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a b s t r a c t
This work provides a systematic comparison of the signal-to-noise ratio (SNR), spatial resolution, acquisition time and metabolite limits-of-detection for magnetic resonance microscopy and spectroscopy at
three different magnetic field strengths of 14.1 T, 17.6 T and 22.3 T (the highest currently available for
imaging), utilizing commercially available hardware. We find an SNR increase of a factor 5.9 going from
14.1 T to 22.3 T using 5 mm radiofrequency (saddle and birdcage) coils, which results in a 24-fold acceleration in acquisition time and deviates from the theoretically expected increase of factor 2.2 due to differences in hardware. This underlines the importance of not only the magnetic field strengths but also
hardware optimization. In addition, using a home-built 1.5 mm solenoid coil, we can achieve an isotropic
resolution of (5.5 mm)3 over a field-of-view of 1.58 mm  1.05 mm  1.05 mm with an SNR of 12:1 using
44 signal averages in 58 h 34 min acquisition time at 22.3 T. In light of these results, we discuss future
perspectives for ultra-high field Magnetic Resonance Microscopy and Spectroscopy.
Ó 2020 The Authors. Published by Elsevier Inc. This is an open access article under the CC BY license (http://
creativecommons.org/licenses/by/4.0/).

1. Introduction
Magnetic Resonance Microscopy (MRM) is typically defined as
acquiring images with at least one of the dimensions with sub100 mm spatial resolution [1–3]. Many MRM applications use high
field vertical bore NMR spectrometers with strong gradients to
achieve these high resolutions. In addition to providing highly
resolved structural information based on the water signal in biological specimens, the spatial distribution of chemical compounds
can be obtained using spatially resolved Magnetic Resonance Spectroscopy (MRS). Due to the inherently low spin polarization, MRM
and very high resolution MRS suffer from a low signal-to-noise
ratio (SNR) compared to other techniques [4] such as microCT
[5], fluorescence microscopy and polarized light microscopy [6],
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and this limits the maximum attainable spatial resolutions.
Improvements in spatial resolution are possible by signal averaging at the expense of long experiment times. For MRS, high concentrations (typically in the mM range) of the compound of interest
are required due to the low sensitivity.
The SNR can be expressed in terms of B0, the detector sensitivity
given by the B1 field per unit current I, the number of spins Ns, T the
sample temperature, and Vnoise the noise from coil and sample
(Eq. 1) [7].
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For MRM, cryoprobe technology which reduces the contribution
of Vnoise (IV) is not widely available and unavailable above
500 MHz (11.7 T). The most common way to improve the SNR is
simply to move to higher magnetic fields. For example, by going
from 14.1 T to 22.3 T, the SNR theoretically increases by a factor
of 2.2 due to the relation SNR ~ B7/4
0 , taking into account the
B0-dependence of the detector sensitivity (III) [8]. However, theoretical improvements of the SNR caused solely by the B0-increase
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are challenging to measure experimentally as the hardware, RFcoil quality and technical capabilities of the used NMR systems differ (cf Table 1). Several SNR-formulations for comparing coil performances are readily available in the field of Magnetic
Resonance. These include localized time-domain SNR (SNRt) [9],
spectral SNR (SNRf) [9], and image SNR (SNRi) [10]. For MRI applications, spin sensitivity per unit volume is the most relevant measure [11], and thus image SNR normalized to unit volume (SNRi,v) is
a useful measure when comparing different MR images. Other MRI
parameters such as bandwidth, matrix size, number of signal averages, acquisition time, repetition time and echo time (notably in
their respective ratios to the T1- and T2- relaxation time) should
either be kept constant or taken into account when comparing different experiments [10,12]. In this paper, we took a practical
approach of comparing SNR using the same MRI parameters on
the same samples and using similar coils (d = 5 mm) at three different magnetic field strengths.
Besides using the increase in sensitivity at the higher magnetic
field strength of 22.3 T for higher spatial resolutions, it is wellknown that one can also use the increased sensitivity for faster
image acquisition, and therefore potentially to image dynamic
systems. The acquisition time (tacq) depends on the desired
signal-to-noise ratio SNR, coil diameter d, spin-lattice (T1), spinspin relaxation times (T2 or T2*), and the voxel volume (Dx)3
[3,13] (Eq. (2)).
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In this research, we investigate the effect of high to ultra-high
magnetic field strengths B0 on SNR, by comparing volume coils at
different field strengths (14.1 T, 17.6 T and 22.3 T) using standard
gradient sets of 2–3 T/m and room temperature conditions for RF
coils and sample. At the highest field strength of 22.3 T (1H Larmor
frequency = 950 MHz), we additionally studied detector sensitivity
by comparing a home-built 1.5 mm solenoid coil with a commercial 5 mm birdcage coil. The improved SNR is quantified for all coils
and systems and can be used for optimizing acquisition time, spatial resolution and pushing limits for target sample concentrations.
In addition, we determine the detection limits of a metabolite at
22.3 T using the 5 mm birdcage coil. We show that the higher
SNR obtained at a B0-field of 22.3 T, combined with an increase
in detector sensitivity using our home-built solenoid coil, allows
a measurement with a voxel size of (5.5 mm)3. We place our results
which are obtained on the highest field strength currently available for MRI including a commercial gradient system of 3 T/m
and room temperature coil and sample temperature in perspective
with respect to the values achieved by other research groups with
highly optimized components such as gradient fields up to 65 T/m
[23] and coil temperatures (Teff) down to 28 K [24]. Finally, we

