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Abstract

Purpose—The impact of gradient imperfections on UTE images, and UTE image-derived bone
water quantification, was investigated at 3 T field strength.

Methods—The effects of simple gradient time delays and eddy currents on UTE images, and of
gradient error corrections were studied with simulation and phantom experiments. The k-space
trajectory was mapped with a 2D sequence with phase encoding on both spatial axes by measuring
the phase of the signal in small time increments during ramp-up of the read gradient. /n vivo 3D
UTE images were reconstructed with and without gradient error compensation to determine the
bias in bone water quantification. Finally, imaging was performed on two equally configured
Siemens TIM Trio systems to investigate the impact of such gradient imperfections on inter-
scanner measurement bias.

Results—Compared to values derived from UTE images with full gradient error compensation,
total bone water was found to deviate substantially with no (up to 17%), or partial (delay-only)
compensation (up t010.8%). Bound water, obtained with inversion recovery-prepared UTE, was
somewhat less susceptible to gradient errors (up to 2.2% for both correction strategies). Inter-
scanner comparison indicated a statistically significant bias between measurements from the two
MR systems for both total and bound water, which either vanished or was substantially reduced
following gradient error correction.

Conclusion—Gradient imperfections impose spatially dependent artifacts on UTE images,
which compromise not only bone water quantification accuracy but also inter-scanner
measurement agreement if left uncompensated.
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1| Introduction

A number of studies in recent years have provided evidence that quantitative imaging of
bone water with ultra- short echo time (UTE) or zero echo time (ZTE) radial MRI is feasible
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(1-3). Using similar technology, mineral phosphorus has been imaged by 3P MRI in bone
specimens (2,4,5) and also /n vivo in humans (6,7). Collagen, the main component of the
bone matrix, is not directly visible by /n vivo MRI due to its extremely short To* (tens of
microseconds), however, the protons on water molecules bound to the matrix (bound water,
or BW) are detectable (8-11) and scale linearly with matrix density. Pore space in cortical
bone can also be indirectly evaluated by capturing the signal from water residing within the
pores (pore water, PW) (8-11). Further, since phosphorus is a primary constituent of bone
mineral (nonstoichiometric calcium hydroxyapatite), quantitative 31P MRI can assess
mineral density (6,7,12). More recently, attempts have been made to quantify both bone
water and bone mineral with a single integrated protocol /7 vivo in human subjects (13).

One potential problem with short-TE MRI techniques is caused by the radial acquisition
scheme, which is more susceptible to gradient imperfections than their Cartesian counterpart
(14-20). Hardware related time delays and eddy current-induced waveform distortions (21)
result in k-space trajectories deviating from their prescribed paths. In Cartesian scanning, k-
space trajectory deviations are consistent between phase steps and will only lead to an
undetectable linear phase shifts in magnitude images. In radial sequences the k-space
trajectory error can vary with view angle, and this inconsistent k-space encoding may result
in artifacts in magnitude images. Furthermore, since each view passes through the central k-
space region and determines overall image contrast, signal intensity measurements could be
adversely affected yielding inaccurate values. Importantly, the gradient imperfections are
scanner hardware-dependent, but once quantified, the gradient trajectory errors can be
accounted for in the reconstruction code.

A number of techniques have been proposed to address this problem in UTE. Some are
dedicated to time delay correction only (22), while others attempt to compensate for the full
distortion of the gradient waveform (14,20,23-25). For the latter, one of the ways to correct
for gradient waveform distortions is by directly measuring the true gradient trajectory.
Trajectory measurements could be extracted from either the phase of the acquired image or
by determining the location of the zeroth moment following the application of additional
gradients (14,20,23,26,27). Another way to determine gradient distortions relies on the
measurement of the frequency response of the gradient system, treating the gradient
hardware as a system fully described by a gradient system transfer function (24,25,28).
However, to the best of the authors’ knowledge, except for the work by Latta et al. (29)
comparing relative proton density in brain white matter from images with and without
trajectory correction, there has been no systematic investigation of how UTE image and
image-based quantification are affected by gradient imperfections, and particularly, how
such errors impact inter-scanner agreement.

This work is designed to evaluate the impact of gradient imperfections and consequential k-
space trajectory mis-mapping on UTE image-based bone water quantification. Toward this
end, simulation and phantom experiments were first performed to demonstrate image
artifacts in the presence of different extents of k-space trajectory shifts as well as the spatial
dependence of the resulting artifacts. Bone water densities were then quantified and the
results compared between human subject UTE images obtained without correction, with
time delay-only correction, and with full trajectory correction. Finally, bone water densities
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obtained from two different MRI scanners were compared to evaluate the effect of image
corrections on inter-scanner agreement.

