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Purpose: UTE sequences typically acquire data during the ramping up of the gradi-
ent fields, which makes UTE imaging prone to eddy current and system delay effects. 
The purpose of this work was to use a simple gradient impulse response function 
(GIRF) measurement to estimate the real readout gradient waveform and to demon-
strate that precise knowledge of the gradient waveform is important in the context of 
high-resolution UTE musculoskeletal imaging.
Methods: The GIRF was measured using the standard hardware of a 3 Tesla scanner 
and applied on 3D radial UTE data (TE: 0.14 ms). Experiments were performed on a 
phantom, in vivo on a healthy knee, and in vivo on patients with spine fractures. UTE 
images were reconstructed twice, first using the GIRF-corrected gradient waveforms 
and second using nominal-corrected waveforms, correcting for the low-pass filter 
characteristic of the gradient chain.
Results: Images reconstructed with the nominal-corrected gradient waveforms 
exhibited blurring and showed edge artifacts. The blurring and the edge artifacts 
were reduced when the GIRF-corrected gradient waveforms were used, as shown in 
single-UTE phantom scans and in vivo dual-UTE gradient-echo scans in the knee. 
Further, the importance of the GIRF-based correction was indicated in UTE images 
of the lumbar spine, where thin bone structures disappeared when the nominal cor-
rection was employed.
Conclusion: The presented GIRF-based trajectory correction method using standard 
scanner hardware can improve the quality of high-resolution UTE musculoskeletal 
imaging.
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1  |   INTRODUCTION

A variety of tissue components have short T2 relaxation 
times.1,2 In conventional MRI, short-T2 tissues appear as 
signal voids and are not directly visible.3 UTE imaging is 
an approach that allows the detection of such short-T2 sig-
nal components. UTE sequences have received increasing 
interest, especially in studies of the musculoskeletal (MSK) 
system, thanks to their ability to visualize short-T2 tissue 
components such as those within cartilage,4 knee menisci,5 
ligaments,6 tendons, cortical bone,7 and other similar exam-
ples.7-10 Many of the above MSK tissues are associated with 
thin structures and therefore require high-resolution imaging. 
For instance, cartilage in the knee measures between 2 and 
7 mm thick and has been shown to include short-T2 compo-
nents with T2 relaxation times in the order of 1 to 4 ms.11-13 
Separately, the mean thickness of cortical bone in the lumbar 
spine is found to be on the order of 0.3 mm, with short T2 
relaxation times of 0.1 to 1 ms.7,14-16

UTE imaging is usually implemented along non- 
Cartesian trajectories to achieve data acquisition at UTEs. 
Data are acquired as soon as possible after the RF excitation 
and during the ramping up of the readout gradient. Due to 
the high slew rate and the time-varying gradients, effects in-
cluding system delays, eddy currents, and the filter charac-
teristics of the entire gradient chain can significantly degrade 
UTE image quality.3,17 To obtain high-quality UTE images, a 
precise knowledge of the dynamic gradient fields, employed 
to perform the non-Cartesian spatial encoding, is required. 
Clinical scanners use preemphasis compensation and actively 
shielded gradients to minimize k-space trajectory deviations. 
However, the gradient waveform preemphasis is typically 
optimized for conventional clinical acquisition needs and for 
scanning with Cartesian sequences. The hardware preempha-
sis is calibrated to meet defined filter characteristics and is 
limited by a finite number of time constants to correct long-
term eddy currents,18 rendering them not perfect for correct-
ing short time-constant eddy currents.19,20

A number of different techniques for the characterization 
of non-Cartesian trajectories have been proposed, including 
methods that require calibration scans and measure the gra-
dient waveforms using either special NMR field probes21-23 
or the MRI scanner hardware.24-30 Other techniques aim 
to extract such supporting information for k-space trajec-
tory correction directly from the measured raw data with-
out any calibration scans.31,32 Once the gradient waveform 
is estimated, the corrected k-space trajectories are used for 
image reconstruction. Different approaches have been pre-
sented specifically in the context of UTE imaging, includ-
ing methods that measure the actual k-space trajectories 
immediately before each UTE measurement for a given set 
of scan parameters33-35 or that calibrate eddy current models 
individually to the scan parameters to obtain an appropriate 

correction for arbitrary UTE scan settings.17,36,37 Approaches 
that measure the actual k-space trajectories prior to each ac-
quisition lengthen the total scan time, whereas model-based 
approaches necessitate a model that accurately considers not 
only eddy current effects but also other system delays and 
potentially mechanical vibrations. To better capture the dif-
ferent factors affecting the final actual gradient waveforms 
and to remove unnecessary model assumptions, it has been 
shown that the gradient system can be comprehensively 
characterized by the gradient impulse response function 
(GIRF).24,38 Once the GIRF is estimated, arbitrary gradient 
waveforms, generated from any type of pulse sequence, can 
be corrected without any assumptions about the underlying 
mechanisms generating the gradient waveform deviations. 
GIRF measurements can be performed using either special 
NMR field probes21-23,38 or using the thin slice method in 
simple phantoms.24,30,39-41 It has been recently shown how 
gradient imperfections can impose spatially dependent ar-
tifacts in UTE images, which compromise the bone water 
quantification accuracy.42,43 However, to the best of the au-
thor’s knowledge, there has been no systematic investigation 
of the impact of gradient imperfection in high-resolution 
UTE MSK imaging.