discuss possibilities and challenges for ultra-high field MRM and
provide an outlook for the next milestone in future magnetic field
strengths for MRI.
2. Experimental
2.1. Spectrometer specifications and hardware
The NMR spectrometers used were a 14.1 T system at Wageningen University & Research, a 17.6 T system at Leiden University
and the 22.3 T system of the national Dutch NMR facility (uNMRnl) located at Utrecht University. All systems are equipped with a
Micro5 probe and ParaVision 5 (17.6 T) or ParaVision 6.0.1
(14.1 T and 22.3 T) (Bruker, Ettlingen, Germany). Other relevant
specifications can be found in Table 1.
On the 17.6 T and 22.3 T systems commercial 5 mm 1H birdcage
coils were used, while on the 14.1 T system we used a dual coil
(1H/2H) saddle coil, where the 1H is the 5 mm inner saddle coil
(all Bruker, Ettlingen, Germany). For the 5 mm birdcage coils, the
linear mode is forced by the absence of two rungs at opposite sides
of the coil element and thus only linear operation is enabled.
Additionally, we built a customized solenoid coil for the 22.3 T
spectrometer for 1H-imaging by hand-winding enamelled copper
wire of 0.4 mm diameter around a 1.5 mm capillary with 6 turns,
adding to a solenoid length of 2.2 mm. A fixed tuning capacitor
(2.5 pF) and a variable matching capacitor (1.5–6 pF) were added
to the resonance circuit mounted on a PCB-board and attached to
a support, compatible with the Micro5 probe socket, which utilizes
its own in-built RF circuitry.
2.2. SNR tests, calculations and Q-factor measurements
To compare the radiofrequency-coils of different systems, a
solution of 20% (v/v) H2O, 80% (v/v) D2O and 6.3 mM CuSO4 was
used (T1 = 265 ms; T2,apparent = 75 ms @ 22.3 T (Figure S1)).
T2,apparent is reported as the T2 values were determined based on
a T2-map in imaging mode. The T2 value at the chosen image
resolutions is resolution dependent and lower than the intrinsic
T2 value [14]. For the commercial 5 mm coils (saddle and solenoid),
the solution was inserted in a 5.0 mm NMR tube (inner diameter
(ID) 4.0 mm), while for the 1.5 mm solenoid coil, we used a
1.5 mm capillary (ID 1.0 mm) (Hilgenberg, Germany) sealed with
capillary wax (Hampton Research, USA). A Micro5 gradient coil
system was used for all experiments (Table 1).
For SNR-tests, a multi-slice spin-echo sequence (MSME) was
used with a repetition time (TR) of 1 s, an echo time (TE) of 7 ms
and 1 average (NA). The matrix size was set to 256  256 with a
field-of-view (FOV) of 6 mm  6 mm, resulting in an in-plane resolution of 23.4 mm  23.4 mm. The receiver bandwidth was set to
100 kHz (101 kHz @ 17.6 T due to hardware constraints). The slice

Table 1
Hardware overview the 14.1 T, 17.6 T and 22.3 T spectrometers and imaging equipment.

