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Abstract (500 words)

Purpose. Spatial distortions in magnetic resonance imaging (MRI) are mainly caused by inhomogeneities of 

the static magnetic field, nonlinearities in the applied gradients, and tissue-specific magnetic susceptibility 

variations. These factors may significantly alter the geometrical accuracy of the reconstructed MR image, thus 

questioning the reliability of MRI for guidance in image-guided radiation therapy. In this work, we quantified 

MRI spatial distortions and created a quantitative model where different sources of distortions can be 

separated. The generated model was then integrated into a 4D computational phantom for simulation studies 

in MRI-guided radiation therapy at extra-cranial sites.

Methods. A geometrical spatial distortion phantom was designed in four modules embedding laser-cut 

PMMA grids, providing 3520 landmarks in a field of view of (345 × 260 × 480) mm3. The construction accuracy 

of the phantom was verified experimentally. Two fast MRI sequences for extra-cranial imaging at 1.5 Twere 

investigated, considering axial slices acquired with online distortion correction, in order to mimic practical use 

in MRI-guided radiotherapy. Distortions were separated into their sources by acquisition of images with 

gradient polarity reversal and dedicated susceptibility calculations. Such a separation yielded a quantitative 

spatial distortion model to be used for MR imaging simulations. Finally, the obtained spatial distortion model 

was embedded into an anthropomorphic 4D computational phantom, providing registered virtual CT/MR 

images where spatial distortions in MRI acquisition can be simulated.

Results. The manufacturing accuracy of the geometrical distortion phantom was quantified to be within 0.2 

mm in the grid planes and 0.5 mm in depth, including thickness variations and bending effects of individual 

grids. Residual spatial distortions after MRI distortion correction were strongly influenced by the applied 

correction mode, with larger effects in the trans-axial direction. In the axial plane, gradient nonlinearities 

caused the main distortions, with values up to 3 mm in a 1.5 T magnet, whereas static field and susceptibility 

effects were below 1 mm. The integration in the 4D anthropomorphic computational phantom highlighted 

that deformations can be severe in the region of the thoracic diaphragm, especially when using axial imaging 

with 2D distortion correction. Adaptation of the phantom based on patient-specific measurements was also 

verified, aiming at increased realism in the simulation.A
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Conclusions. The implemented framework provides an integrated approach for MRI spatial distortion 

modeling, where different sources of distortion can be quantified in time-dependent geometries. The 

computational phantom represents a valuable platform to study motion management strategies in extra-

cranial MRI guided radiotherapy, where the effects of spatial distortions can be modeled on synthetic images 

in a virtual environment.

Keywords

spatial distortion artefacts, image guidance, MRI-guided radiotherapy, magnetic field inhomogeneity, 

gradient nonlinearities, susceptibility

1. Introduction

 

The use of Magnetic Resonance Imaging (MRI) in external beam radiotherapy is rapidly increasing, with a 

clear potential to provide guidance for treatment planning, treatment delivery and response assessment (1-

3). Recent developments have resulted in commercial availability of linear accelerators with an integrated 

MRI unit, thus allowing the implementation of fully magnetic resonance-guided radiotherapy (MRgRT) 

protocols (4). In the treatment of moving targets, MRgRT provides superior soft-tissue contrast at no cost in 

terms of ionizing radiation, along with the benefit of fast imaging sequences (5, 6). This entails significant 

advantages, allowing extended image acquisitions to take into account respiratory motion and its cycle-to-

cycle variations (7, 8). Furthermore, the ability to image at high repetition rates during treatment yields the 

possibility to implement MR-guided motion management strategies (5). Current approaches for motion 

management in MRgRT rely on respiratory gating, based on a 2D cine-MRI image acquired across the tumor 

area (9). On the other hand, the ability to image anatomical changes, including variations in motion patterns 

for moving targets, opens the possibility to adapt treatment delivery (10, 11).

In light of such possibilities, the validation of complex motion management strategies in MRgRT does require 

the use of dedicated phantoms. Different designs have been proposed, including both physical and A
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computational phantoms. Physical 4D phantoms for use in MR imaging have been developed relying on either 

ex-vivo lung models (12-14), or on custom developments to create inflatable synthetic lung structures (15, 

16). Conversely, there is an increasing interest in computational phantom models to provide simulations for 

different applications in life science, including imaging (17-19). As far as motion management in MRgRT is 

concerned, computational phantoms provide the ability to simulate different MR sequences, with a time-

resolved ground truth anatomical representation that can overcome current limitations in MR image 

acquisition (20, 21). As motion management in MRgRT entails image reconstruction, processing and 

segmentation, these phantoms can be exploited to compare with respect to a time-resolved volumetric 

ground truth (22). This is of particular interest for motion management, as the volumetric ground truth can be 

exploited for in-silico testing of different k-space sampling strategies for image acquisition speed-up and 

reduction of artefacts (5, 6, 23). They are therefore expected to be an extremely useful tool, complementing 

experimental verification with physical phantoms. 

Current developments toward the implementation of computational phantoms featuring the ability to 

simulate MR imaging rely on the ongoing efforts to develop realistic phantoms for dosimetry (18, 19). 

Specifically, most of these developments are based on adaptations of the 4D XCAT phantom, which was 

originally designed to simulate time-resolved Computed Tomography (CT) and nuclear imaging (24). One 

possibility to modify the 4D XCAT for the simulation of MR imaging is to exploit the activity mode, i.e. with 

organ-defined activity values, to express idealized MR signal intensities (25). A different approach by 

Wissmann et al. entails the specific inclusion of MR sequence signal modeling, as well as tissue-specific 

relaxation times and proton densities (26). Both approaches have been tested for applications in cardiac 

imaging (25, 26). As an alternative technique, the MR signal intensity can be derived by solving the Bloch 

equations directly, which allows one to model time dependent effects such as the use of contrast agents (27).

Based on the approach by Wissmann et al, a 4D CT/MRI Breathing Anthropomorphic Thorax phantom 

(CoMBAT) has been developed for applications in MRgRT (22). The phantom includes tissue parameters 

derived from experimental acquisitions, expressing the proton density and relaxation times (T1 and T2) for 

the main tissues in abdominal imaging. Using these parameters, the acquisition of different MR sequences 

can be simulated, taking into account the MR signal model, the coil sensitivity and the implemented raw data 

acquisition (k-space sampling). The CoMBAT phantom is therefore able to generate CT and MR images that A
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are perfectly co-registered, providing simulated data at null registration error. The phantom however fails to 

include MRI-induced spatial distortions, which are particularly important when the geometrical 

characterization of the patient anatomy is essential, as in the case of MRgRT.