The purpose of this work is to 1) propose a k-space tra-
jectory correction for UTE imaging based on GIRF measure-
ments using the thin slice method, which does not rely on 
additional hardware, and 2) apply the proposed correction 
method in high-resolution MSK UTE imaging. The proposed 
GIRF-based UTE trajectory correction method was first vali-
dated in a phantom and then was applied in vivo to study the 
influence of the trajectory correction, especially with regard 
to the high-frequency features in high-resolution UTE imag-
ing of MSK tissues.

2  |   METHODS

2.1  |  Measurement of the GIRF

The GIRF measurement was based on a method introduced 
by Rahmer et al40 and was simplified for the application in 
high-resolution UTE imaging. The following section summa-
rizes key concepts of the applied GIRF measurement: A com-
mon assumption in most techniques applied in gradient chain 
characterization is that the MRI gradient chain can be mod-
eled by a linear time-invariant system.19 Such a system can 
be described by the impulse response function h(t), which 
is equivalent to the time-domain response of the system to 
an idealized point impulse.44 Under the linear time-invariant 
system assumption, the gradient chain is thus described by 
the GIRF in the context of MRI. The convolution of the input 
gradient with the GIRF yields the real gradient as it is played 
out in the scanner bore.
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Equation (1) can be transformed to the frequency domain, 
resulting in

where H (�) is the gradient modulation transfer function 
(GMTF), which is the Fourier transform of the GIRF.40

To measure the behavior of the gradient system, Duyn 
et al30 introduced a method based on the excitation of a thin 
slice yielding the generation of a virtual 1D probe without 
needing any additional hardware (Figure 1A). The signal ob-
tained from this 1D test probe was then used to measure the 
response of a test gradient, applied along the direction of the 
slice selection gradient. The difference between the measured 
signal phase with gradients applied with positive and nega-
tive gradient polarity, respectively, yielded the linear response 
that is only related to the test gradient.39 In order to account 
for the spatial variation of the system response, several slices 
at different off-center locations were excited. Rahmer et al. 
added a phase encoding gradient in order to measure the 3D 
GIRF. They showed that looking at the 3D GIRF, one finds 
that second order components are negligible; thus, the 3D 

GIRF measurement could in principle be replaced by a 1D 
GIRF measurement without changing the outcome.

Therefore, in this work a simplified measurement method 
was applied that measures the signal from 4 slices per gradi-
ent axis to estimate the first order response. A second order 
polynomial was fitted per gradient axis to only improve the 
quality of the fit (Supporting Information Figure S3). The 
real gradient waveform was calculated using the first order 
component of the fitted phase.

The GIRF was measured in a spherical phantom (diame-
ter 166 mm, volume 2 liters) filled with CuSO4-doped water, 
resulting in a T1 ≈ 280 ms and a T2 ≈ 240 ms (values at 
3 Tesla [T]). An excitation pulse with length 1.6 ms, maxi-
mum amplitude of 5.45 μ Tesla, and a flip angle of 45º was 
used to excite a 1.5 mm thick slice. To establish a high spec-
tral density in the frequency range of interest for the GIRF 
measurements, a chirp waveform was played out as the input 
gradient with a frequency range of 0.1 to 10.0 kHz and an 
acquisition window of 80 ms, resulting in a frequency reso-
lution of 12.5 Hz (Figure 1B). The acquisition window was 
determined based on a compromise between high-frequency 
resolution and adequate signal for the phantom’s relaxation 
times. During the acquisition time, the gradient frequency in-
creased linearly. To avoid ringing in the frequency response, 
the time-domain gradient waveform was ramped down by 
the multiplication with a half-Gaussian.38 The measurement 

(1)greal (t)= ∫
+∞

−∞

h (t−�) ⋅ ginput (t).

(2)Greal (�) = H (�) ⋅ Ginput (�) ,

F I G U R E  1   Measurement of the GIRF: (A) Schematic diagram of the thin-slice method based on 4 slices per gradient direction. 1D 
information along the gradient direction is obtained by applying the slice encoding parallel to the measurement direction. (B) The applied chirp 
gradient waveform in the time domain (black) and the excitation RF pulse (red). The data acquisition window is indicated by the gray background 
color. (C,D) Measured spectra of the first-order GMTF H

1
(�). The colors indicate measurements of different gradient directions. Presented are the 

magnitude and phase in the range of 0 kHz to 8 kHz. GIRF, gradient impulse response function; GMTF, gradient modulation transfer function
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was performed in 4 parallel slices located at distances of 
−26.25 mm, −8.75 mm, 8.75 mm, and 26.25 mm from the 
iso-center and repeated along all 3 gradient axes (Supporting 
Information Figure S3A-D). The chirp test gradient response 
was then calculated using the difference in the phase evo-
lution of the measurements performed with positive and 
negative readout polarities. The following parameters were 
used for the GIRF measurement: TR of 2 s; slice thickness of  
1.5 mm; 40 averages; sampling dwell time of 1.28 μs; and 
62,500 sampling points. The acquisitions of the 4 slices were 
interleaved and excited during 1 TR. The total scan time 
required for the acquisition of the GIRF measurement was 
defined as TR × 40 averages × 2 polarities × 3 directions and 
was equal to 4 min.