Magnet bore size
Manufacturer
Instrument type
Commercial RF coil

Home-built RF coil
Gradient system
Gradient power supply
Gmax, achievable
*

14.1 T

17.6 T

22.3 T

Standard bore (52 mm)
Bruker
Avance III
5 mm dual saddle
1
H inside
2
H outside
–
Micro5
GREAT 60
3 T/m

Wide bore (89 mm)

Standard bore (52 mm)

Avance I
5 mm birdcage

Avance III HD
5 mm birdcage

–
Micro5
BAFPA 40
2 T/m*

1.5 mm solenoid
Micro5
GREAT 60
3 T/m

Due to the gradient amplifiers, this gradient set is limited to 2 T/m.
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thickness was adjusted to 0.5 mm to achieve an identical receiver
gain of 101 to avoid signal clipping on all three spectrometers and
thus allow for comparison while maintaining sufficient SNR for
quantification at the lowest field strength (see Bruker manual
”Microimaging for Avance III systems” [15]).
To calculate the SNRi,v, regions of interest were chosen in the
signal area of the image and the noise area of the image and the
mean and standard deviations were determined in FIJI/ImageJ
[16]. For the region of interest in the noise area, four regions of
interest in the corners of the image were selected and the mean
and standard deviations were averaged. We calculated the SNR
ratios by determining the SNR of the (magnitude data) image
and normalising by the volume of a voxel (Eq. (3)) with mean of
the signal (mS), mean of the noise (mN), the standard deviation of
the noise (rN) and the voxel dimensions in read (dr), phase (dp)
and slice directions (ds).

SNRi;v ¼

lS  lN
1

dr  dp  ds
rN

ð3Þ

The average SNRi,v of three slices is reported for each 5 mm RF
coils. For the value of SNRi,v of the 1.5 mm solenoid coil only two
slices are used due to the small homogenous B1 region of the coil.
A DC-offset artefact was visible in the image of the 17.6 T. This did
not impair the SNR-quantification as the ROI’s were chosen outside
of the DC offset (line) artefact.
Q-factor measurement on all coils on their respective probe
base were performed using the S11-measurement on a network
analyser (Agilent Technologies). Each coil and probe combination
was tuned and matched prior to each Q-factor measurement. The
resulting Q-factor was calculated by:

Q¼

x0

Dx0ð@7dBÞ

ð4Þ

where the bandwidth Dx0 is measured at the 7 dB level. The Qfactor values of the RF-coil loaded with the reference sample Qloaded
deviate by 7% from Qunloaded, showing that for the relatively lowconductivity samples used in this study the loss is coil-dominated.
2.3. Metabolite detection limit using localized spectroscopy
As a reference solution for the detection limit measurements,
we used 5 mm tubes filled with 100 mM and 10 mM sodium acetate in de-ionized water. The temperature during the measurements was kept at 298 K. The 5 mm birdcage (@ 22.3 T) coil was
used.
A localized spectroscopy sequence (PRESS) was used to record a
spectrum on a voxel of 125 nL (500  500  500) mm3 volume, with
TR 1 s, TE 7.2 ms, spectral bandwidth 9.5 kHz and (1) NA 16, tacq
16 s for 100 mM and 10 mM of acetate or (2) NA 512 and tacq
8 min 32 s for 10 mM of acetate. The VAPOR-scheme was used
for water suppression, and VAPOR pulse powers were calibrated
prior to the PRESS-measurements. The voxel of interest was centred on the acetate concentration by correcting fo the chemical
shift. For shim adjustments, the MAPSHIM shim calculation based
on a B0 map was used, followed by (automatic) iterative shimming.
A line-broadening of 5 Hz was applied during processing.
2.4. Effect on acquisition time
A piece of Lily root (Nymphaea odorata) was fixed in 4% (v/v)
formaldehyde. It was then transferred to fomblin, which does not
give 1H-MR signal and to avoid susceptibility artefacts at the airtissue interface [17,18].
A FLASH-2D experiment was recorded at the three spectrometers (14.1 T, 17.6 T and 22.3 T) with a matrix size of 256  256