2| Methods
2.1| Theory

Ignoring relaxation, the signal collected in an MRI experiment can be represented as

s(k) = /p(r)e_iz”k"dr KA

with p(r) being the position-dependent spin density, and k(1) = %IG(I) dt, the time-

dependent spatial frequency vector. The argument of the exponential in Equation 1 denotes
the instantaneous phase () = 2zk(9r of the k space signal at position r. After appropriate
re-gridding (as required, for instance, in radial encoding) the image typically is
reconstructed as the inverse Fourier transform of the k-space (Equation 2):

p(r) = /s(k) el2mk Tk [2]

However, a realistic reconstruction requires accurate knowledge of the k-space trajectory,
which is susceptible to inaccuracies in the gradient waveform G(#). Due to hardware
imperfections such as time delays and effects of eddy currents, the actual gradient G’ (2 #
G(9), i.e. the encoding gradient deviates from the prescribed waveform, and as a result,
image quality is compromised by the mis-mapping of k-space data points.

In the following sections we illustrate the problem with actual data and describe a method
for gradient waveform correction in UTE imaging, with a particular focus on quantification
of bone water.

2.2 | Gradient delay, k-space trajectory measurement and UTE image correction

The k-space trajectory was measured using a phase mapping technique described earlier for
spiral imaging (26,27), recently modified for radial UTE acquisitions (23). The technique
was originally proposed to map x- and y-trajectories for 2D UTE, and was extended in this
work for measurement along all three principal axes (Figure 1a). First, a 2D slice (5-mm
thick) parallel to the targeted gradient direction was excited and phase-encoded along both
directions, followed by a ramp-readout that is to be used for the UTE sequence. The two
phase-encodings generate a series of 2D images, each corresponding to a single time-point
along the readout gradient direction. The readout gradient causes the phase to be shifted
during gradient ramp-up (Figure 1b). The slope of the phase ¢(r,9) = 27t A(§)r, at any given
location rin these phase maps corresponds to the instantaneous k-space location, which is
proportional to the zeroth gradient moment (Figure 1c). The true gradient waveform is
simply the time derivative of the gradient moment (Figure 1d). This measured k-space
trajectory embodies the effects of both hardware-related time delay and eddy current-
induced waveform distortions. To determine the time delay, the mid-point of the linear
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portion of the ramp on the measured gradient is compared to the mid-point of ramp on a
nominally trapezoidal gradient (Figure 1e). The measured trajectory or gradient delay can
thus be used for either full trajectory correction or delay-only correction during image
reconstruction. For full correction, trajectories along three principal axes are measured as
described above, while the ones along oblique directions are represented as linear
combinations of them. This is because the gradient system can be regarded as linear time
invariant (30). The image is subsequently generated by re-gridding reconstruction. For
delay-only correction, trajectories of principal axes are calculated from the assumed
trapezoidal gradient waveform, but with measured delays incorporated. The oblique
trajectories are obtained in the same way as in full trajectory correction. For the most
accurate measurements of k-space trajectories and gradient delays, scan parameters such as
FQV, dwell time and gradient ramp times should be matched to those of the actual UTE
imaging sequence.

Simulation experiments

Two sets of simulation experiments were performed. The first was to demonstrate the overall
effect of various k-space shifts on the UTE image. Trajectories along the principal axes were
calculated based on ideal trapezoidal gradient waveforms. Delays of —6 s to +6 s
(hardware delays typically observed on clinical scanners (16,22)) were then introduced in 2-
s increments. To clearly demonstrate the effects of varying timing delays on the resulting
artifacts, the delays were applied along only a single direction (x-axis). A more realistic
scenario was simulated in the second experiment, where full trajectories measured from the
scanner were used. Assumed scan parameters were: FOV = (250 mm)2, dwell time = 4ys,
ramp time = 240ps; 158 points along each FID were needed to reconstruct an image of
matrix size 256x256. Two types of phantoms were considered: (1) a single large cylindrical
object (110 mm diameter, resembling the standard Siemens cylinder phantom) placed at the
FQV center, and (2) five smaller cylindrical objects (18 mm diameter) placed in a row along
the x-axis, to investigate the spatial dependence of image artifacts. Density compensation
and gridding throughout this work were performed using the fast iterative algorithm
provided by Zwart, et al (31) (website: http://ismrm.org/mri_unbound), as the method was
shown to be highly accurate and computationally efficient and is applicable for arbitrary k-
space trajectories. The gridded data was subsequently Fourier transformed into image space,
and normalized by a de-apodizing filter computed by similarly processing a delta function in
k-space.

Phantom imaging experiments

Phantom experiments were performed on a Siemens 3 T Trio system (Siemens Medical
Solutions, Erlangen, Germany) using a three-dimensional (3D) UTE sequence. The standard
Siemens cylindrical phantom (3.75 g NiSO4-6H,0 + 5 g NaCl per 1000 g H,0) was imaged
with a birdcage calf coil (Rapid Biomedical, Rimpar, Germany) custom-made for 31P and
1H bone imaging of human subjects. In addition, five test-tubes of doped water (18 mm
diameter, 20% H,0/80% D,0, doped with 27 mmol/L of MnCl; to achieve a H,O
concentration of 11 mol/L, proton T = 4.5 ms, T,* = 327 ps) that served as 1H density
calibration samples in an earlier /n vivo bone water quantification study (13) were imaged
with a wider vendor supplied 12-channel Siemens head coil to evaluate the spatial
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dependence of gradient-waveform related artifacts. Scan parameters were identical as the in
vivo UTE protocol in the previous study (13) and are as follows: FOV = (250 mm)3, TR =
10ms, flip angle = 16°, TE = 50ps, and 50,000 FIDs were collected with a dwell time of 4ps.
Following data acquisition, images were reconstructed to matrix size of 256x256x256,
yielding an isotropic spatial resolution of (0.98 mm)3, in three ways: 1) no correction, 2)
correction for gradient delay only (delay correction), and 3) full trajectory correction, which
includes the effects of delays and higher order errors due to eddy currents. In addition, the
same series of delays used in the simulations were intentionally introduced into the full
trajectory corrected k-space data to demonstrate the influence of varying delays on actual
experimental data. All resultant images were compared with simulations. Finally, since the
To* value of the calibration samples is too short to be detected with Cartesian sequences,
five additional test-tubes doped with ~1mM gadolinium and arranged similarly to the
calibration samples were scanned with a conventional gradient echo sequence for
comparison.