Spatial distortion artefacts are caused by magnet-related static field inhomogeneities ( inhomogeneities), B0 

by nonlinearities in the magnetic field gradients, which are specific for each MR acquisition sequence, and by 

tissue-dependent magnetic field variations due to the intrinsic magnetic susceptibility. Spatial distortion 

artefacts, especially those which are temporally varying as a consequence of motion, can lead to the 

erroneous implementation of motion management strategies in MRgRT (5, 6). The overall effect of spatial 

distortions in MRI has been studied both for known geometries (28, 29) and unknown structures (30). 

Stanescu and Jaffray specifically investigated the 4D composite MR image distortion field associated with 

tumor motion in MRgRT (31). They concluded that system-related distortions, due to static field 

inhomogeneities and gradient nonlinearities, are the dominant component, while susceptibility-induced 

effects are minimal for high read-out gradients, as typically applied in dynamic MR imaging.

In this work, we describe the development of a 4D computational MRI phantom that includes the simulation 

of spatial distortions effects, to be used for the evaluation of MR-based motion management in MRgRT. 

Experimental measurements in a custom-made distortion phantom are reported, providing the quantification 

of system-related distortions, namely inhomogeneities and gradient nonlinearities. These measurements B0 

are processed to derive a spatial distortion model, as complemented by numerical simulation of susceptibility 

effects (32). The developed methodology is tested on two specific 2D pulse sequences: the spoiled gradient-

echo (sGRE) and the balanced steady-state free-precession (bSSFP). We show that the derived model can 

provide a realistic simulation that includes spatial distortion effects, and that those effects can be separated 

into individual contributions.
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2. Materials and Methods 

We quantified spatial distortions relying on MR measurements of a custom-made distortion phantom, as 

detailed in the flowchart depicted in Figure 1. Spatial distortions were quantified by image registration of 

acquired MR images with a virtual digital model of the phantom. MR images were acquired with different 

polarities of the gradients, in order to separate gradient-based contributions from spatial distortions due to 

static field inhomogeneities and susceptibility. Susceptibility-induced effects were simulated on the CoMBAT 

phantom reference anatomy, as detailed in Kroll et al. (32). Distortions due to susceptibility were calculated 

by solving Maxwell’s equation in the CoMBAT reference anatomy, relying on tabulated values for the volume 

susceptibility of different tissues (32). The combined and separated spatial distortion components were finally 

integrated into the CoMBAT phantom (22), thus providing a complete simulation framework to analyze MRI 

distortion effects in MRgRT. 

FIGURE 1

2.1. Phantom construction and quality assessment

For spatial distortion assessment, a four-modular phantom made from polymethylmethacrylat (PMMA) with 

outer dimensions of (369 × 300 × 500) mm3 was designed, as shown in Figure 2. Each of the four modules 

hosts five distortion grids with distinct geometrical structures (possible landmarks) at each grid intersection, 

making 3520 landmarks in total. The modules can be filled with water or a contrast agent solution to provide 

the required MR signal. The phantom was placed on a 112 mm high PMMA table in order to guarantee a flat 

and stable support in the MR scanner, which could be hardly achieved with conventional supports. As 

additional benefits, the PMMA table allowed us to mimic the vertical patient offset during radiation 

treatment due to immobilization devices, and define very precise boundary conditions when considering 

susceptibility-induced effects.

FIGURE 2

Along with the physical phantom, a virtual matrix model of the distortion phantom was created according to 

the construction plan, relying on Matlab (The MathWorks, Inc., Natick, MA). The virtual model was used for 

image registration purposes, allowing a comparison of the acquired images with the ideal phantom geometry.
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After construction, the geometric accuracy of the phantom was determined using a combination of three 

methods:

 A laser tracking system (Hybrid Polaris Spectra, Northern Digital Inc., accuracy within ±0.2 mm) and 

caliper measurements (±0.05 mm precision) were used to quantify the grid spacing and to check the 

correct size of each component.    

 The PMMA plate flatness was measured relying on a laser triangulation system. An optical non-

contact displacement transducer with blue light option from micro-epsilon (model με optoNCDT ILD 

2300-2BL) was used for measurements, providing an accuracy of ≈6 μm over the entire surface.

 CT images were acquired with a CT scanner (Aquilon LB, Canon Medical Systems, Japan), with the 

standard protocol for abdominal imaging at a resolution of (1.074 × 1.074 × 1) mm3. They were used 

to evaluate the combined error of the deformations caused by phantom imperfections and image 

registration errors. For this latter purpose, a registration of the CT images with a virtual model of the 

phantom was performed as described in section 2.3. The landmark position at the grid intersections 

were determined by convolving the 3D CT image with a 3D matrix representing one grid intersection. 

From the convolution result, the regions of highest signal (maximum overlap) were used to calculate 

the position of the landmarks. Then the distance between the landmarks on the grid intersections of 

the virtual phantom, warped with the registration results (see section 2.3), and the landmarks as 

determined in the CT images was quantified. As described later, the root mean square deviation 

(RMSD) of the determined distances was taken as an error in the MR image analysis.

The phantom was filled with distilled water for measurements inside the MR scanner. In order to remove air 

bubbles, which formed when filling the phantom due to turbulence and the electrostatic characteristics of the 

PMMA, an air removal procedure was developed (Figure 3). Specifically, the phantom is filled with water 

leaving a few millimeters unfilled. Then the phantom is positioned in a vacuum chamber as shown in Figure 3, 

leaving the filling openings unplugged and the vacuum chamber closed subsequently. The pressure is 

decreased to approximately (39 − 45) mbar, while avoiding to approach the vapor pressure curve too closely. 