3

and a field-of-view of 4 mm  4 mm, resulting in an isotropic spatial resolution of (15.6 mm)2 with a slice thickness of 100 mm. Other
imaging parameters were repetition time (TR) 60 ms, echo time
(TE) 4.0 ms (4.4 ms @ 17.6 T due to hardware constraints), flip
angle 30° and a receiver bandwidth of 50 kHz. The number of averages was 768, 128, 32, and tacq was 3 h 17 min, 32 min 46 s, 8 min
11 s for 14.1 T, 17.6 T and 22.3 T, respectively. Furthermore, the
5 mm volume RF coils, namely a saddle on the 14.1 T and birdcage
coils on the 17.6 T and 22.3 T were used for these experiments. The
SNRi from the magnitude images was determined with

SNRi ¼

lS  lN
rN

ð5Þ

with mean of the signal (mS), mean of the noise (mN), and the standard deviation of the noise (rN).
2.5. Spatial resolution
The spatial resolution phantom was prepared using spherical
polymer (PMMA) beads called SpheromersÒ CA40 (Microbeads,
Skedsmokorset, Norway) and doped water (6.3 mM CuSO4). The
capillary was approximately half-filled with beads, as trapped air
bubbles could still be removed during sample preparation when
the capillary was not completely filled with beads.
To test a very high spatial resolution, the 1.5 mm solenoid coil
was used on the 22.3 T system. A 3D-FLASH sequence was used
to obtain a spatial resolution of 5.5 mm  5.5 mm  5.5 mm with tacq
of 58 h 34 min. Other imaging parameters were TE 5.5 ms, TR
130 ms, NA 44, matrix size 288  192  192, field-of-view 1.575
mm  1.050 mm  1.050 mm and receiver bandwidth
40.761 kHz. The intensity of the (magnitude) image data was plotted using ImageJ [16].
3. Results
3.1. Hardware
Since the available hardware, such as the consoles, available
coils and maximum gradient strengths differ between the systems
(Table 1) we kept the experimental parameters constant, wherever
feasible.
As mentioned earlier, a commercial saddle coil was used on the
14.1 T (Fig. 1A) and a commercial birdcage coil at the 17.6 T
(Fig. 1B) and the 22.3 T (Fig. 1C- left). Additionally, we built a solenoid coil with a coil diameter of 1.5 mm to accommodate smaller
samples (Fig. 1C – right).
3.2. SNR and Q-factor measurements
The experimental SNRi,v increased with increasing field
strengths from 2.2  104 mm3 at 14.1 T, to 5.9  104 mm3 at
17.6 T and 1.3  105 mm3 at 22.3 T using the 5 mm RF volume
coils on all three spectrometers (Fig. 2A). This corresponds to a factor of 5.9 from 14.1 T to 22.3 T using 5 mm RF volume coils.
When increasing the detector sensitivity by using a home-built
solenoid coil (d = 1.5 mm), the SNRi,v increased further by a factor
of 3.5 with respect to the 5 mm birdcage coil at 22.3 T (Fig. 2A). The
same image could thus be recorded 12 times faster if the sample
geometry allows the same FOV [13]. According to Hoult and
Richards [8], experimental comparison of different coils can be
achieved by comparing the 90°-pulse lengths at a given power.
Comparing the SNR based on the 90°- pulse of the solenoid and
the birdcage at 22.3 T, i.e. the ratios pB1ﬃﬃP [19], an increase of a factor
4 is found.
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Fig. 1. The exchangeable coil inserts of the different spectrometers are shown. A.) On the 14.1 T spectrometer, a 5 mm 1H/2H dual insert was used with the inner coil being
the 1H- saddle coil. B.) The 17.6 T spectrometer was equipped with a 5 mm birdcage coil and C.) for the 22.3 T spectrometer a 5 mm birdcage and D.) a home-built 1.5 mm
solenoid coil (red highlight) was used.