2.2  |  UTE pulse sequence and image 
reconstruction

To measure the signal of tissues with short T∗

2
 values, a 3D 

UTE stack-of-stars sequence was employed45 with a nonse-
lective RF pulse. The excitation was followed by a variable- 
duration slice encoding gradient and a movable readout 
gradient. After the sampling of the FID at TE1, a gradient 
echo with an opposite gradient readout polarity at TE2 was 
acquired (Figure 2A). The FID and the gradient echo were 
acquired during a single excitation along 1 radial “spoke.” 
An inner loop is defined along the rotation angle and an outer 
loop along kz. All spokes within 1 slice were acquired with a 
uniform, constant azimuthal angle sampling pattern. The min-
imal FID readout time depended on the RF transmit–receive 

switching time of the system. All images were acquired on a 
3 Tesla system (Elition X, Philips Medical Systems, Best, the 
Netherlands).

The GIRF correction was applied as a part of the image 
reconstruction process.22,46,47 To this end, the input gradient 
waveform was convolved with the measured GIRF to predict 
the real gradient waveform. This convolution can be simpli-
fied in the Fourier domain as a multiplication of the Fourier-
transformed input gradient waveform with the GMTF. The 
predicted gradient waveform was used to calculate the 
k-space positions of the acquired data points. The GIRF cor-
rection provided the correction of the whole gradient wave-
form, including both the FID and the gradient echo.

The nominal correction was based on the default re-
construction of the manufacturer. The nominal gradient 
waveform applied during FID sampling was calculated by 
convolving the ideal gradient waveform with a simple, ana-
lytic, vendor-parameterized model of the system GMTF. This 
model was identical for all physical gradient axis. As a result 
of this convolution the input waveform was slightly smoothed 
and delayed. Regarding radial gradient echoes, eddy-current 
induced gradient delays can cause k-space shifts. The used 
radial acquisition scheme allowed for a simple spoke align-
ment correction48: the signals along spokes with opposed 
readout directions were correlated in image space to retrieve 
a phase offset.49,50 Each spoke was corrected in image space 
by the estimated linear phase offset, which corresponds to a 
shift in k-space. The employed k-space spoke alignment for 
the echoes only shifted the k-space signal and did not affect 
the sampled k-space locations; therefore, the spoke-aligned 
gradient waveform is not displayed in Figure 2.

F I G U R E  2   UTE stack-of-stars pulse sequence diagram. (A) After the excitation and the 3D time encoding, the FID readout begins at time 
TE1, followed by a gradient echo readout with TE2 using a gradient with opposite polarity to the FID. (B) The whole dual-echo UTE gradient 
waveform as a function of time after the RF excitation. The gradient echo readout was shifted to achieve a specific TE2 in which water and fat were 
in-phase. The data acquisition windows are indicated by the gray background color. Shown are the input gradient waveform Ginput, GIRF-corrected 
gradient waveform, and nominal-corrected gradient waveform. In the nominal correction, only the FID readout gradient was corrected, and thus 
the nominal-corrected gradient was plotted solely for the FID readout. Bottom plot shows the error between the input gradient, GIRF-corrected 
gradient, and nominal-corrected gradient
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For the reconstruction, an image reconstruction toolbox 
(ReconFrame, Gyrotools, Switzerland) was used to grid the 
data in 2 dimensions with the corresponding k-space trajec-
tories, to Fourier transform in 3D, and to perform SENSE 
unfolding in the third Cartesian-sampled dimension. For 
the gridding, a Kaiser-Bessel kernel was used with a kernel 
width of 4 k-space sampling steps and a gridder oversam-
pling factor of 1.25. The density was precompensated with 
weights that were estimated by counting the number of 
sampling points per ring segment. After the gridding, the 
image was normalized with the Fourier-transformed kernel 
function.

2.3  |  Phantom measurements

A UTE stack-of-stars, high-resolution dual-echo scan was 
performed coronally in a phantom with an internal structure. 
The images were then reconstructed using 2 different trajec-
tories: the nominal- and the GIRF-corrected trajectory. The 
employed sequence parameters were TE 0.14 ms/ 2.2 ms, TR 
7.6 ms, flip angle 5°, in-plane resolution 0.6 × 0.6 mm2, slice 
thickness 1 mm, FOV 210 × 210 × 100 mm3, dwell time  
1.84 μs, ramp length 0.15 ms, maximum gradient strength 
30.36 mT/m, acquisition window 0.72 ms, 704 spokes,  
393 samples, scan time of 6.15 min, and SENSE acceleration 
factor of 2 in the Cartesian-sampled dimension.

2.4  |  In vivo measurements

In vivo imaging was performed in the knee of a healthy volun-
teer and in the lumbar spine of 4 patients with spine fractures 
after informed written consent by each subject and approval 
by the institutional review board (Klinikum rechts der Isar, 
Technical University of Munich, Munich, Germany). The 
spine fracture patients received an MR and a CT scan within 
3 days after symptom onset. The CT scans were part of the 
clinical diagnostic workup.