In vivo imaging experiments

To investigate the impact of gradient imperfections on bone water quantification, data
acquired from a previous study in ten healthy subjects ranging in age from 29 to 65 years
(13) were corrected with the newly measured gradient delay and measured full k-space
trajectories. The left mid-tibia of each subject was co-imaged with one H calibration
sample as mentioned above. Total bone water and bound water were imaged with 1H UTE
and 1H rapid inversion recovery-prepared UTE (IR-rUTE), respectively. Scan protocol for
UTE were the same as those for the phantom experiment above, while for IR-rUTE the
following parameters were used (13): seven FIDs with varying flip angles were acquired
with dwell time of 4pus near the soft tissue null point following each inversion; TE of each
FID = 50ps; TR between each UTE readout = 2ms; Tl = 65ms; TR between inversion pulses
= 194ms; and total of 12,000 FIDs were collected to shorten scan time which is prolonged
due to the IR preparation. Images were reconstructed to 256x256x256 isotropic matrix size.
Following reconstruction, the tibial cortex was segmented out (inset of Figure 5) with a
semi-automatic algorithm that detects the endosteal and periosteal boundaries of the cortex
by taking derivatives along radial directions from the center of medullary cavity (13). The
pixel intensities within the mid-tibia cortex were compared to that within the calibration
sample, after accounting for the different relaxation times, to determine bone water
concentration:

TponeFrey
Pbone = Pref Ir:;}b’;ie TE

1 1
1 - % 3
TE, ref T2, bone) 3]

where porand ppone are water proton densities in reference sample and cortical bone,
respectively, and /e and Aone are the corresponding image intensities. Fef and Ayone
represent the analytically determined fractions of magnetization available for signal
detection when the duration of the RF pulse is comparable to 7,*and are derived elsewhere
(13). Similar relaxation values as used previously based on population averages were also
utilized in this work (13): T1 Tw = 250ms, T 7w* = 750us, T1 gw = 145ms, and T, gw™* =
390ps (TW: total water, BW: bound water). For comparison, the different bone water pools
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were quantified from images without correction, with delay correction only and with full k-
space trajectory correction.

To investigate the impact of gradient imperfections on inter-scanner quantification
agreement, the above procedure was performed on two Siemens Trio systems on five
individual subjects (one female, four males (one of which also participated in the previous
ten-subject study), aged: 37+5 y/0). The agreement in bone water densities obtained from
the two scanners was compared with and without gradient correction via Bland-Altman
analysis.

Results

Effects of simple k-space shift on UTE image

Simulated and experimentally acquired UTE images of a standard Siemens cylindrical
phantom after introduction of gradient delays are shown in Figure 2. Most prominent are the
edge effects, best seen in the profiles (b, d). Intensity distortions worsen with increasing
timing errors. Overall, there is close agreement between simulation and experiments except
for some additional intensity modulation on the experimentally acquired images (best visible
on the profiles in Figures 2b and d), likely caused by dielectric effects (32,33), and perhaps a
small contribution from varying proximity to the coil elements. Similar effects could be
observed in a standard gradient echo image of the phantom and its profile as well (Figures
2e and f). Results from the five doped phantoms in Figure 3 also reveal the high spatial
dependency of these artifacts—the farther away an object is located from the FOV center,
the more severe the distortion. The elevated intensities observed for off-center samples on
the experimental images are likely due to greater coil sensitivity at these locations, as similar
variations are observed in the gradient echo results shown in Figures 3e and 3f.

To quantitatively determine the impact of such timing errors on image contrast, average
intensities within the ROIs indicated in Figure 2a and 3a (red dashed circles) were compared
among images with and without gradient delay for each phantom. Fractional differences in
intensity are summarized in Table 1. Close agreement is observed between the simulation
and experimental data for both large and small phantoms. Interestingly, although intensity
increases with positive gradient delay and decreases with negative delay for the inner
samples, a net signal loss always occurs for the outer samples as a result of greater image
distortions farther away from the FOV center.