The phantom is left within the vacuum chamber at decreased pressure for about 15 min and then slowly re-

accommodated to atmospheric pressure. Now the phantom can be filled completely with water, using water 

which has undergone the same procedure as the phantom. The phantom is left standing open for a couple of 

hours in order to allow regaining of equilibrium conditions, including the resaturation of the water with 

oxygen. Then the phantom openings are closed.A
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FIGURE 3

2.2. MR data acquisition

MR images of the static distortion phantom on the 112 mm high PMMA table were acquired using a 1.5 T 

scanner (Magnetom Aera, Siemens Healthineers, Erlangen, Germany) with a 70 cm bore and a high-

performance gradient system (45 mT/m, 200 T/m/s). Two 2D pulse sequences were chosen, which are 

commonly used for capturing the breathing motion dynamics (5): the spoiled gradient-echo (sGRE) and the 

balanced steady-state free-precession (bSSFP) sequence. The sequence parameters are summarized in Table 

1. For each sequence, two image sets were acquired by changing the gradient polarity in the frequency-

encoding x- and phase-encoding y-direction between both runs. The polarity of the slice-selection gradient 

and all other parameters were left unchanged. The distortion correction for gradient non-linearities provided 

by the vendor was applied to both sequences, in order to acquire images with distortion levels that could be 

realistically expected during clinical practice. Our measurements were therefore focused on residual 

distortions, following distortion correction. The distortion correction methods available on the scanner 

console were applied: 2D for bSSFP and 3D for sGRE. 

TABLE 1

2.3. Image registration

CT and MR images were registered with a virtual matrix model of the used distortion phantom in a two-step 

process, involving rigid image alignment followed by a deformable registration procedure. In a first step, 

purely translational and rotational misalignment between the image and the virtual phantom was removed in 

a rigid registration procedure (6 DOF) using 3D Slicer (version 4.8.0) (33) with the default metric settings. In a 

subsequent step, a deformation matrix was extracted relying on a deformable image registration (DIR) 

procedure. Depending on the image contrast, noise level, and artefacts, the metric was chosen. For the CT 

images, a B-spline interpolation with a mean square error metric (mse) by Plastimatch (34) was used. In the 

case of sGRE images, the B-spline interpolation of Plastimatch was applied with the mutual information 

metric (mattes), whereas REGGUI (35) was used for the bSSFP images with the Morphons algorithm and A
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default parameters. The deformation field was evaluated to gain information on: (i) the phantom 

construction inaccuracies and the error in the registration process in case of the CT images, (ii) the image 

deformations in case of the MR images.  

2.4. Reversed gradient method

In order to separate the different spatial distortion contributions in the MR image, the reversed gradient 

method (36) was applied. As Bakker et al did not account for susceptibility effects, the corresponding term 

was added to the used algorithm (37, 38).

The deformation fields of two images with identical parameters, except for the gradient polarity, are used. 

The change of gradient polarity leads to a sign change of the deformations caused by static  B0

inhomogeneities and susceptibility effects in the frequency-encoding x-direction, while the gradient-induced 

distortions remain unchanged. Therefore for a 2D sequence with frequency encoding in the x-direction and 

phase encoding in the y-direction, the reallocation of an object at position (x,y,z) to position (  is 𝑥′ ± ,𝑦′ ± ,𝑧′ ± )

given by:

 (frequency-encoding direction, gradient reversal)𝑥′ ± = 𝑥 +
𝑑𝐵𝐺𝑥(𝑥,𝑦,𝑧)

𝐺𝑥
±

𝑑𝐵0(𝑥,𝑦,𝑧)
𝐺𝑥

±
𝑑𝐵𝜒(𝑥,𝑦,𝑧)

𝐺𝑥 (1)

(phase-encoding direction, gradient reversal)𝑦′ ± = 𝑦 +
𝑑𝐵𝐺𝑦(𝑥,𝑦,𝑧)

𝐺𝑦
                                            

(2)

 (slice-selection direction, no gradient reversal)𝑧′ ± = 𝑧 +
𝑑𝐵𝐺𝑧(𝑥,𝑦,𝑧)

𝐺𝑧
+

𝑑𝐵0(𝑥,𝑦,𝑧)
𝐺𝑧

+
𝑑𝐵𝜒(𝑥,𝑦,𝑧)

𝐺𝑧
(3)

where  is the (imaging) gradient in direction i with i ,  are the magnetic field changes 𝐺𝑖 ∈  {𝑥,𝑦,𝑧} dB0(x,y,z)

caused by static  inhomogeneities,  the field changes caused by gradient nonlinearities, and B0 d𝐵𝐺𝑖(𝑥,𝑦,𝑧) d𝐵𝜒

 the field changes caused by susceptibility effects. Addition and subtraction of the deformation fields (𝑥,𝑦,𝑧)

allows separating the gradient-induced deformations from the  and susceptibility-induced effects in the x-𝐵0

direction. The above formulas have been developed for uncorrected MR images, but were applied to A
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distortion-corrected images in this work: the validity of this assumption is discussed later in the text (section 

4.4).

 

2.5. Analysis of spatial distortion

As the MR images were heavily distorted in the outer image regions, the analysis was restricted to a smaller 

volume containing the two central modules. In addition, the volume was selected individually for the two 

analyzed sequences, depending on the visibility of phantom landmarks: the extent of such a volume is 

represented in Figure 6. The total distortion in each direction, as well as the specific contributions calculated 

with the reversed gradient method (see section 2.4) were statistically compared in the area intersecting the 

volumes defined for the bSSFP and sGRE sequences (Figure 6). The spatial distortion was compared at the 

landmarks defined in the spatial distortion phantom, for a total of 1460 landmarks over 10 axial slices. The 

distortion in the two sequences was compared statistically relying on the Wilcoxon text for matched pairs, 

considering either the overall set of landmarks, or the single axial slice individually. A confidence of 99% was 

applied in the evaluation of the statistical analysis.