For the knee measurements, 3D-UTE coronal and sagit-
tal stack-of-stars dual echo measurements were performed 
with bipolar readout using a 16-channel transmit–receive 
knee coil and the following parameters: TE 0.14 ms/  
2.2 ms, TR 7.59 ms, flip angle 5°, in-plane resolution 0.6 ×  
0.6 mm2, slice thickness 1 mm, FOV 190 × 190 ×  
164 mm3, ramp length 0.15 ms, maximum gradient 
strength 30.87 mT/m, dwell time 2 μs, acquisition window  
0.71 ms, 632 spokes, 355 samples, scan time of 9.2 min, and 
SENSE acceleration factor of 2 in the Cartesian-sampled 
dimension. For comparison, a Cartesian T1-weighted gra-
dient echo was acquired with an equal FOV 190 × 190 × 
164 mm3, equal resolution 0.6 × 0.6 × 1.0 mm3, equal flip 
angle 5°, TE 2.3 ms, TR 4.3 ms and a scan time of 2 min, 

and SENSE acceleration factor of 2 in the slice encoding 
dimension. For the subtraction of both echoes a scaling 
factor was estimated to suppress long T2 tissue compo-
nents. A scaling factor of 1.5 gave the best water and fat 
suppression for a ΔTE of 2.06 ms.

For the spine measurements, a single UTE was acquired 
using the built-in-table 16-channel posterior coil and the fol-
lowing parameters: TE 0.14 ms, TR 6.3 ms, flip angle 5°, 
in-plane resolution 0.45 × 0.45 mm2, slice thickness 3 mm, 
FOV 250 × 250 × 279 mm3, ramp length 0.08 ms, maximum 
gradient strength 15.04 mT/m, dwell time 3.12 μs, acquisi-
tion window 1.77 ms, 945 spokes, 568 samples, radial per-
centage of 85%, half-scan factor of 0.6 in slice direction, and 
scan time of 6.3 min.

The nominal and GIRF-corrected UTE spine images 
were independently read by 2 radiologists. The individual 
vertebras, L1-L5 and S1, of 3 scanned subjects were scored 
with a 4-point Likert scale. The radiologists rated the GIRF-
corrected and nominal-corrected images with respect to the 
diagnostic quality of cortical bone visualization from 1 (poor) 
to 4 (excellent).

2.5  |  CT measurements

CT was performed on 1 of 2 CT scanners (Somatom Definition 
AS+, Siemens Healthineers, and IQon Spectral CT, Philips) 
with the following parameters according to routine clinical 
protocols: collimation, 0.6 mm; pixel spacing, 0.4/0.3 mm; 
pitch factor, 0.8/0.9; tube voltage (peak), 120kV; modu-
lated tube current, 102–132 mA. Images were reformatted in  
3 mm slice thickness using a bone-specific convolution ker-
nel (I70H/YB).

3  |   RESULTS

3.1  |  GIRF measurement results

Figure 1 shows the magnitude and phase of the measured 
GMTF and depicts the GMTF’s low-pass frequency behavior 
in all 3 axes. Small peaks are visible in the low frequency part 
of the GMTF, which correspond to mechanical resonances of 
the gradient coils, for example, at 1.2 kHz. The magnitude of 
the GMTF for all 3 axes behaved very similarly in the frequency 
range up to 3 kHz. For frequencies higher than 3 kHz, the x 
gradient and y gradient had lower transfer ratios than the z gra-
dient, indicating anisotropic eddy current effects. The phase 
response varied slightly for frequencies of greater than 2 kHz 
and different gradient directions, indicating a different gradi-
ent delay for each axis (Supporting Information Figure S2).  
The structured noise between 2 kHz to 3 kHz can result from 
gradient amplifier nonlinearities that distorted the chirp 
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waveform. The noise in the GMTF measurement increased to-
ward higher frequencies (Supporting Informatoin Figure S3D).  
Higher frequencies were acquired at the end of the chirp 
impulse where the gradient strength decreased and the ex-
cited signal dropped, which can result in a smaller SNR. The 
measured GIRF contained information up to a frequency of 
10 kHz. The power spectral density of a typical UTE readout 
gradient showed main contributions in the frequency range 
below 2 kHz. The integral of the power spectral density 
reached 95% of the energy after 2 kHz (Figure 3A,B). A com-
parison of measured gradient waveform and GIRF-predicted 
gradient waveform showed a good agreement (Figure 3C). 
There were no systematic changes of the GIRF observed 

during repeated measurements over a time span of 1 month 
(Supporting Information Figure S4).

Figure 2B presents the input waveforms, the nominal- 
corrected waveforms, and the GIRF-corrected waveforms of 
the readout gradient as a function of time and after the exci-
tation. The deviations during the FID readout were dominated 
by short-term effects. There was an increase in the size of de-
viations from the input gradient waveform during the ramp-
ing up of the gradients. Once the plateau was reached, eddy 
current effects decayed quickly. In comparison, the nominal- 
corrected gradients and the GIRF-corrected gradients 
diverged at the very beginning of the FID readout. Regarding 
the gradient echo readout, there was a short-lived eddy current 