Effects of gradient imperfections on phantom UTE images

The gradient delays measured with the various combinations of coils and scanners used in
this study are summarized in Table 2. Figure 4 illustrates simulated and experimentally
acquired UTE images following correction of time delay only as well as after full trajectory
correction. For the Siemens phantom, there appears to be some over-compensation for when
only time delay correction is applied. For the calibration samples, on the other hand, the
differences between delay correction and full trajectory correction appear somewhat more
subtle.
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Effects of gradient imperfections on in vivo UTE images

Figure 5 displays the UTE and IR-rUTE images of a healthy subject and compares the cross-
sectional profiles with and without gradient imperfection compensation. As before, although
the shapes of profiles are improved after accounting for gradient errors, a slight ‘over-
compensation’ was observed for delay-only correction. The data on the ten subjects from an
earlier work are presented in Table 3 and Figure 6. Table 3 lists the percent differences in
bone water derived from images with no correction and delay-only correction relative to that
derived from images with full correction. Figure 6 shows the fractional differences in
average pixel intensities for cortical bone and calibration sample between gradient correction
and no correction, demonstrating the substantial effects gradient imperfections exert on
relative signal intensities. Figure 7 shows Bland-Altman plots from the five subjects scanned
on two different scanners indicating the reduction in inter-scanner bias of bone water
quantitative metrics for both total bone water obtained with UTE and bound water, obtained
with inversion-recovery preparation to suppress pore and tissue water (IR-rUTE). The data
demonstrate the elimination of bias for total water measurement and a significant reduction
for bound water measurement.

Discussion

Reconstructing non-Cartesian MRI data requires re-sampling (or re-gridding) collected data
points onto a Cartesian grid before Fourier transformation. However, the k-space value at
each time point during readout may deviate from the nominal value due to the effects of time
delays and gradient distortions (19,21,30,34). For quantification, UTE is more sensitive to
eddy current effects compared to full-echo radial schemes since the central k-space region,
which is directly impacted by these errors, dominates image contrast. For example,
Takizawa, et al [21], have shown that even in the absence of timing delays, the residual
higher order gradient distortions lead to significant image degradation in UTE images, while
artifacts are unnoticeable in full-echo radial images.

The gradient distortion problem is not unique to UTE-based bone water quantification.
Rather, it should affect any UTE-based applications. However, the problem is likely
exacerbated for bone water quantification since bone water density is only about 20% that of
soft tissues, and the inherently low signal in cortical bone makes it more susceptible to
potential signal contamination from neighboring soft tissue as a result of gradient
imperfections.

Without destructive testing, true bone water content remains unknown. Thus, it is uncertain
whether the values derived with full gradient trajectory correction are more accurate than
those with delay-only or without any correction. However, given that it is known that higher
order gradient errors exist and that we could measure and compensate for these deviations, it
is reasonable to assume that full corrections will likely yield the best estimates. Furthermore,
as Table 1 shows, the patterns of signal intensity deviations from the phantom experiments
in which the gradient trajectories were first fully compensated and various delays
subsequently applied closely resemble those of simulated phantoms for which the ground
truth is known. These results lend further support to the supposition that full trajectory
correction likely yields the best estimates for actual bone water content.
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At first glance, Figures 4 and 5 seem to indicate that delay-only correction may be sufficient
since the differences appear small. While the profiles of full and delay-only correction may
seem similar, quantitatively, the differences are non-negligible. In the cortical bone regions
of the UTE images (the two “valleys” abutting the high signal marrow region in Figure 5c¢),
the signal intensities in delay-only images are lower than those of full-correction by
approximately 12% as indicated in Figure 6. As Equation 3 shows, bone water concentration
is directly proportional to the measured bone water signal while inversely proportional to the
signal in the calibration sample, and together total bone water in the delay-only correction is
lower by about 9% on average compared to that of full correction due to these offsets (Table
3). Also, while there was good inter-scanner agreement with either delay-only or full
trajectory correction, comparison of Figure 7b and 7c indicates a shift in the mean value of
water content, again reflecting the ~9% difference shown in Table 3.

As Table 3 shows, deviations for pore water is much larger than those of total or bound
water. While total and bound water are derived via Equation 3 using measured signal from
UTE and IR-rUTE images, pore water is computed by subtracting bound from total water.
According to the table, the bias in bound water is relatively small, often negligible. Thus,
any bias in total water will yield about the same absolute bias in pore water. However, since
pore water density is typically a fraction of that of bound water (about one-fourth according
to refs. 1,13), the percent deviation in pore water will become magnified since the same
absolute bias is divided by a much smaller value. For this reason, a substantially larger
deviation is observed for pore water than for total or bound water.

For total water, a statistically significant difference exists between total water measured from
the two MR systems (p = 0.0001), which however, vanishes after accounting for the gradient
errors. For bound water, on the other hand, the difference after correction, although still
marginally significant, is reduced. This observation suggests that the quantification of total
water may be more sensitive to k-space trajectory errors than bound water, a conclusion
inferred by Table 3 as well. This phenomenon may be due to signal contamination from
surrounding soft tissue in the absence of long-T, suppression. In UTE images, the signal
from soft tissues (such as muscle and bone marrow) may be interfering with the signal from
cortical bone in the presence of gradient errors due to signal leakage (Figure 3). In IR-rUTE
images, on the other hand, soft tissues signal are suppressed and signal contamination should
therefore be less of an issue. In fact, this may explain why signal from the calibration
sample, which is mostly surrounded by air, is less affected by gradient errors than cortical
bone in the absence of long-T» suppression (UTE), while they are similarly affected when
soft-tissue signal is suppressed (IR-rUTE) (Figure 6). These effects lead to greater deviations
for total water than for bound water (Table 3).