2.6. Implementation in the CoMBAT phantom

The image deformations due to -inhomogeneities, gradient nonlinearities and susceptibility effects were 𝐵0

implemented in CoMBAT by warping the MR images with the corresponding deformation fields. The original 

CoMBAT tool (22) simulates the MR image acquisition using a 4D anthropomorphic thorax phantom (24). For 

this purpose, the digital phantom, described by the matrix , is translated into k-space according to:𝑂(𝑥,𝑡)

𝑂(𝑘,𝑡) =
𝑁,𝑆

∑
𝑖 = 1

𝑅 [𝐹 𝑆(𝑁𝑐𝑜𝑖𝑙)𝐶(𝑇𝐸, 𝑇𝑅,𝛼) 𝑇(𝑇1,𝑇2,𝜌)𝑂(𝑥,𝑡) + 𝑛(𝑘,𝑡)] (4)

In the above equation, starting from the digital time-space domain phantom O( , t), MR parameters for the 𝑥

tissue dependent relaxation times and proton densities are defined by T( , ). Different relaxation times 𝑇1, 𝑇2 𝜌A
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and proton densities are simulated according to the corresponding and  characteristics, which are 𝑇1, 𝑇2 𝜌

assumed to be known for each tissue (i.e. at each spatial location). The MRI signal sequences are then 

described by the operator C( , ). The MR signal is recorded by the individual readout coils: to simulate 𝑇𝐸, 𝑇𝑅 𝛼

these steps, the signal is multiplied by the spatially-varying sensitivities of these respective coils given by S(

) and then the recorded signal is Fourier transformed using F. A Gaussian noise contribution n( , t) is 𝑁coils 𝑘

added to the recorded signal after the total signal is transformed into the k-space domain (39). In the final 

step, the sampling of the k-space is done by using the readout function R: the user can adjust the 

corresponding parameters to the sequence to be simulated (39). Then the actual images are reconstructed as 

the inverse Fourier transform of . An isotropic resolution of 1 mm3 voxel size was utilized for the 4D 𝑂(𝑘,𝑡)
volume reconstruction, and subsequently scaled to reproduce the image resolution used in the tested MR 

sequences (1.17 x 1.17 x 5 mm3, see Table 1).

By integrating spatial distortions within the CoMBAT phantom, the user can choose to investigate the image 

deformation due to static , gradient, and susceptibility effects, the sole contributions due to gradients B0

effects in x-direction or y-direction, the sole contributions due to static  and susceptibility effects in x-B0

direction or the susceptibility effects in the direction of the static magnetic field. To calculate the 

susceptibility-caused deformations, these were determined according to the procedure described in (32).

In order to demonstrate the use of the phantom to reproduce clinical data, patient-specific phantoms were 

generated, as described in (21). Two lung cancer cases were selected: P01 featuring 6.3 mm peak to peak 

tumor motion, 9.6 mm diaphragm motion and 2.4 mm chest-wall expansion. The second case (P02) exhibited 

8.1 mm tumor motion, 11.8 mm diaphragm motion and larger chest-wall expansion (9.6 mm). The tumor 

shape was segmented on the treatment planning 4D CT scan, relying on the exhale phase, whereas motion 

was estimated from the acquisition of cine-MR images at 300 ms frame rate (21). Clinical data were exploited 

to generate patient-specific phantom images, i.e. reproducing the exact tumor shape and the measured 

motion amplitudes. Finally, the patient-specific phantoms were warped with the vector field reproducing all 

spatial distortion effects, and then reconstructed at variable signal to noise ratio (SNR).
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3. Results

3.1. Phantom quality assessment

The quality assessment of the phantom grids revealed a manufacturing accuracy  mm in plane and ≤ 0.2

values below 0.5 mm in depth, which includes thickness variations and bending effects for the single grid 

units. These values were in accordance with the commonly reported accuracies of commercial phantoms, 

listed to be below 1 mm. 

The RMSD of the phantom landmarks in the CT image and the virtual model after registration was found to be 

1.00 mm for a registration based on the two central phantom modules at an image resolution of  (

 mm3. The RMSD encompasses both the geometrical inaccuracy of the phantom and the 1.074 × 1.074 × 1)

registration inaccuracies. As such error estimate corresponded to the intrinsic image resolution (i.e. the 

smallest detectable distance), we assumed 1 voxel error bar in the following MR image analysis. The 

calculated RMSD value was therefore scaled according to the image resolution of the generated MR images 

(1.2 x 1.2 x 5 mm3) and used as an error measure for the following registrations. This led to a direction-

dependent error with smaller values for the in plane x- and y-directions and larger errors for the slice 

selection direction (z-direction). 

3.2. Deformation fields of MR images

The image deformations and signal losses in the volume of the first and last static phantom module were so 

severe that the corresponding image slices were classified to be unsuitable for MRI-guided radiation therapy. 

The MR images discussed in the following sections are restricted to the volume of the two central phantom 

modules, covering a field of view of (345 × 260 × 230) mm3 (Figure 4). This matches the volume typically 

acquired for MR-guidance. An increased artefact level and signal loss in the upper right and left corner of the 

images were found here as well, corresponding to the areas at the extreme outer regions of the MRI scanner 

bore. We therefore considered a smaller region of interest and cut out the areas of higher artefact level and 

signal loss (Figure 4). The bSSFP sequence exhibited larger portions of the image showing significant 

degradation, resulting in a smaller region where residual deformations could be quantified. This resulted in a 

total number of visible landmarks of the spatial distortion phantom equal to 1460 (146 per grid) for sGRE and 

1620 (162 per grid) for bSSFP. In the corresponding areas of interest the maximum total 3D deformation for 

the sGRE and bSSFP sequence were 6.5 mm and 10.1 mm, the mean and standard deviation were determined A
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to be (2.6 0.6) mm and (4.0 2.0) mm. The distribution of the Jacobian determinants of the deformation ± ±

vector fields resulted in all positive defined values, with maxima at 1.3 for sGRE and 1.8 for bSSFP.

FIGURE 4

The analysis of the deformation fields from the deformable image registration are shown in Figure 5. Thanks 

to the gradient reversal in the x-direction, contributions could be partially separated using the reversed 

gradient approach, as shown in the upper and central panels for the sGRE and the bSSFP sequence, displaying 

the  and susceptibility effects separated from the gradient effects and vice versa. The last panel shows the 𝐵0

deformations in the z-direction. The errors for the upper and central graphs were determined using the errors 

calculated in the CT image analysis and scaled to the MR image voxel size. The errors in the lower panel are 

the differences in the deformation level between the conventional and reversed gradient acquisition. The 

statistical analysis in the overlap region (Wilcoxon text for matched pairs) showed a statistical significant 

difference for the deformation contributions in the x and y-direction but not in the z-direction (p-value = 

0.76). When the analysis was repeated for each single slice individually, results show that deformations in the 

z-direction are not significantly different in the center of the FOV (grid #10, central region in Figure 5, bottom 

panels), but indeed statistically different in the other slices.