F I G U R E  3   (A) typical UTE readout gradient waveform in time domain and (B) its PSD in frequency domain. The measured GMTF based 
on a chirp test gradient contains information for frequencies up to 10 kHz. The PSD of a typical UTE readout gradient shows main contributions 
in the frequency range below 2 kHz. The integral of the PSD shows that after 2 kHz, 95% of the energy is reached. (C) Comparison of a measured 
triangular gradient waveform with the thin slice method, triangular input gradient waveform, and predicted waveform with the GIRF. On the 
right, the zoomed-in window shows in detail the difference between the GIRF-predicted waveform and the waveform measured with the thin slice 
measurement for the triangular gradient waveform. PSD, power spectral density
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component that was still present at the beginning of the data 
acquisition window. These deviations at the beginning of the 
readout resulted in k-space trajectory errors at high frequen-
cies in the radial spoke. Simulations were performed to study 
the effects of readout gradient waveform deviations on the 
reconstructed images (Supporting Information Figure S1). 
The deviations between the GIRF-corrected and nominal- 
corrected trajectories introduced blurring and an overshoot of 
signal intensity at object borders between regions with high 
and low signals.

3.2  |  Phantom results

Figure 4 shows UTE images of the structural phantom re-
constructed with the nominal-corrected and with the GIRF-
corrected k-space trajectories, respectively. Line profiles 
depict the signal intensity along the white lines and highlight 
edge artifacts in the nominal-reconstructed images. Using the 
nominal-corrected gradient waveforms in the reconstruction 
resulted in an overshoot of the signal at borders between re-
gions with signal and regions without signal. Further, in the 
nominal-reconstructed images, the halo effect was visible, 
and high-resolution features were blurred. The halo effect 
and the blurring were visible particularly at borders between 
regions with signal and regions without signal. Using the 

GIRF-corrected gradient waveforms reduced the hyperin-
tense edge artifacts, minimized the halo effect, and reduced 
blurring effects. The observed artifacts followed a similar 
pattern to those in the simulated data.

3.3  |  In vivo results

In vivo images of a volunteer’s knee joint are shown in 
Figure 5. Edge artifacts were present at the air–tissue borders 
in the images reconstructed with nominal-corrected gradi-
ents. Edge artifacts were also located near bone–soft-tissue 
borders. The signal of the cartilage next to the cortical bone 
was thus overestimated and blurred. Due to the blurring, the 
thin cortical bone structure was blurred and almost vanished. 
The aforementioned blurring was removed when the images 
were reconstructed with the GIRF-corrected trajectories.

Figure 6 shows a radial gradient echo image that was 
acquired after a UTE-FID readout and compares it to a 
Cartesian gradient echo image. The radial images were re-
constructed by applying a k-space spoke alignment and using 
the GIRF-corrected gradient waveforms. The use of the 
GIRF-corrected gradient waveforms improved the contrast, 
enhanced the homogeneity, and achieved a better agreement 
of the signal variation with the Cartesian reference scan. In 
Figure 7, the radial gradient echoes were compared with the 

F I G U R E  4   UTE stack-of-stars images of a structural phantom that was scanned coronally. The phantom images were reconstructed using 
noncorrected, nominal-corrected, and GIRF-corrected trajectories. Line profiles depict the signal intensity along the white lines shown on the left. 
Artifacts are highlighted by arrows. The use of the nominal-corrected trajectories in the reconstruction resulted in edge artifacts. At borders between 
regions with signal and regions without signal (arrows A and C), the signal showed overshoots and formed hyperintense edges. As compared with 
the GIRF-corrected images, the nominal-corrected images showed a higher signal in the regions without signal (arrows B and D) and blurred high-
resolution features
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FID images of the same scan. The difference map highlights 
edge artifacts in the images reconstructed using the nominal- 
corrected trajectory for the FID and the k-space spoke align-
ment for the echo. Thin cortical bone structures were blurred 
and misclassified as soft tissue when not using the GIRF-
corrected trajectories.

Figure 8 shows an in vivo sagittal lumbar spine UTE image 
of a patient with a spine fracture, reconstructed using nominal- 
corrected and GIRF-corrected gradient waveforms. The upper 
row of Figure 8 presents the reconstructed full-FOV with 
the natural contrast, whereas the contrast was inverted in the 

bottom row of Figure 8 so that bone appears bright for a better 
visual comparison with the CT image. The CT and MRI data 
were manually coregistered in 3D with respect to the vertebra 
indicated by the blue cross. In the nominal-reconstructed UTE 
images, thin bone structures appeared bright in the natural 
contrast and were misclassified as soft-tissue because high- 
resolution features were blurred. The shape of the vertebra was 
better visualized with the GIRF-corrected reconstruction.

Figure 9 compares UTE images and CT images of 3 pa-
tients with spine fractures using zoomed-in sagittal slices of 
the lumbar spine. The contrast of the MR images was inverted 

F I G U R E  5   In vivo UTE sagittal knee images with the Cartesian-encoded dimension being perpendicular to the shown slices. The UTE images 
were reconstructed using the nominal gradient waveforms and the GIRF-corrected waveforms. Line profiles depict the signal intensity along the 
white lines shown in the presented image. White arrows in the images and black arrows in the line plots highlight regions where thin cortical bone 
structures are blurred. In comparison to (A), the cortical bone shows higher contrast and appears slightly thinner in (C). In (B) the thin cortical bone 
at the cartilage border is barely visible, whereas the deep cartilage appears exaggerated and blurred. In (D), the cortical bone and the deep articular 
cartilage are sharper and better depictable
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such that bone appears bright. In all scans, the image quality 
was improved using the GIRF-corrected gradient waveforms. 
The images were less blurry, had higher contrast, and the bone 

structures became more visible when using GIRF-corrected 
versus nominal-corrected gradients. The shape of the verte-
bra in the GIRF-corrected images matched the shape of the 