There seems to be a slight gradient overcompensation when time-delay only correction is
applied. This, at least in part, may be due to the fact that the timing delay in our work is
determined from the midpoint of the rising gradient ramp. In Figure 1f where the two dashed
lines meet, the zeroeth moment at that point should be zero for an ideal trapezoidal
waveform since the gradient has not yet begun to rise. However, when the time delay
correction is applied based on the midpoint of the ramp of an ideal trapezoid, the actual rise
in gradient amplitude from zero will have begun earlier than expected (as shown in Fig. 1f).
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This will lead to an effective shift of the gradient to the left (towards earlier time) and cause
overcompensation for time delay.

One interesting observation from our study is depicted in Table 2 which shows that using
different receive coils yielded different measured gradient errors. There are two possible
explanations for this observation. First, since many modern receivers (including the two
coils we have used) have built-in electronics, such as preamplifiers, small differences in their
performance could potentially yield slightly different timing delays. In addition, differences
in the layout of the conductive coil elements, e.g. size, number and location of rungs, could
lead to slight differences in eddy currents that are generated by the imaging gradients. While
it is also possible that the measurement of the gradient distortions could itself be influenced
by the receive coils, such differentiation is beyond the scope of this paper and may warrant
further investigation.

While Table 2 indicates that both absolute gradient errors and inter-scanner differences in
gradient delays could be small, Table 3 shows that even such small gradient inaccuracies
could cause substantial quantification errors. It seems likely that MR equipment vendors
have in recent years fine-tuned their instruments to minimize these timing errors and eddy
currents effects, in particular since full-echo and UTE radial sequences have become more
popular and these pulse sequences have been provided by the vendors as either product or
“works-in-progress” sequences. Even so, our results show that additional gradient
compensation could further improve measurement accuracy.

The difference in k-space signal between an object at FOV center and the same object offset
from the center is a linear phase shift according to the Fourier shift theorem, with objects
that are further displaced accruing larger phase shifts. Thus, the phase of the received signal
will vary more rapidly from one k-space point to the next with increasing distance from the
FQV center. Consequently, similar errors in k-space mapping will cause different levels of
phase errors, with larger errors occurring for further displaced objects. This phenomenon is
demonstrated in the point-spread-function (PSF) simulations shown in Supporting
Information Figure S1, showing increasing levels of artifacts, namely, broadening peak and
signal leakage into adjacent spatial regions, with increasing distance of a point object from
the FOV center. K-space signal of a point object at FOV center is a constant, and thus no
error will result from k-space mis-mappings. However, with increasing distance from FOV
center, phase of the signal changes more rapidly in k-space, and errors in k-space mapping
will lead to greater phase errors, leading to increasing levels of artifacts. The profiles of the
five samples shown in Figure 3 results from the convolution of an undistorted profile with
the PSFs shown in Figure S1. This is of importance to quantification because the positioning
of a subject and the calibration sample may vary from scan to scan. The measured signal
intensity within the tibial cortex and the sample may be affected to different extents
depending on their spatial locations within the FOV in the absence of a correction. In
addition, the distorted intensity profile of an uncorrected image (Figure 3) may also make
quantification sensitive to ROl placement. Accounting for these gradient imperfections is
expected to improve not only intra-subject test-retest repeatability, but also augment the
sensitivity to differentiate bone water concentrations among subjects.
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Several trajectory correction methods able to handle both time delay and eddy current
(14,19,20,23-25) have been proposed for UTE. The phase mapping technique originally
designed for spiral imaging (26,27), and recently modified for radial UTE acquisitions (23),
was chosen for the current study because it is simple to implement, it does not rely on any
models where assumptions might have been made, and it directly measures the trajectory of
the exact gradient waveform used for UTE imaging.

Although the current study focuses on bone water quantification, the conclusions are equally
applicable to evaluation of bone mineral. Both UTE and ZTE have previously been explored
as an alternative to CT for bone mineral interrogation via 3P MRI (2,6,7,13). Similar
artifacts were observed during our ZTE experiments (not shown here). Although neither
gradient delay nor eddy current-induced gradient waveform distortion matter in ZTE,
potential problems may occur due to timing errors in other hardware components such as the
frequency demodulation unit (17).

Conclusions

In conclusion, the present study shows that gradient imperfections due to hardware-related
timing delays and eddy current-induced waveform distortions compromise not only UTE
image quality but, more importantly, bone water quantification. Correcting for these gradient
system imperfections effectively alleviates image artifacts and may substantially improve /n
vivo bone water quantification inter-scanner concordance.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.

ACKNOWLEDGEMENTS

This research was funded by NIH RO1-AR50068.