FIGURE 5

3.3. Implementation in the CoMBAT phantom

The results of the distortion implementation in the CoMBAT phantom are visualized in Figure 6. Regions of 

the thorax phantom not included in the ROI represented in Figure 6 were cropped to prevent 

misrepresentation of the distortion levels in outer regions. Areas of agreement between both matrices are 

shown in grayscale, while distortion-caused discrepancies are highlighted in green and purple. Within the 

areas of discrepancy, the green highlighted areas are used to represent the original thorax model, the purple 

areas the distorted model. Colored areas at the outer edges are due to the selected region of interest, which 

discards areas with poor signal and increased artefact level, as detailed in the methods section. The outline of 

the mask used for the cropping is shown in red for both the sGRE and bSSFP deformation simulations.

FIGURE 6A
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Table 2 lists the RMS deformation values encountered in the area of the thoracic diaphragm for the sGRE and 

bSSFP sequence originating from the application of the spatial distortion model. The sum of all experimentally 

determined deformations is listed, as well as the contribution of the gradient or  and susceptibility effects 𝐵0𝑥

in x-direction. Additionally the simulated susceptibility-caused deformations in z-direction are shown for a 

gradient strength of   and of   for the sGRE and bSSFP sequence, respectively.   9
mT
m 17

mT
m

TABLE 2

Figure 7 shows the simulated patient-specific phantoms including spatial distortion effects, where changes in 

image quality due to the selected SNR level can be appreciated.

FIGURE 7

4. Discussion

Based on MR image analysis and numerical simulations, all major contributions to MR image distortions – B0 

inhomogeneities, gradient and susceptibility effects – were characterized. This provided the required 

quantifications to include a spatial distortion model in the CoMBAT phantom, which is the first computational 

phantom for MRgRT to model MR image distortions.

4.1. Phantom construction and quality assessment

Spatial distortion measurements were carried out relying on a custom-developed geometrical phantom. The 

phantom design included 4 modules that can be used as single units or assembled in a large structure 

depending on the available field of view. Preliminary measurements on single grid units revealed a 

manufacturing accuracy within 0.2 mm in plane and 0.5 mm in depth, including possible thickness variations 

and bending effects. Such an accuracy is compatible with the spatial resolution commonly used in CT and MR 

imaging, where the pixel spacing is around 1 mm and the slice thickness is in the order of 1-5 mm (for 2D MRI 

acquisitions). The CT analysis essentially confirmed the reliability of the custom phantom, also when A
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considering the intrinsic uncertainties in registering the CT/MR image to the virtual phantom model. The 

comparison of the convolved landmarks and the warped landmarks in the CT image registration step yielded a 

RMSD of 1.0 mm. This error was scaled according to the MR image voxel size lengths, assuming a 1 voxel error 

in the worst-case scenario: this resulted in a 1.2 mm error in the x- and y-direction. Since the deformation 

patterns in the z-direction were identical for the conventional and the reversed gradient image, the pointwise 

differences between the deformations were used as an error along z. It is worth stressing that errors in the z-

direction were severely affected by the lower resolution (5-mm slice thickness) and by the selected distortion 

correction algorithm (2D vs. 3D), as discussed later.

The magnitude of spatial distortions due to the use of the geometrical phantom for measurements was 

specifically evaluated, relying on the same susceptibility simulation algorithm used for the CoMBAT phantom 

(32). A simulation was run at 1.5 T considering the presence of the PMMA phantom on the table support, 

including a thin layer of silica glue that was used to close the upper side of each phantom unit. Results show 

that average susceptibility-induced variations in the static magnetic field are in the micro-Tesla range, with 

corresponding deformations of -0.1±0.3 mm in the z-direction at the minimum gradient strength of 9 mT/m, 

corresponding to the sGRE sequence. Such deformations caused by susceptibility of the PMMA distortion 

phantom can be therefore considered negligible: they were ignored when separating the contribution of the 

CoMBAT phantom susceptibility and the effects due to the inhomogeneities of the static magnetic field.

4.2. Deformation fields of MR images

A conventional wide-bore 1.5 T MRI scanner was used for the determination of spatial distortions in MRgRT. 

The 1.5 T scanner served as a model for MR-linac systems in MRgRT, which have static magnetic field 

strengths between 0.35 T and 1.5 T (4). As high-speed image acquisition is a key requirement in extra-cranial 

sites, where breathing motion is predominant, two fast sequences (sGRE and bSSFP sequence) were chosen 

for image acquisition. A comparison of both images showed that the sGRE image, although showing a higher 

contrast, was much noisier than the bSSFP image. In order to improve the image quality for the image 

registration, the average of four acquisition was taken for each slice (Table 1). This corresponds to an 

increased image acquisition time and makes our specific implementation of the sGRE sequence less suitable A
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for radiation treatment than the bSSFP sequence, if structures with relaxation times similar to those of the 

phantom are imaged.

The quality of the registration between the acquired MR images and the virtual phantom was checked 

visually, following the quantitative validation performed on CT at 1 mm slice thickness. No major 

discrepancies were noticed in the MR image registration, despite the intrinsic coarser resolution in the z-

direction (5 mm). The virtual phantom was rescaled accordingly to facilitate the registration process, and the 

implemented regularization options provided a sufficiently smooth deformation field to quantify distortion. 

The deformation behavior of the sGRE and bSSFP images is shown in Figure 5. As mentioned earlier, all plots 

in the upper and central panels show error bars which are overestimating the actual error, since they were 

calculated for the three-dimensional vector, instead of the x-component alone. The reversed-gradient 

method applied in the x-direction confirmed that the deformations caused by gradient nonlinearities are 

more severe than those caused by static  and susceptibility differences, as already reported in the literature B0

(31). The gradient-caused deformations reached values up to 3 mm, whereas the  and susceptibility effects B0

for the phantom mainly stayed below 1 mm.

In the slice-selection direction with a slice thickness of 5 mm, the deformation levels were largest, as was to 

be expected. Both the sGRE and the bSSFP image show a sign change of the deformations between grid 5 and 

6, which are the grids before and after the B0 isocenter. However the deformation magnitude and pattern 

differ substantially between both sequences. Maximum deformations of 3 mm at the outermost grids were 

registered for the sGRE sequence, whereas the bSSFP sequence reaches the 10 mm boundary. Additionally, 

the bSSFP sequence also exhibits a variable deformation pattern within each grid, with larger values for 

landmarks located at the borders of the grid. Additionally, it is know that the 2D distortion correction does 

not correct the distortions in z-direction (40). Since the 3D distortion correction was not available for the 

bSSFP sequence, this significantly contributed to the higher deformation levels compared to the sGRE 

sequence. 