F I G U R E  6   In vivo radial and Cartesian gradient echo knee images. The radial gradient echo was acquired after a UTE-FID readout with 
an opposite gradient polarity to that of the UTE-FID readout. The images were reconstructed by applying k-space spoke alignment and with the 
GIRF-corrected gradient waveforms. A Cartesian gradient echo with the same TE was acquired for comparison. The line profile depicts the signal 
amplitude along the lines presented on the left. The contrast, homogeneity, and agreement between radial and Cartesian signal were improved by 
means of the GIRF-corrected gradient waveforms

F I G U R E  7   In vivo UTE dual-echo knee images. Upper row: FID corrected with the nominal-corrected gradient waveforms, radial gradient echo 
image reconstructed after k-space spoke alignment, and the difference of the signals. Bottom row: Same as in the top row albeit with FID and radial 
gradient echo reconstructed with GIRF-corrected gradient waveforms. White and red arrows highlight improvements due to the GIRF-correction in 
the FID-UTE and the radial gradient echo images, respectively. In the nominal-reconstructed UTE and the k-space spoke aligned radial gradient echo 
images, high-resolution features were blurred. In the difference maps, these thin blurred structures disappeared and bone was misclassified as soft 
tissue. Further, the k-space spoke aligned radial gradient echo images appeared inhomogeneous, which is leading to a misclassification of soft tissue 
as bone. The GIRF-correction improved both the FID images and radial gradient echo images, reduced blurring, and amended the homogeneity
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vertebra in the CT scans. In the nominal-corrected images, 
the thin bone structures were blurred, and the contrast could 
change from bright to dark in the inverted images, leading to 
the misclassification of bone as soft tissue or connective tis-
sue. The rating of the diagnostic quality of the cortical bone 
visualization showed significant better results for the GIRF-
corrected images than for the nominal corrected images and a 
high agreement among the readers. The median and SD scores 
of the rating for the GIRF-corrected images were 3.17 ± 0.79 
(good) for the first reader and 3.28 ± 0.83 (good) for the sec-
ond reader. The diagnostic quality of the nominal-corrected 
images was rated significantly lower than the GIRF-corrected 
images, with scores equal to 1.78 ± 0.64 (moderate) for the 
first reader and 1.83 ± 0.70 (moderate) for the second reader.

4  |   DISCUSSION

Gradient chain miscalibration-induced artifacts are known to 
lead to errors in UTE MRI sequences, and it has been shown 
that eddy current and delay effects can be corrected for by 
measuring the k-space trajectories. This work demonstrated 
that, with a GIRF measured using the standard scanner hard-
ware, the image quality of radial UTE images can be reli-
ably improved. It was shown that the reduction of blurring 
and artifacts is especially crucial in high-resolution MSK 
imaging of thin bone structures and thin connective tissues. 
Without the GIRF-corrected reconstruction, such thin bone 
structures disappear or can become even misclassified as soft 
tissue. The improvements of a correction based on a GIRF 

F I G U R E  8   In vivo UTE lumbar spine sagittal images of a patient with a spine fracture. The UTE images were reconstructed using the 
nominal-corrected gradient waveforms and GIRF-corrected waveforms. Upper row: the full FOV with the natural contrast. Bottom row: same as 
the upper row but the contrast was inverted for comparison with the CT image. The CT and MRI data were manually coregistered in 3D at the point 
indicated by the blue cross. In the nominal-reconstructed UTE images, high-resolution features were blurred. Thin bone structures appeared bright 
and were misclassified as soft tissue. The improvements due to the GIRF-corrected reconstruction made it easier to determine the shape of the 
vertebra
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acquired in a simple phantom scan were presently verified 
with phantom and in vivo measurements. The results not only 
reproduced prior reported improvements to UTE trajectory-
correction methods for reducing both undershoot and over-
shoot of signal intensity at object–background borders but 
primarily highlighted the need of k-space trajectory correc-
tion in high-resolution UTE imaging.

Typically, eddy current correction methods mea-
sure directly the gradient with specialized NMR field 
probes,21,23,33,51 perform separate calibration scans,24,30,52,53 
or extract information directly from the measured raw data 
without any additional calibration scans.31,32,54 It was also 
previously reported that eddy currents can be corrected 
by measuring a transfer function to describe the gradient 