REFERENCES

1. Manhard MK, Horch RA, Gochberg DF, Nyman JS, Does MD. In Vivo Quantitative MR Imaging of
Bound and Pore Water in Cortical Bone. Radiology 2015;277(1):221-229. [PubMed: 26020434]

2. Seifert AC, Li C, Rajapakse CS, Bashoor-Zadeh M, Bhagat YA, Wright AC, Zemel BS, Zavaliangos
A, Wehrli FW. Bone mineral 31P and matrix-bound water densities measured by solid-state 31P and
1H MRI. NMR in Biomedicine 2014;27(7):739-748. [PubMed: 24846186]

3. Chen J, Carl M, Ma Y, Shao H, Lu X, Chen B, Chang EY, Wu Z, Du J. Fast volumetric imaging of
bound and pore water in cortical bone using three-dimensional ultrashort-TE (UTE) and inversion
recovery UTE sequences. NMR Biomed 2016;29(10):1373-1380. [PubMed: 27496335]

4. Anumula S, Magland J, Wehrli SL, Zhang H, Ong H, Song HK, Wehrli FW. Measurement of
phosphorus content in normal and osteomalacic rabbit bone by solid-state 3D radial imaging. Magn
Reson Med 2006;56(5):946-952. [PubMed: 17041893]

5. Anumula S, Wehrli SL, Magland J, Wright AC, Wehrli FW. Ultra-short echo-time MRI detects
changes in bone mineralization and water content in OV X rat bone in response to alendronate
treatment. Bone 2010;46(5):1391-1399. [PubMed: 20096815]

6. Robson MD, Gatehouse PD, Bydder GM, Neubauer S. Human imaging of phosphorus in cortical
and trabecular bone in vivo. Magn Reson Med 2004;51(5):888-892. [PubMed: 15122669]

Magn Reson Med. Author manuscript; available in PMC 2021 October 01.



1duosnuen Joyiny 1duosnuey Joyiny 1duosnuen Joyiny

1duosnuep Joyiny

Zhao et al. Page 11

7.Wu Y, Reese TG, Cao H, Hrovat Ml, Toddes SP, Lemdiasov RA, Ackerman JL. Bone mineral
imaged in vivo by (31) P solid state MRI of human wrists. J Magn Reson Imaging 2011;34(3):623—
633. [PubMed: 21761459]

8. Horch RA, Gochberg DF, Nyman JS, Does MD. Non-invasive predictors of human cortical bone
mechanical properties: T(2)-discriminated H NMR compared with high resolution X-ray. PLoS One
2011;6(1):e16359. [PubMed: 21283693]

9. Horch RA, Gochberg DF, Nyman JS, Does MD. Clinically compatible MRI strategies for
discriminating bound and pore water in cortical bone. Magn Reson Med 2012;68(6):1774-1784.
[PubMed: 22294340]

10. Horch RA, Nyman JS, Gochberg DF, Dortch RD, Does MD. Characterization of 1H NMR signal
in human cortical bone for magnetic resonance imaging. Magn Reson Med 2010;64(3):680-687.
[PubMed: 20806375]

11. Biswas R, Bae W, Diaz E, Masuda K, Chung CB, Bydder GM, Du J. Ultrashort echo time (UTE)
imaging with bi-component analysis: bound and free water evaluation of bovine cortical bone
subject to sequential drying. Bone 2012;50(3):749-755. [PubMed: 22178540]

12. Wu Y, Ackerman JL, Chesler DA, Li J, Neer RM, Wang J, Glimcher MJ. Evaluation of bone
mineral density using three-dimensional solid state phosphorus-31 NMR projection imaging.
Calcif Tissue Int 1998;62(6):512-518. [PubMed: 9576979]

13. Zhao X, Song HK, Seifert AC, Li C, Wehrli FW. Feasibility of assessing bone matrix and mineral
properties in vivo by combined solid-state 1H and 31P MRI. PLoS One 2017;12(3):e0173995.
[PubMed: 28296979]

14. Duyn JH, Yang Y, Frank JA, van der Veen JW. Simple correction method for k-space trajectory
deviations in MRI. J Magn Reson 1998;132(1):150-153. [PubMed: 9615415]

15. Alley MT, Glover GH, Pelc NJ. Gradient characterization using a Fourier-transform technique.
Magn Reson Med 1998;39(4):581-587. [PubMed: 9543420]

16. Peters DC, Derbyshire JA, McVeigh ER. Centering the projection reconstruction trajectory:
reducing gradient delay errors. Magn Reson Med 2003;50(1):1-6. [PubMed: 12815671]

17. Jung Y, Jashnani Y, Kijowski R, Block WF. Consistent non-cartesian off-axis MRI quality:
calibrating and removing multiple sources of demodulation phase errors. Magn Reson Med
2007;57(1):206-212. [PubMed: 17139618]

18. Tan H, Meyer CH. Estimation of k-space trajectories in spiral MRI. Magn Reson Med
2009;61(6):1396-1404. [PubMed: 19353671]

19. Atkinson IC, Lu A, Thulborn KR. Characterization and correction of system delays and eddy
currents for MR imaging with ultrashort echo-time and time-varying gradients. Magn Reson Med
2009;62(2):532-537. [PubMed: 19353662]