Fig. 2. A) Signal-to-Noise Ratio for different coils at 14.1 T, 17.6 T and 22.3 T shows an SNRi,v increase for the 5 mm volume coils with an increase of B0 field and an SNRi,v
increase for the 1.5 mm solenoid compared to the 5 mm birdcage(@ 22.3 T). B) The Q-factor of all available coils of the different spectrometers were determined. C) All
numerical quantities as depicted in A and B are listed.

Furthermore, a comparison of the Q-factors showed that both
birdcage coils (@ 17.6 T and 22.3 T) had the highest Q-factors with
500 and 561 respectively, while the solenoid and the saddle coil
had lower Q-factors, with 271 and 200 respectively (Fig. 2B and
2C). Approximately a linear increase of the Q-factor is expected
for equivalent coils as function of the resonance frequency. The
observed deviation in Q-factor indicates that the coil losses of
the 5 mm saddle (@ 14.1 T) is higher than in the two 5 mm birdcage coils. The afore-mentioned difference between experimental
SNRi,v increase of a factor 5.9 and theoretical value 2.2 can be par-

tially explained by the lower Q-factor of the 5 mm saddle coil (@
14.1 T).
In an ideal comparison, a theoretical 10-fold increase of
volume-normalized SNRi,v is expected when going from a 5 mm
birdcage (@ 22.3 T) coil to a 1.5 mm solenoid (@ 22.3 T) coil at
the same field strength, due to the decrease in coil diameter (factor
3.3) [10] and changing the geometry from birdcage to solenoid
(factor 1:3) [20]. The experimental SNR-increase by comparing
the SNRi,v is only a factor of 3.5 and is likely to be explained by a
number of factors. First, the theoretical factor due to changing a
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geometry, which is shown by Hoult and Richards from a saddle to
solenoid coil [8], decreases from 3:1 towards a factor 2:1 when a
smaller solenoid length to diameter ratio is used, as in the present
research. Second, this theoretical geometry is valid for optimized
coils in terms of the proximity effect [8], which is not the case in
our solenoid coil due to the tighter winding. Third, higher resistance in additional tuning and matching capacitors in the solenoid
(Fig. 1C) especially at high frequencies lead to losses in the overall
SNR of the coil. A more systematic optimisation of different coil
parameters would be needed to conclude if the theoretical
improvement factor can be reached.

3.3. Determining the detection limits for metabolites at 22.3 T using
5 mm RF coils
To determine the detection limit of potential metabolites, a
localized spectroscopy experiment was performed on the 5 mm
birdcage (@ 22.3 T) using a voxel volume of (500 mm)3, corresponding to 125 nL (Fig. 3). 100 mM of acetate could be detected with 16
averages over a 16 s acquisition time with an SNR of 25:1 (Fig. 3A),
while the SNR of 10 mM acetate was slightly above 2:1 using the
same parameters (Fig. 3B). When measuring 10 mM acetate with