The performed statistical analysis confirmed that the spatial distortion measured for the two sequences is 

different in x- and y-direction, when checking the magnitude at corresponding locations within the distortion 

phantom. Although the difference was statistically significant, it should be noticed that the difference in the 

two sequences is on average within the expected error range in the analysis, i.e. below the voxel resolution 

(Figure 5, upper and central panels). The analysis along z was strongly affected by the larger deformation A
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values and the symmetric behavior when moving away from the center of the FOV (Figure 5, lower panels). 

This resulted in a non statistically significant difference overall, when considering all landmarks altogether. 

However, when analyzing the specific difference at variable z-location (individual grids), the distortion 

patterns for grids located away from the center of the FOV were proven to be different.

Since a study with absolutely identical imaging parameters could not be found in the literature, a comparison 

to literature values with best matching parameters is made here for completeness. In our measurements the 

maximum radial distance from the isocenter was around 255 mm. The range of our in-plane deformations is 

smaller than the deformation range of 0.00– 4.62 mm reported for a spin echo sequence at a radial distance 

of 250 mm elsewhere for a 1.5 T system (29), which, however, was not corrected for distortion. 

4.3. Implementation in the CoMBAT phantom

The quantified deformations were embedded into the CoMBAT phantom, aiming at the availability of an 

anthropomorphic computational 4D CT/MRI phantom where MR-induced deformations can be modelled, and 

its effects quantified in dosimetric studies. The measured spatial distortion fields, considered as a whole or 

separated into distinct contributions, were included in the CoMBAT phantom, by deforming the ideal 

anatomy in the image space accordingly (Figure 6). Such an approach was motivated by the intrinsic features 

of the CoMBAT phantom, where anatomical changes due to breathing are defined in the image space, at 

adjustable spatial and temporal resolution. The vector field representing MR spatial distortion is fixed in 

absolute coordinates, but its application varies according to anatomical motion in the 4D MRI. Also, the 

specific contribution due to tissue susceptibility changes, as this is simulated according to each of the 

breathing phases in the 4D MRI. As a result, the decomposition of deformation effects does vary in the 4D 

dataset. 

Table 2 lists the RMS distortion values discovered in the region of the thoracic diaphragm. Consistently with 

overall results in the area of interest (Figure 5), the corresponding deformation was significantly larger in z-

direction (2.4 mm RMS for sGRE vs. less than 1 mm in x and y). In a similar fashion, the deformation in the 

diaphragm region was highly influenced by the implemented distortion correction method (3D vs. 2D), with 

an increase up to 5.3 mm RMS for the bSSFP sequence. As shown for comparison in Table 2, the contribution 

of the CoMBAT phantom susceptibility in z-direction was almost a factor of 2 higher for the sGRE sequence A
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(0.9 mm vs. 0.5 mm for bSSFP), in reason of the smaller slice selection gradient (   vs.  ).  The 9
mT
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susceptibility effects were attributable almost exclusively to the diamagnetic tissues, leading to a decrease of 

the overall magnetic field and a negative bias (32). Overall, the implementation of the deformations into the 

CoMBAT phantom showed that deformations levels at the thoracic diaphragm can reach values up to 5 mm in 

fast MR sequences lacking 3D distortion correction. These effects can be effectively minimized by changing 

the MRI acquisition plane from axial to either sagittal or coronal, where the main motion direction (superior-

inferior) can be sampled at better resolution and reduced distortion levels. Such a technique is the current 

approach for motion management in MRgRT, which relies on respiratory gating triggered by a 2D cine-MR 

image (41). In order to derive quantitative 3D information for MRgRT, the acquisition of interleaved 

orthogonal (sagittal/coronal) cine-MRI slices intersecting the target has been also proposed (42, 43), with 

recent development toward simultaneous acquisition (44).

The developed phantom can be also adapted to reproduce measured clinical data, thus providing more 

detailed simulations on a case by case basis. We have shown that the phantom can be adjusted to embed any 

measured tumor shape, and to reproduce the motion detected in clinical scans, i.e. from 2D cine-MRI (21). As 

the SNR of the reconstructed image can be adjusted in the reconstruction process, patient-specific phantoms 

can also be tuned to reproduce specific noise levels, as measured in clinical MR images. The intrinsic 

advantage of the phantom is that high quality co-registered images can be generated, thus allowing the 

possibility to investigate the sensitivity of motion management strategies to image quality.

4.4. Intended use of the phantom

The inclusion of MRI spatial distortion in the CoMBAT phantom provides a simulation environment where the 

effect of distortion can be analyzed in a realistic anatomical representation and where time-resolved ground 

truth volumes are present. The proposed computational phantom is therefore put forward for imaging 

simulations in extra-cranial MR-guided radiotherapy, where several options exist to obtain respiratory 

correlated (4D) or time-resolved imaging. These include both images mostly useful in treatment planning (4D 

MRI) and time-resolved MR images to be acquired for online guidance (6,22,23), where spatial distortions 

could affect motion quantification (5). Moreover, as the computational phantom includes ideally segmented 

anatomy, with perfect separation in different tissues (including smallest details such as lung vessels), the A
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simulation can effectively account for susceptibility effects. This can be hardly achieved in real patient data, 

where segmentation is time consuming, with inter/intra-observer variability and intrinsically subject to partial 

volume effects. The CoMBAT phantom could therefore allow dedicated in-silico studies with an accurate 

segmentation level, and thus provide further insights on optimal strategies to achieve motion compensation 

in extra-cranial MR-guided radiotherapy. As co-registered CT images are provided, the phantom can also 

serve as an experimental platform to perform dosimetric studies, independently of registration errors.

The quantification of spatial distortion for imaging sequences used in MR-guided radiotherapy may turn out 

to be useful also outside the envisioned computational phantom environment. Although susceptibility effects 

can be hardly simulated in clinical data using the proposed approach, system-related distortions (namely 

static magnetic field inhomogeneities and gradient effects) can be effectively accounted for. This is of 

particular interest for MRI-only radiotherapy (1), where the treatment planning CT is replaced by synthetic 

images generated from the clinical MR scans (45, 46). In this case, knowledge of the residual distortion in 

treatment planning images may be beneficial to analyze potential detrimental effects due to systematic 

uncertainties in the anatomical description. 