20. Latta P, Starcuk Z Jr., Gruwel ML, Weber MH, Tomanek B. K-space trajectory mapping and its
application for ultrashort Echo time imaging. Magn Reson Imaging 2017;36:68-76. [PubMed:
27742433]

21. Takizawa M, Hanada H, Oka K, Takahashi T, Yamamoto E, Fujii M. A robust ultrashort TE (UTE)
imaging method with corrected k-space trajectory by using parametric multiple function model of
gradient waveform. IEEE Trans Med Imaging 2013;32(2):306—316. [PubMed: 23144030]

22. Herrmann KH, Kramer M, Reichenbach JR. Time Efficient 3D Radial UTE Sampling with Fully
Automatic Delay Compensation on a Clinical 3T MR Scanner. PLoS One 2016;11(3):e0150371.
[PubMed: 26975051]

23. Magland JF, Saligheh-Rad H, Wehrli FW. Correcting for Gradient Imperfections in Ultra-Short
Echo Time Imaging. 2010; Stockholm, Sweden ISMRM p 3102.

24. Stich M, Pereira LM, Wech T, Weng AM, Ringler R, Bley TA. Trajectory correction for a 3D-
Ultrashort Echo Time (UTE) sequence using the gradient system transfer function. 2018; Paris,
France ISMRM p 0924.

25. Kronthaler S, Rahmer J, Bornert P, Karampinos D. Trajectory correction for ultrashort echo-time
(UTE) imaging based on the measurement of the gradient impulse response function (GIRF) with
a thin-slice method. 2019; Montreal, Canada ISMRM p 924.

Magn Reson Med. Author manuscript; available in PMC 2021 October 01.



1duosnue Joyiny 1duosnuey Joyiny 1duosnuen Joyiny

1duosnuep Joyiny

Zhao et al.

26.

217.

28.

29.

30.

31

32.

33.

34.

Page 12

Papadakis NG, Wilkinson AA, Carpenter TA, Hall LD. A general method for measurement of the
time integral of variant magnetic field gradients: application to 2D spiral imaging. Magn Reson
Imaging 1997;15(5):567-578. [PubMed: 9254001]

Schneider JT, Haas M, Ruhm W, Hennig J, Ullmann P. Robust spatially selective excitation using
radiofrequency pulses adapted to the effective spatially encoding magnetic fields. Magn Reson
Med 2011;65(2):409-421. [PubMed: 20872857]

Campbell-Washburn AE, Xue H, Lederman RJ, Faranesh AZ, Hansen MS. Real-time distortion
correction of spiral and echo planar images using the gradient system impulse response function.
Magn Reson Med 2016;75(6):2278-2285. [PubMed: 26114951]

Latta P, Starcuk Z Jr., Gruwel MLH, Lattova B, Lattova P, Stourac P, Tomanek B. Influence of k-
space trajectory corrections on proton density mapping with ultrashort echo time imaging:
Application for imaging of short T2 components in white matter. Magn Reson Imaging
2018;51:87-95. [PubMed: 29729437]

Brodsky EK, Samsonov AA, Block WF. Characterizing and correcting gradient errors in non-
cartesian imaging: Are gradient errors linear time-invariant (LTI)? Magn Reson Med
2009;62(6):1466-1476. [PubMed: 19877274]

. Zwart NR, Johnson KO, Pipe JG. Efficient sample density estimation by combining gridding and
an optimized kernel. Magn Reson Med 2012;67(3):701-710. [PubMed: 21688320]

Collins CM, Liu Wz, Schreiber W, Yang QX, Smith MB. Central brightening due to constructive
interference with, without, and despite dielectric resonance. J Magn Reson Imaging
2005;21(2):192-196. [PubMed: 15666397]

Hoult DI, Phil D. Sensitivity and power deposition in a high-field imaging experiment. J Magn
Reson Imaging 2000;12(1):46-67. [PubMed: 10931564]

Margosian PM, Takahashi T, Takizawa M. Practical Implementation of UTE Imaging. eMagRes
2012;1(2).

Magn Reson Med. Author manuscript; available in PMC 2021 October 01.



1duosnuepy Joyiny 1duosnuely Joyiny 1duosnuepy Joyiny

1duosnuely Joyiny

Zhao et

al. Page 13

Time Derivative

E——
@ = 1500 ) = 30 L)
E £
3 =
ADC g c 25
= =
= 1000 < 20
/ \ Q D 15
£ 4 &
S 500 3 4 5 10
= 2 n
s 144 il
/E\ \ Spoiler ) + ]
- 5 0 =0
= H K]
S | e 5
o 0 100 200 300 400 © o 100 200 300 400
Time (us Time (us
(bs) Gradient Delay (bs)
Estimation
s (f) o w (e)
£ - E
= “k= 25
£ . € [T
= == 20
< < Gradient ~
E’ 5 15 Delay. /
c e /
£ S g o
(%] (2]
e .
c 0 c
2 9
k=] T
L J | gran B
O 60 80 100 120 140 O
Time (us) Time (us)