5

512 averages for 8 min and 32 s acquisition time, the peak was visible with an SNR of 12:1 (Fig. 3C).
The ability to detect these low-concentrated metabolites in
small volumes enables highly spatially resolved spectroscopy of
the spatial heterogeneity of biological specimen < 4 mm.
3.4. Decreased acquisition time at constant spatial resolution
The increased SNRi,v at higher B0 can also be used to minimize
the tacq of the MRI experiment. To enable the direct comparison a
piece of Lily root was fixed and a 2D-FLASH experiment as a
cross-section through the root was recorded on all three systems
using approximately the same slice location in the same sample
(Fig. 4). We first recorded the 2D-FLASH on the 22.3 T and obtained
an SNR of 12.9 in 8 min and 11 s (Fig. 4C). To obtain a similar SNRi
at identical spatial resolution, we adapted the number of signal
averages which resulted acquisition times of 33 min at 17.6 T
(Fig. 4B,4D) and 3 h and 17 min at 14.1 T (Fig. 4A, D). Thus, at
22.3 T we can accelerate the same imaging experiment 4 times
with respect to 17.6 T and 24 times with respect to the 14.1 T.
Image contrast differs with the contrast between cell walls and
cell cytoplasm increasing from 14.1 T to 22.3 T (Fig. 4A-C). The signal is decreased in the cell walls due to shorter T2* most likely
caused by magnetic susceptibility difference in the cell walls,
which have a stronger effect at higher magnetic field strengths
[21,22]. While this T2* decrease at high field strengths can be a disadvantage for imaging at ultra-high field, in this case, it is favourable for increased contrast and Fig. 4C shows that especially the
smaller cells around the xylem bundles are distinguishable at
22.3 T, while they are less apparent in the 14.1 T. Surprisingly, susceptibility artefacts which are expected at a high-field strength
seem not to increase towards 22.3 T. The small artefact at the
14.1 T stems most likely from an air bubble as the slice has shifted
slightly with respect to the slice at 22.3 T or appeared during sample storage between measurements.
3.5. Spatial resolution achievable using 1.5 mm coil with tacq of 58 h

Fig. 3. Localized Spectroscopy (PRESS) on different acetate concentrations at 22.3 T
A.) 100 mM acetate and B.) 10 mM acetate on 125 nL in 16 s C.) 10 mM acetate 125
nL in 8 min and 32 s.

To estimate the spatial resolution achievable at 22.3 T with
using a geometrically well-defined sample, we used a phantom
consisting of polymer (PMMA) beads with a diameter of 40 mm
(Figure S2) in doped water and the 1.5 mm solenoid coil. The

Fig. 4. 2D-FLASH experiments of the same fixed Lily root section at A) 14.1 T B) 17.6 T and C) 22.3 T. The slice position was slightly shifted between the three experiments. The
image inserts show an enlarged region of the image. D) The SNRi and the measurement times demonstrate the much shorter experiment times possible at 22.3 T.
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Fig. 5. All images were acquired with a 3D-FLASH experiment with (5.5 mm)3 isotropic resolution A) One plane of the 3D-FLASH showing the cross-section of the capillary
half-filled with PMMA beads B) One plane orthogonal on A) through the centre of the capillary is shown; C) From the same 3D dataset a plane with packed beads at the
bottom of the capillary; D) Close-up image of 4 beads (indicated with a green frame in image C, the scale bar corresponds to 50 mm; E) Intensity profile of the cross-section
through the beads across the area indicated in C and D with a yellow rectangle. (For the color version of this image, we refer to the web version of the research article)

PMMA beads are densely packed at the bottom of the capillary and
less ordered towards the middle of the sample (Fig. 5A). The capillary was not completely filled with beads. An SNRi of 12 was measured in the top part where only doped water was present
(Figure S3). Fig. 5B shows a plane of this 3D-dataset with a nominal
resolution (5.5 mm)3, corresponding to 164 fL. A video of this full
3D-experiment is available (Figure S4). Enhanced image intensity
around the beads is observed likely due to diffusion edge enhancement. Small air spaces in the sample in combination with the gradient echo sequence used caused susceptibility effects in the form
of a low image intensity. An image plane located at the bottom of
the phantom (Fig. 5C) shows that the PMMA beads are ordered due
to dense packing and enables the identification of the individual
beads. If the intensity across individual beads (Fig. 5D) is plotted,
the separation of individual beads can be confirmed (Fig. 5E). However, significant intensity differences over the bead at the right side
of the image show that for rigorous data analysis a higher SNR
might be needed.
4. Discussion
4.1. Spatial resolution and acquisition times
At the advent of the field of Magnetic Resonance Microscopy,
predictions concerning the limits of resolutions stated a ‘brick wall’
around 10 mm [1] due to sensitivity limitations. To push the limit of
resolution, numerous researches have successfully increased SNR
by moving to higher B0 and used highly-sensitive RF microcoils