F I G U R E  9   In vivo UTE lumbar spine sagittal images of 3 patients with spine fractures. The contrast of the MR images was inverted such that 
bone appears bright. White arrows highlight improvements achieved with the GIRF-correction. In subject 1, thin bone structures appeared dark in 
the nominal-corrected images where a bright bone was expected as compared with the CT images. In subject 2, the vertebral body appeared blurred 
and with a less contrast in the nominal- versus the GIRF-corrected images. Subject 3 showed a sclerotic zone as a result of the fresh vertebral 
fracture. Once again, in comparison with the CT, areas with expected high signals appeared dark in the nominal-corrected images. In all scans, the 
image quality was improved using the GIRF-corrected gradient waveforms. In comparison with the CT images, the shapes of the vertebrae were 
depicted better in the GIRF-corrected images
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characteristics.22,38,47,55 Eddy current correction in the con-
text of UTE imaging was done before by measuring the 
UTE gradient waveforms for a fixed parameter set with 
specialized NMR field probes33 and by running calibra-
tion scans in a phantom before the actual measurements 
were performed.17,36,42 The proposed GIRF measurement 
showed that the use of a chirp-based LTI model22,24,47 is 
able to provide a transfer function that improves the recon-
struction of UTE images independently of imaging param-
eters and required no additional hardware. The spectrum of 
the chirp waveform covered a large frequency range with-
out blind spots and with high spectral density (12.5 Hz) 
and enabled a fast measurement (4 min) when compared 
to triangular input functions. However, at low frequencies  
(< 100 Hz), the chirp’s spectral density approached 0, lead-
ing to a diverging intensity in the spectrum of the GIRF.56 
The proposed GIRF-based correction method for eddy- 
current correction has the advantage that only a 1-time cal-
ibration scan is needed, and the measured transfer func-
tion can be used in all subsequent image reconstructions. 
The measured GIRF indicates anisotropic eddy-current 
behavior that depends upon the gradient axis. No gradient 
terms of a second- or higher-order were measured with the  
phantom-based method, whereas such higher-order terms 
could be derived based on a field camera38,46 or from a 3D 
phantom based approach using phase encoding.40

The performed simulations and phantom measurements 
investigated artifacts on the reconstructed images, originat-
ing from the readout gradient waveform deviations, includ-
ing blurring, changes in background signal, and emphasized 
edge effects. An important aspect of the simulations was the 
introduction of a gradient delay to the low-pass model-based 
correction method. Approaches determining a single delay 
are widely used for radial acquisition schemes, for which the 
sampling is performed on the flat top of a trapezoidal gradi-
ent. The simulations showed that the simple model with an 
additional gradient delay is not sufficient as a k-space tra-
jectory correction method for high-resolution UTE imaging. 
In addition, the simulations showed that the GIRF correction 
accounts for the dependence of the response on the readout 
gradient axis, whereas the model-based correction method 
cannot easily account for such effects. To obtain the best re-
construction result the accurate gradient waveform is needed 
with an exactly calibrated delay. The GIRF correction method 
is model-independent and requires no manual delay optimi-
zation. The analysis of the phantom experiments reproduced 
previously simulated artifacts such as blurring, background 
signal, and edge enhancement. All of these artifacts were re-
duced using the GIRF-corrected gradient waveforms, indi-
cating that the GIRF-corrected gradient waveforms comprise 
important features of the real gradient waveforms such as the 
delay and the axis-dependent gradient shape. To summarize, 
the GIRF correction method is based on the transfer function 

of the entire gradient system and thus describes better than 
any other correction models its behavior, thus allowing a bet-
ter prediction of the k-space deviations induced by the gradi-
ents in UTE imaging.

In vivo, the GIRF correction was applied to high- 
resolution UTE images, showing the improvements for thin 
tissues in the knee such as cortical bone and cartilage. Further, 
the GIRF correction was applied to the FID-echo readout with 
opposite gradient polarities for the FID and the gradient echo. 
The correction of FID and gradient echo k-space trajectories 
were performed in 1 step. Conversely, traditional correction 
methods include 2 steps for the reconstruction of UTE– 
multi-echo data and correct the FID (using the nominal cor-
rection) and radial gradient echo data (using the k-space spoke 
alignment) separately. Such traditional correction methods 
can become slower and can lead to inconsistencies in the sig-
nal amplitude between the FID and the echo. Gradient wave-
form deviations can additionally lead to geometric distortions 
such as stretching and shifting. The GIRF correction treats 
FIDs and echoes in the same way. The GIRF-based correc-
tion method is therefore important if FIDs, and radial echoes 
are supposed to be matched, for example, to subtract both im-
ages to get rid of long T∗

2
 components and to highlight short 

T
∗

2
 components.
The comparison of UTE in vivo spine images with CT 

images highlighted the importance of a GIRF-based cor-
rection method of UTE images for high-resolution features. 
Gradient waveform deviations can blur thin bone structures 
and fine connective tissues. Overestimated edges can lead 
to the misclassification of bone as soft tissue. The proposed 
methodology could therefore be particularly useful first for 
UTE CT-like imaging57 or attenuation correction for PET/
MRI,33,58 where UTE sequences have been proposed to help 
to distinguish between cortical bone and air. Second, the 
proposed methodology could be useful for generating high- 
quality UTE-based CT-like images for diagnostic muscu-
loskeletal imaging, especially in the evaluation of bone 
changes. MR-based CT-like imaging has been recently pro-
posed, aiming at reducing the radiation burden on the patient, 
avoiding the need to perform additional X-ray and CT imag-
ing when MR is already part of clinical care,59 and achieving 
a hybrid contrast.60 To further improve the image contrast of 
UTE imaging of bone structures, long T2 components could 
be further suppressed by employing inversion recovery and 
fat saturation techniques.61,62

