measured signal ratio depending on
the projected lung thickness and is able to reduce artifacts
owing to visibility hardening. Nevertheless, the experimental
implementation of this correction method could be difficult,
since we used the estimated lung thickness and �q from
the phantom without pathologies (case A) to correct both
versions of the phantom (case A and B). This was possible
because of the same sample composition and position in both
cases. However, this is not feasible for clinical applications,
necessitating a different approach.

For example, conventional spectral transmission data could
be used to estimate the lung thickness. The calculation of a
geometric model of the lung from X-ray projection images
using a deep neural network based method was recently pre-
sented [47]. Alternatively, the polychromatic effects could be
eliminated by a more sophisticated dual-energy XDF material
decomposition [39].

The corrected signal ratio qcor is only a qualitative measure
of the energy-dependency of the linear diffusion coefficient.
The signal ratio q is influenced not only by visibility harden-
ing, but also other polychromatic effects. In numerical simu-
lations a quantitative distortion correction is possible, because
the source spectrum, the detector response and the sample
composition are known exactly. However, this is usually not
the case in experiments and exact measurements of the spectra
are challenging. The signal ratio qcor, nevertheless, provides
additional information to the conventional XDF image. If one
is aware of the artifacts and the behavior of the measured
signal ratio as a function of the lung thickness, a correction
is not absolutely necessary, since the differentiation between
healthy and diseased lung tissue is already possible prior to
the visibility hardening correction.

Although CPFE usually exhibits upper lobe emphysema and
lower lobe fibrosis, it cannot be excluded that both pathologies
overlap in the projected image, which may impede their
differentiation. To counteract this problem, the patient could

be imaged in lateral view. Because emphysema and fibrosis
typically affect larger areas, they can then be differentiated in
either one of the views. Furthermore, spectral XDF computed
tomography could provide three-dimensional information.

In our simulations, we assumed a phase stepping with
full-field gratings, which is not yet realistic with respect
to clinical applicability and manufacturing problems. How-
ever, the experimental implementation of grating-based XDF
imaging with a fringe-scanning approach has already been
demonstrated. The upgrade to spectral XDF imaging could be
achieved either by using spectral detector systems or by taking
two images with different photon spectra. In our calculations
of spectral XDF radiographs, we used a photon-counting
detector with a field-of-view of 70 cm × 70 cm to ensure
a realistic size of the FORBILD thorax phantom. Due to
limitations in manufacturing of the semiconductor sensor layer,
especially in the case of cadmium telluride, such a large
sensor area could not be achieved today. Photon-counting
detectors consist of several modules, which so far cannot be
arranged arbitrarily. Therefore, a large field-of-view is only
possible in one direction. With regard to an interferometer
with fringe-scanning in slit geometry, however, this limitation
is not problematic.

Another advantage of photon-counting detectors is that the
thresholds can be individually adjusted to the image task,
which offers a greater flexibility compared to the acquisition
with two different photon spectra. For example, the thresholds
could be optimized to optimally exploit the differences in
the energy-dependency of lung diseases. In addition, the
pixel-wise registration between low and high energy mea-
surements with photon-counting detectors is advantageous,
because movements of the patient between two separate image
acquisitions can cause artifacts.

Alternatively, the scanning approach offers the opportunity
to stack two Talbot-Lau interferometers along the scanning
direction. Using different filtration for each interferometer
could achieve a good spectral separation also with a con-
ventional flat-panel detector with a single measurement. The
design energy of each interferometer should match the mean
energy of the low energy and high energy spectrum, respec-
tively, to optimize the visibilities.

Closely related to the selected acquisition method is the total
scan time. For the fringe-scanning approach, an acquisition
time of 40 s was reported [13], which is realistic for clinical
applications, but leaves room for improvement.

The chosen simulation parameters of the source and setup
were realistic. The pixel size of the detector was large com-
pared to conventional radiography flat-panel detectors, which
have a pixel size in the range of 100 μm to 200 μm.
This reduced the computational complexity of the simulation.
However, the use of detectors with smaller pixel sizes for
spectral XDF radiography is possible. For example, the data
acquisition could be performed with a conventional radiogra-
phy detector and the transmission image would have a higher
resolution comparable to conventional radiography (due to a
magnification above one). Before processing, binning of the
raw data (e.g., 3 × 3 binning of a detector with 150 μm
pixel size results in a pixel size of 450 μm) could provide
sufficient statistics in the dark-field channel at a clinically
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relevant dose. The loss of resolution in the dark-field channel
is not problematic, because structural lung diseases typically
occur over a large area.

The size of the FORBILD thorax phantom was constant for
the different simulated cases. However, in clinical practice,
the size of the thorax can vary strongly among patients.
A larger thickness in beam direction increases the amount
of scattered radiation (not due to the micro structure of the
alveoli). The impact of Compton scattering was not considered
in the simulations. The additional scatter background can
decrease the contrast-to-noise ratio of q . Although Compton
scattering in XDF imaging is generally reduced by the setup
geometry (G2 acts as an anti-scatter grid and the distance
between sample and detector is large), it cannot be ruled out
that the contrast-to-noise ratio of q decreases such that the
differentiation of fibrosis and emphysema is compromised.
Different approaches can be used to ensure a sufficient image
quality. For instance, kernel-based scatter corrections, as used
in conventional clinical radiography systems, can isolate and
remove scatter from the final images [48], [49].

The KAP in our simulations was 0.82 Gy·cm2. The KAP
for a normal-sized adult human in thorax radiography
in posterior-anterior position is about 0.1 Gy·cm2, for the
abdomen the KAP is at 2.5 Gy·cm2 [50]. The comparison
suggests that spectral XDF radiography is feasible with clin-
ically compatible dose levels. Although the KAP was higher
in our study compared to conventional thorax radiography,
it was still less compared to CT, the state-of-the-art imaging
method for the diagnosis of CPFE [15]. In view of the
clinical applications of the fringe-scanning approach, recent
experiments on grating-based X-ray dark-field human chest
radiography were able to achieve a mean total effective dose
of approximately 0.040 mSv with a conventional flat-panel
detector [51].

V. CONCLUSION

We have determined the energy-dependency of the XDF sig-
nal for different lung pathologies with both wave-propagation
simulations and analytical calculations. Both results were in
good agreement and provide information on how the lin-
ear diffusion coefficients of structures similar to the lung
parenchyma vary with the X-ray energy. This knowledge is
important for future spectral XDF imaging techniques, such as
dual-energy dark-field material decomposition for diagnostic
lung imaging [39].

The forward-model based calculations of spectral XDF
radiographs of the thorax phantom showed the possibility to
directly differentiate structural changes in the human lung
parenchyma, such as fibrosis and emphysema. Despite the
discussed limitations, spectral XDF imaging potentially com-
bines several advantages of state-of-the-art diagnostic imaging
techniques, such as low dose, fast examination and increased
sensitivity compared to conventional chest radiography.
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