[23–28]. However, these studies have in common that in addition
to microcoils, dedicated hardware such as extremely high gradient
field strengths up to 65 T/m [23] or low temperatures [24] were
utilised, which mitigate resolution limiting factors such as T2-line
broadening and diffusion limitations [10,29]. In this research (Section 3.4), we have demonstrated that a 3D-scan at high resolutions
is possible when using a 1.5 mm solenoid coil in combination with
a high field strength and standard gradient set of 3 T/m. Our solenoid coil had a larger diameter than those used in previous
research and we were able to obtain larger FOVs (1.58 mm  1.0
5 mm  1.05 mm). The key difference is therefore that our setup
enables high-resolution 3D MRI measurements at larger FOV and
object sizes than previous research [23–28] using standard gradients of 3 T/m for this experiment.
However, the SNR increase by B0 and detector sensitivity
increases will not be sufficient to increase the spatial resolution
at our current 22.3 T system further. Linewidth-affecting factors,
such as diffusion, T2-broadening and susceptibility are known to
limit the achievable spatial resolution [1,30]. Higher magnetic field
gradient strengths mitigate these effects and lead to a lower contribution of these effects to the broadening of the point-spread function [29,31]. Using our current system with a gradient field
strength of 3 T/m, the resolution limit is predicted to be around
4 mm [29,31]. Gradient development is an essential component to
increase the achievable spatial resolution also at ultra-high field
strength B0. At higher resolution, the true resolution becomes diffusion and T2 limited [30]. Susceptibility artefacts due to for
instance air spaces are a problem at the presented ultra-high field

J.R. Krug et al. / Journal of Magnetic Resonance 316 (2020) 106770

strength of 22.3 T. To this end, pure phase encoding approaches are
promising firstly to overcome the resolution limit arising from diffusion and secondly as they suffer less from susceptibility artefacts
[32–34]. To approach the optimal resolution close to the resolution
limit, additionally multiple echo summation should be considered
[1].
4.2. Opportunities and challenges of MRM at ultra-high field strength
The most obvious advantage of using higher field strength is the
SNR increase for a given measurement time. This can be conveniently used for faster acquisition, so shortening of the acquisition
time with respect to lower-field spectrometers. Furthermore, as
the detection limit is lowered by the increased SNR, it can be used
for imaging metabolites at tens of mM concentrations in small volumes of interest of 125 nL. In contrast to localized spectroscopy in
smaller sample volumes within biological cells which has readily
been shown on microcoils [35,36], our results show the possibilities of spatially resolved metabolite detection in a commercial
5 mm coil and therefore its application to larger sample sizes,
where the high-field can provide sufficient SNR for metabolite
MRM in plant tissues [37,38].
At higher field strength, the T2 decreases while the T1 increases.
Therefore, MR parameters for acquisition need to be optimised to
allow for a short echo time and a longer repetition time for maximum signal acquisition, in case of quantitative measurements. T2quantification below 100 mm resolution is dependent on the image
resolution [14]. The resolution dependence impedes the quantitative interpretation of high-resolution T2 maps, and a distinction
based on T2-maps is getting more difficult due to the convergence
of apparent T2 values. As an alternative workaround for highresolution T2-experiments at high B0, T2-prepared sequences could
be used for high resolution quantitative imaging. However, these
come with increased measurement time, as only one echo time
point could be measured in each repetition time.
Susceptibility effects increase with increasing field strengths,
which can lead to positive as well as negative effects. On the one
hand, it can decrease T2* values of certain tissue types and therefore enhance image contrast, which is beneficial. The T2* values
decrease towards higher magnetic field strengths caused by mesoscopic magnetic field inhomogeneities in e.g. cell walls can manifest as an advantage due to an increased contrast in the
(inevitably) T2*-weighted images (see section 3.4) [38]. This could
lead to an increased contrast-to-noise ratio comparing two different compartments within a sample. With a suitable sample this
could be quantified across different field strength including
22.3 T. On the other hand, macroscopic inhomogeneities caused
(e.g. air bubbles) can cause severe image artefacts, and therefore,
not all samples are suitable for MRM with frequency-encoded
sequences at ultra-high field. Spin-echo sequences are more robust
than gradient-echo sequences but are used at the expense of longer
tacq. Examples of factors causing susceptibility artefacts are the
presence of air spaces in the phantoms or tissues [10] and materials containing paramagnetic ions. Air spaces which cause image
artefacts in biological tissues can be resolved by infiltrating the tissue by perfluorodecalin [39]. When imaging an activated carbon
granule [40], we also observed strong image artefacts, which are
suspected to be due to the paramagnetic ions which are present
in the activated carbon granule. Efforts to reduce the amounts of
paramagnetic ions have paid off; we could complete this study
on 14.1 T but have not yet obtained artefact-free images on
22.3 T. To extend the applicability of ultra-high field, susceptibility
free imaging approaches could be tested such as SPEN [41]. Leftin
et al.[41] showed that DW-SPEN has advantagesover DW-EPI at
21.1 T. Additionally, pure phase encoding approaches such as SE
SPI, SPRITE or BLIPPED [32–34] could be evaluated.