As a general requirement, the distortion model is meant to represent an up-to-date situation in MR-guided 

radiotherapy. It has been shown recently that the behavior of gradient nonlinearities in a low field MR-linac 

can change substantially after major repair and re-shimming (47), which would require an update of the 

distortion model before it can be effectively used. Check of spatial distortions in MR-guided radiotherapy is 

an integral part for system commissioning and quality assurance (48-50). Therefore, spatial distortion models 

could be checked and updated frequently, counting on the availability of repeated measurements during 

clinical use of MR-guided systems. In case deviations are highlighted during quality assurance, the distortion 

model should be updated to account for the measured changes. The in-house developed distortion phantom 

has been proven to provide sufficient accuracy for such repeated checks.

4.5. Limitations and validity of reported results

In this study, we presented data acquisition and analysis procedures aiming at the quantification and 

modeling of spatial distortions, where individual contributions are separated. Major effects were considered, A
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namely static field inhomogeneities, gradient non linearities and tissue susceptibility effects. Inhomogeneities 

of the radio-frequency field, as well as the use of different coils, have not been specifically considered, 

although the CoMBAT phantom can potentially model the spatial profile of radio-frequency coils sensitivity, 

thus providing the methodological tool to address such effects. Also, potential errors due to eddy currents 

and rapidly changing gradients were not considered, although these might induce significant image artifacts 

(51). Likewise, the influence of specific immobilization devices has not been considered, as this would require 

modeling of the specific material properties in terms of magnetic susceptibility.

Spatial distortions were modeled as a deformation vector field, to be applied to the synthetic images 

generated by the CoMBAT phantom. The vector field was calculated relying on DIR, as an alternative to 

selecting and matching corresponding phantom landmarks. Such a choice provided an automated procedure 

to avoid time consuming landmark detection, that would have been necessary considering the non-uniform 

intensities across the acquired MR images. The chosen DIR implementation via regularized B-spline and 

Morphons algorithms ensured sufficient regularity in the calculated vector field, as confirmed by the Jacobian 

determinant quantification (52). On the other hand, the DIR-based approach required the verification of 

landmark matching via visual inspection, due to the challenges in implementing an automated procedure. As 

suggested in a recent review work, a case specific evaluation for the verification of DIR performance is always 

recommended, with quantitative measures to be favored over qualitative checks (53).

Distortions were applied via the calculated vector fields to each of the breathing phases following 4D image 

reconstruction. The main limitation of this approach is that motion of spins during MR image acquisition is not 

specifically modeled, under the assumption that local distortion values are constant during acquisition. 

Considering the 300-500 ms acquisition time of a single 2D slice in the tested sequences, the assumption is 

indeed valid around end-expiration, where the breathing dynamics is expected to be slower. Conversely, 

more significant effects can be expected around inspiration, where the generated phantom images may fail to 

account for motion blur artefacts. The spatial distortions model developed in this work could be also used in 

alternative phantom formulations where Bloch equations are used, as a way to define motion during MR 

acquisition of a given voxel sample. This would provide a way to account for motion during acquisition, as the 

effect is expected to be dependent on motion magnitude, which is different at distinct voxel location.

Our current work focused on the simulation of 2D MR image acquisition, by selecting the sGRE and bSSFP 

sequences that are currently modeled in the CoMBAT phantom (22). The clinical use of 2D sequences is well A
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established for motion management in MRI guided radiotherapy, especially for 2D bSSFP (54-56). The use of 

3D sequences for guidance is currently limited to static 3D sGRE, 3D bSSFP (57) and 3D T1 weighted FFE (Fast 

Field Echo) (58). The spatial distortion model presented in this work can therefore be used to analyze 

distortion in 2D cine imaging for guidance and in 4D MRI images reconstructed via slice stacking. There is 

indeed and increasing interest toward 3D sequences with non-Cartesian k-space sampling (5, 6), aiming at 

reduced artefacts in 4D MRI reconstruction. Although those sequences are not modeled in the current 

CoMBAT implementation, this can be extended as future work, as facilitated by the intrinsic isotropic 

phantom resolution (1 x 1 x 1 mm3).

The analysis was limited to axial slices, with effective separation of static field inhomogeneities, gradient, and 

susceptibility-related effects feasible only in the x-direction. The choice of the axial orientation is justified by 

the intrinsic features of MR-linac design, that determines higher uncertainties in the magnetic field 

homogeneities (59). In further studies, the analysis could be repeated by switching the phase and frequency-

encoding directions, to achieve the separation of different contributions in the axial plane, and by changing 

the gradient polarity also along z. As discussed previously, MR image acquisition can be extended to other 

anatomical orientations, with a further possibility to implement 3D acquisition modalities where two phase-

encoding directions are used for k-space sampling. As combinations are manifold, an extensive analysis is 

hardly applicable, although the methods shown here can be used for arbitrary orientation modalities and 

with alternative MR sequences as well. The custom-developed distortion phantom was designed so that 

modules can be arranged in any orientation, thus providing a useful phantom to test the three main 

anatomical orientations (i.e. axial, sagittal, and coronal). The limitation in this case is given by the intrinsic 

phantom accuracy in the direction orthogonal to the laser-cut grids, which is lower than in the grid plane. 

Also, oblique planes could be hardly tested, and they would require a rotational symmetric arrangement of 

grid points, that cannot be achieved with the current phantom.

A key component in separating the different contributions of spatial distortions is the reversed-gradient 

method which was applied to MR images after the vendor-supplied distortion correction was used. This was 

motivated by the assumption that the distortion correction would always be applied in MRgRT clinical 

practice to guarantee maximum geometrical accuracy. A deformation evaluation without the distortion 

correction would thus exaggerate the quantified deformation levels. It should be noted that distortion 

correction methods implemented in commercial MRI scanners typically correct for local changes in the A
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magnetic field strength, relying on device-specific information to map the combined effects of B0 

inhomogeneities and gradient nonlinearities (40). It has been shown that these effects are mostly dependent 

on the position inside the scanner field of view, with larger impact at the border. It is fair to assume that the 

applied corrections are symmetric with respect to gradient polarity, as corrections are meant to compensate 

for the local field inaccuracies. We therefore believe that this does not hinder application of the reversed-

gradient method to distortion-corrected images. As the gradient-induced distortions patterns agree nicely 

with the expectations, with larger effects toward the borders of the field of view, we considered this 

assumption to be confirmed.