Figure 1.
(a) Trajectory mapping sequence based on the technique proposed in [23]. (b) Phase maps

acquired during ramp-up of the readout gradient. (c) Zeroth moment of the readout gradient
(k-space trajectory) obtained by linear fitting of the phase during gradient ramping. (d) Time
derivative of the gradient moment yields the true gradient waveform. (e) Gradient delay
determined by comparing the mid-point of the measured gradient ramp with that of the ideal
gradient (green line). (f) Actual gradient waveform deviates from nominal trapezoid due to
eddy currents.
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(a) Simulated and (c) experimentally acquired UTE images of a standard Siemens phantom
in the presence of gradient delays up to +6 ps along x-direction (left-right) and their
horizontal cross-sectional profiles (b, d). Compared to the profile of simulated images, the
slight unevenness of the signal intensity is likely due to dielectric effects. For comparison, a
gradient echo image of the phantom and its profile are shown in (e) and (f), respectively.
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(a) Simulated and (c) experimentally acquired UTE images of five doped samples used for
bone water calibration in the presence of different amounts of gradient delays along x-
direction (left-right) and (b, d) their respective horizontal cross-sectional profiles. Gradient
delays cause distortions in image profile, as well as leakage of signal into neighboring
pixels, particularly in objects located further from FOV center. Greater signal intensities
observed for the outer samples of the sample array images are due to increasing coil
sensitivity nearer to the head coil elements. For comparison, a gradient echo image and the
profiles of five gadolinium-doped vials positioned in a similar fashion are shown in (e) and

().
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Figure 4.
(a, e) Simulated and (c, g) experimentally acquired UTE images of Siemens phantom and

calibration samples. (b, d, f, h) Profiles (as indicated by the red dashed line) taken from
images reconstructed with no correction, with gradient delay correction only, and with full
trajectory correction are compared.
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Figure 5.
Axial view of 3D (a) UTE and (d) IR-rUTE images of the calf of a healthy subject acquired

with dual-frequency calf coil. (b, c, e, f) Profiles as indicated in the cross-sectional images to
illustrate effect of different reconstruction methods. The inset in the UTE image shows the
placement of ROI’s for bone water quantification.
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Figure 6.

Percent difference in the average pixel intensity within cortical bone or calibration sample
between full, and either partial or no correction. The difference is largest without soft-tissue
suppression (UTE), but smaller when mobile bone water and soft-tissue water and fat are
suppressed (IR-rUTE), and negligible for the latter sequence after correction. This figure
indicates that the differences in computed bone water densities are primarily due to
differences in measured signal from cortical bone regions, as opposed to those from the
calibration samples.
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Figure 7.

Bland-Altman plots comparing bone water metrics between scanners 1 and 2, both equally
configured Siemens Trio Systems, with the x- and y-axes indicating the mean of
measurements from the two scanners and inter-scanner differences, respectively. Note the
tight distributions of values within the five young test subjects (mean age 3745 years) but
large inter-scanner disparity without correction for total bone water (panel a) and to a lesser
extent bound water (panel d). After delay correction the bias vanishes for total water (panel
b) and is much reduced for bound water (panel e). The results are similar for dual correction
(panels c and f, respectively).
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Table 1.
Percent deviation in average intensity measured from ROIs in Figure 2a and Figure 3a as a function of gradient
delay.
Phantom Large Small
Delay (us) Simulation  Experiment Simulation Experiment
1* 2 3 4 5 1 2 3 4 5
-6 -202 -166 -240 -137 -95 -137 -287 -291 -150 -97 -162 -286
-4 -13.8 -112 -120 -83 -65 -83 -156 -160 -92 -66 -103 -151
-2 -7.0 -54 36 -36 -36 -36 -54 -55 -39 -31 -44 -50
0 0.0 00 00 00 00 00 00 00 00 00 00 00
2 7.4 61 -24 24 36 24 06 00 24 31 29 -08
4 15.0 118 -108 42 71 42 -54 -55 34 56 39 -71
6 22.8 166 -257 36 107 36 -174 -156 34 77 39 -181

*
Sample number as indicated in Figure 3.
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Table 2.

Gradient delays (us) measured from two Siemens 3 T Trio scanners with two different coils.

Scanner 1 2
Coil Rapid Siemens Rapid
X Gradient 2.2 0 2.8
Y Gradient 1.0 -13 15
Z Gradient 1.0 -0.5 3.9
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Percent deviations in bone water densities quantified from /in vivo UTE images with no correction and delay-
only correction versus those with full trajectory correction.

Total Water Bound Water Pore Water
Subject Uncorrected Delay Corrected Uncorrected Delay Corrected Uncorrected Delay Corrected
1 15.6 -104 0.0 -0.9 48.3 -30.0
2 16.6 -10.8 0.0 -1.9 52.0 -32.0
3 16.9 -10.1 1.7 -0.9 46.7 -28.3
4 13.9 -7.3 -2.2 -2.2 38.6 -17.5
5 15.7 -9.4 -1.0 0.0 34.8 -19.1
6 16.4 -85 -1.0 0.0 40.0 -20.0
7 16.2 -7.9 0.0 0.0 39.0 -19.5
8 17.0 -9.1 0.9 -0.9 49.2 -27.1
9 13.7 -7.7 2.1 -1.0 28.6 -15.5
10 141 -8.6 0.0 -0.9 43.6 -25.5
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