7

5. Outlook and Conclusion
Using the SNR-increase for shorter tacq at 22.3 T offers opportunities for imaging systems in a shorter time and potentially
dynamic systems. To improve acquisition times further, combining
the ultra-high field with acceleration techniques (e.g. compressed
sensing) [42] techniques would be very promising.
To further increase SNR for MRI and MRS at ultra-high field
strength, additional methods for sensitivity enhancement could
be used. Chemical Exchange Saturation Transfer (CEST) can detect
lower concentrations of metabolites as saturation of the exchangeable metabolite protons and the subsequent exchange with water
protons lead to a signal amplification over direct localized spectroscopy methods [43]. Higher field strengths are postulated to
be advantageous for CEST as the chemical shift dispersion is higher
and allows for more selective saturation. Additionally, hyperpolarization techniques such as SABRE [44] and DNP [45] are being
developed for in vivo MRI application and can lead to promising
applications in MRS in the future.
Where will the developments go with ultra-high field MRI
when the first magnets above 23.5 T are becoming available? With
the current 5 mm diameter coils, we do not expect B1inhomogeneity problems due to interference, which is a challenge
at high-field MRI for medical applications. The SNR increase
expected at this field strength will certainly enable to image with
a higher spatial and shorter acquisition time which will be advantageous for numerous applications. However, we do not expect to
breach the resolution limit of (5 mm)3 considerably as this resolution limit is the regime where it is limited by the maximum gradient strength of the currently commercially available gradient
strengths on NMR spectrometer systems [29]. Furthermore, coil
development and dedicated setups are highly recommended for
smaller samples (d < 3 mm).
Using a 22.3 T magnetic field strengths we have shown that a
5.9-fold increase of the volumetric SNR can be achieved compared
to the 14.1 T using 5 mm commercial volume coils at the respective systems. When using a home-built 1.5 mm solenoid coil, this
further increases with a factor 3.5 with respect to the 5 mm volume coil at the 22.3 T. This SNRi,v increase can be used for faster
imaging, lower spin concentrations in localised spectroscopy or
increasing the spatial resolution until the resolution limit. Spatial
resolution of down to (5.5 mm)3 using a standard gradient set
and a large FOV demonstrate the opportunities for highresolution MRI with larger specimens. The detection limits on
localized spectroscopy in a 5 mm birdcage show the potential of
using ultra-high field MRI for metabolite detection. In future, a
combination with additional sensitivity enhancement techniques
could open the field of MRM to a wider range of spatially resolved
metabolite imaging applications.
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