The proposed correction method was shown to be benefi-
cial not only in high-resolution single-echo UTE imaging but 
also in dual-echo imaging. Therefore, our results might imply 
a level of importance of the gradient corrections when UTE 
sequences are employed for UTE multi-echo imaging that ac-
quires more than 1 TE per TR. Further, correcting the UTE 
trajectories could also be beneficial in the context of quanti-
tative T∗

2
 measurements of short T∗

2
 tissues when employing 
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UTE multi-echo imaging and acquiring more than 1 TE per 
TR.62

The present work has several limitations: First, the present 
work does not address the effect of B0 eddy currents, which 
may promote unwanted phase accumulation of the sampled sig-
nal. We expect the effect to be small in UTE imaging because 
the k-space center is initially measured. However, because the 
B0 transfer function can be extracted from the acquired GIRF 
data, this correction could be readily implemented. Second, the 
measured GIRF contained information up to a frequency of  
10 kHz. This is sufficient for typical UTE readout gradient 
waveforms yet may not be sufficient for arbitrary gradient wave-
forms. Third, the proposed correction method requires that the 
reconstruction is able to use the predicted trajectories in order 
to produce the corrected images. Therefore, an interface for 
providing the corrected trajectory to the gridding algorithm or 
the use of a custom-designed image reconstruction framework 
is required. Fourth, the GIRF-based correction method requires 
the precise knowledge of the input gradient waveforms in order 
to predict the real gradient waveform. Such knowledge may not 
be accessible for all vendor-specific sequences. The increased 
reconstruction complexity and the need of input waveforms to 
perform the correction might affect the future adoption of the 
GIRF-based correction method. Fifth, the presented CT-like 
images of the cortical bone in the lumbar spine by inverting 
the contrast of UTE images could be confounded by the fact 
that the UTE images are T∗

2
-weighted, T1-weighted, and proton 

density-weighted. This mixed weighting of UTE images could 
affect the ability of inverting the contrast of UTE images in 
resolving bone structures at least at the presently used parame-
ters (TE, TR, and flip angle). Zero TE sequences have been re-
cently used for CT-like imaging of bone structures by inverting 
the contrast of zero TE images, which have been considered to 
be primarily proton density-weighted.60,63,64 The inversion of 
the contrast of UTE images was presently shown as only an ex-
ample of the effect of UTE trajectory correction on a clinically 
relevant, high-resolution MSK imaging setting. The ability of 
inverted UTE images for CT-like bone imaging in the lumbar 
spine requires further investigation. Finally, the GIRF-based 
correction method does not adapt geometric distortions caused 
by spatial nonlinearities in the gradient fields at the edge of 
the FOV. These nonlinearities are static and do not account for 
dynamic trajectory errors from eddy currents.

5  |   CONCLUSION

A simple phantom-based GIRF measurement and stand-
ard MRI scanner hardware were used to estimate k-space 
trajectories for high-resolution UTE MSK imaging, and in 
particular to improve cortical bone visualization. It was dem-
onstrated that the correction based on the measured GIRF 
minimizes artifacts due to gradient waveform distortions in 

comparison with a model-based trajectory correction method 
representing a typical implementation on a clinical system.
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FIGURE S1 Upper row shows the simulated UTE images 
of a Shepp–Logan phantom (truth). The k-space data were 
generated using NUFFT encoding along the GIRF-corrected 
trajectories. Images were then reconstructed using the 

nominal-corrected gradients, nominal-corrected and delayed-
gradients and the GIRF-corrected gradients. A negative delay 
corresponds to a negative shift in time of the readout gradient. 
The time between two sampling points was 2 μs. Bottom row 
shows differences between the input image (truth) and the cor-
respondingly reconstructed images. Blurring was introduced 
in the UTE images reconstructed with the nominal-corrected 
trajectory. At the object-background border, the nominal re-
constructed image had more energy in the background region 
(arrow A) and showed an overshoot of signal intensity at ob-
ject borders between regions with high and low signals (arrow 
B). Delaying the readout gradient, positive or negative, did not 
improve the image quality
FIGURE S2 Measurement of a spherical water phantom 
with the imaging plane being in three different geometri-
cal orientations: coronal, sagittal and transversal. Here the 
z-axis points in feet-head direction, the y-axis points in ante-
rior-posterior and the x-axis points in right-left direction. The 
line profiles on the right correspond the signal intensity along 
the arrows on the left
FIGURE S3 Data processing steps of the GMTF estimation. 
A) Uncorrected phase evolution in time of the signal originat-
ing from off-center slices. The phase follows the applied chirp 
test gradient waveform (green) that was applied once in positive 
and once in negative readout direction. The measured phase in 
opposing readout direction yields the background corrected 
phase (right). Here the background corrected phase for four 
different off-center locations is shown in time. B) Background 
corrected phase at different points in time along the measured 
slice locations. C) Measured phase at one time point at four 
different off-center locations and the secod order fit (left) and 
the corresponding root mean squared error (right). D) Root 
mean squared error of the second order fit for the four different 
locations and its evolution in time. The RMSE increases with 
increasing frequency of the chirp. For the highest frequencies 
and the highest RMSE the error is maximal ~0.06%
FIGURE S4 Comparison of two independent GIRF mea-
surements with a time separation of one month. A) and B) 
magnitude and phase of the first order GIRF. C) and D) dif-
ference in magnitude and phase of the two measured first 
order GIRFs
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