5. Conclusion

In this work, we performed a detailed spatial deformation analysis consisting of experimental values for a 

conventional 1.5 T MRI scanner, complemented by numerical simulations. We were able to derive a 

quantitative model of spatial distortions, and to integrate it for the first time into a computational 4D 

anthropomorphic MRI phantom to be used in simulations studies. Pronounced differences in the deformation 

levels between two different pulse sequences showed that sequences have to be modeled individually, as not 

only the used gradient strengths but also the switching scheme and available distortion correction algorithms 

have major effects on the deformation patterns and magnitude. Future work will extend the modeled MR 

imaging sequences to consider variable slice orientation and different field strengths. The methodological 

tools developed in this work will therefore provide the ability to analyze advanced k-space sampling methods 

in time-resolved MR-guided radiotherapy.
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Figure legends

Figure 1. Diagram visualizing the workflow for the measurement and integration of spatial distortions in the 

CoMBAT phantom. On the left side, specific contributions from the current work are highlighted: 

parallelograms represent data, rectangles with thick lines are implemented procedures, and ovals represent 

output of such procedures. The susceptibility simulation algorithm reported in (32) provided the susceptibility 

distortion simulation in the CoMBAT phantom (thick arrow, right side) and the quantification of susceptibility 

effects in the physical distortion phantom (dashed arrows, right side) aiming at the separation of B0 

inhomogeneities distortion effects.

Figure 2. Construction sketch of the used distortion phantom built out of PMMA. The phantom with outer 

dimensions of (369 × 300 × 500) mm3 consists of four individual modules which can be mutually aligned with 

the help of alignment nobs at arrow tips as shown on the left. Each module hosts five distortion grids with 

specified landmarks at grid intersections, as shown on the right. The distortions grids positioned in the 

phantom cover an area of (345 × 275) mm2 over 480 mm in the third direction For contrast enhancement, the 

modules can be filled with water or contrast agent solutions. 

Figure 3. Left panel: air bubbles in phantom. Right panel: setup for the air bubble removal developed for the 

phantoms, showing the vacuum chamber with the water filled phantom inside.

Figure 4. Axial (A, C) and coronal (B, D) slices of the spatial distortion phantom acquired with sGRE (upper 

panels) and bSSFP sequence (lower panels). The green point in all panels depicts the position of the imaging 

isocenter. The two central modules featured the lowest distortion levels, whereas the geometry in outer 

modules was significantly degraded, as clearly visible in panels B and D.

Figure 5. Results of the reversed-gradient approach for the bSSFP and sGRE and images with gradient polarity 

reversal in the frequency-encoding x-direction. The schematic in the lower left corner shows the four modules 

of the phantom, from which only the two central modules (grids 6 to 15 in dark gray) were used for the 

deformation analysis. The central and right panels show the residual deformation for grid points located in 

each grid, where red vertical lines separate the points within individual grids (sorted according to increasing Z, 

indicated by the red arrow “B” in the lower left panel). Within the grids, points are sorted column-wise 

according to their x-coordinate from left to right (indicated by the red arrows “A” in the lower left panel). 

Errors are overlaid in light blue. Errors for the and susceptibility-caused residual deformations in x-𝑩𝟎 A
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direction, and for gradient effects in x-direction are extrapolated from the CT image analysis. Errors for the 𝑩𝟎

, gradient and susceptibility residual deformations in the conventional and reversed gradient polarity image in 

z-direction (lower panels) are calculated as the difference. The upper left panel shows a zoom for the gradient 

effects in the 2 central grids for the bSSFP sequence, as indicated by the corresponding green box.

Figure 6. Overlay of original thorax phantom (green) and deformed thorax phantom (purple) using the 

deformation fields extracted from MR images: areas of agreement are shown in grayscale. The thorax 

phantoms are displayed using the same window, all differences in contrast are caused by the sequence used 

for image acquisition. Upper panels: sGRE sequence, lower panels: bSSFP sequence. Both sequences are 

shown at expiration (left hand side) and inspiration (right hand side). The dashed yellow line is shown to 

highlight motion of anatomical structures due to breathing (expiration vs. inspiration).

Figure 7. Coronal and sagittal cuts of the patient-specific phantoms P01 and P02, with the red cross centered 

in the tumor. For each of the two phantoms, images at exhale (left columns) and inhale (right columns) are 

shown at different SNR levels (20 vs. 2, in upper vs. lower panels).
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Table 1. Sequence parameters for the sGRE and bSSFP sequence used for the MR image acquisition of 

the phantom. 

Parameter 2D sGRE 2D bSSFP 

Repetition time 𝑇𝑅 (ms) 5.80 3.24 

Echo time 𝑇𝐸 (ms) 2.78 1.62 

Flip angle 8° 68° 

Receiver bandwidth (Hz/pixel) 295 590 

Matrix size (in-plane interpolated) 384 × 264 × 100 384 × 264 × 100 

Voxel size (mm³) 1.17 × 1.17 × 5.00  1.17 × 1.17 × 5.00 

Field of view (mm³) 450 × 309 × 500 450 × 309 × 500 

Slice orientation axial Axial 

Slice selection gradient (mT/m) 9 17 

Number of image averages 4 1 

Phase sampling (resolution) 0.65 0.65 

Acquisition time 4 × 0.4988 s/slice 0.3125 s/slice 

Distortion correction mode 3D 2D 

 

  

A
cc

ep
te

d 
A

rt
ic

le



 

This article is protected by copyright. All rights reserved 

Table 2. Summary of RMS deformation values in the region of the thoracic diaphragm, as found for the 

sGRE and bSSFP sequence in a 1.5 T scanner. The term “combined” in the effect column stands for 

considering all causes of distortion. The contribution of susceptibility in the z-direction is also shown for 

comparison.  

effect direction sGRE [mm] bSSFP [mm] 

combined  x 0.8 0.4 

combined y 1.0 0.5 

combined z 2.4 5.3 

𝐵0𝑥 and 𝜒𝑥 x 0.5 0.2 

gradient 𝐺𝑥  x 0.6 0.5 

𝜒𝑧,1.5 𝑇 z 0.9 0.5 
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