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Purpose: Optimization of transmit array performance is crucial in
ultra-high-field MRI scanners such as 11.7T because of the increased RF losses
and RF nonuniformity. This work presents a new workflow to investigate and
minimize RF coil losses, and to choose the optimum coil configuration for
imaging.

Methods: An 8-channel transceiver loop-array was simulated to analyze its loss
mechanism at 499.415 MHz. A folded-end RF shield was developed to limit radi-
ation loss and improve the B; efficiency. The coil element length, and the shield
diameter and length were further optimized using electromagnetic (EM) simu-
lations. The generated EM fields were used to perform RF pulse design (RFPD)
simulations under realistic constraints. The chosen coil design was constructed
to demonstrate performance equivalence in bench and scanner measurements.
Results: The use of conventional RF shields at 11.7T resulted in significantly
high radiation losses of 18.4%. Folding the ends of the RF shield combined with
optimizing the shield diameter and length increased the absorbed power in bio-
logical tissue and reduced the radiation loss to 2.4%. The peak B of the optimal
array was 42% more than the reference array. Phantom measurements validated
the numerical simulations with a close match of within 4% of the predicted B} .
Conclusion: A workflow that combines EM and RFPD simulations to numeri-
cally optimize transmit arrays was developed. Results have been validated using
phantom measurements. Our findings demonstrate the need for optimizing
the RF shield in conjunction with array element design to achieve efficient

excitation at 11.7T.
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1 | INTRODUCTION

The MRI community has been continuously pushing for
higher static magnetic fields with an aim to image the
cortical layers and columnar structures at sub-millimeter
scale. The promise of a supra-linear boost in SNR, which
enables higher resolution imaging as well as unique
imaging contrasts, is driving the development of MRI
at ultra-high field (UHF) strengths, such as 7T and
beyond.!-® Because of the advances in hardware and MRI
methods development, 7T scanners have achieved regu-
latory approval as a medical device for limited applica-
tions.”!? To date, stronger magnets such as 9.4T and 10.5T
are being used in neuroscience and clinical research.!!-!3
Following the trend in increasing static magnetic field
strength, a whole-body 11.7T scanner is now operational
at CEA, Neurospin, Saclay.!#'® Further 10.5T and 11.7T
scanners are being planned!” and even a 14T human MRI
scanner is currently under consideration.!®

However, there are significant challenges associated
with UHF MRI such as inhomogeneous Bf field, increased
RF power deposition,* and an increase in magnetic sus-
ceptibility and other imaging artifacts.»*%!° Because of the
increase in magnetic field strength, the Larmor frequency
increases due to the increase in magnetic field strength
and the RF wavelength in tissue becomes shorter than the
dimension of the object to be imaged.?® Especially at 11.7T,
the corresponding wavelength in average brain tissue is
~7cm, which is approximately one-third of the largest
dimension of the human head.

The RF power applied to the transmit coil deposits
energy in the biological tissue, and this increases with
field strength.* Due to the short wavelength, the interac-
tions between the tissue and the electromagnetic (EM)
field results in a spatially dependent energy deposition,
which increases the potential for localized RF heating.!
The energy deposition during routine exams is controlled
by the specific absorption rate (SAR) limits, which is a
measure of the RF power absorbed per unit mass. There-
fore, the ability to provide an efficient and homogeneous
RF excitation while operating within the SAR constraints
is one of the most important engineering requirements in
designing RF transmit coils for UHF MRI.

Transmit arrays are a well-established tool in mitigat-
ing the B} field inhomogeneities at UHF because they offer
additional degrees of freedom to manipulate the ampli-
tude and phase of the currents fed to each individual coil
element.?>"?’ The performance of transmit arrays is often
assessed in terms of transmit efficiency (B / \/1_3), safety
excitation efficiency (BJ,,/ \/SAR10g (max)), and coupling
between the coil elements.?>2* Because of the high oper-
ating frequency at 11.7T (499.415 MHz), the Ohmic losses
in discrete components are significantly higher in addition

to the losses in biological tissue. Practical considerations
include the cable loss between the coil input and the RF
power amplifier, which can be as high as 3dB or even
more, and limited output power levels from the amplifiers.

In addition, coil configuration also plays an important
role in designing transmit arrays. Typically, transmit arrays
can be categorized into two groups, namely transceiver
arrays®2’ and transmit-only receive-only arrays.?>?28
The latter is used most, especially for imaging the brain,
because the number of receive channels is not limited by
the number of transmit channels. High-density receive
arrays have been shown to be beneficial particularly
because of their enhanced parallel imaging performance
at UHF.?>% However, to accommodate the receive array,
the transmit array in transmit-only receive-only configura-
tion must be constructed on a larger coil housing (typical
dimensions for head coils range from 280 to 300 mm diam-
eter tubes), which can further reduce transmit efficiency
because the transmit elements are further away from the
sample.

Therefore, optimizing the array design and extracting
every performance out of the transmit array is an essen-
tial requirement for UHF MRI. In this work, we have
developed a proof-of-concept 8-channel transceiver array
for imaging at 11.7T. The design optimization workflow
combines 3D EM and RF pulse design (RFPD) simu-
lations to achieve efficient excitation within SAR con-
straints. The design process involved extensive numerical
simulations to analyze and minimize various loss mech-
anisms, optimizing the coil design in conjunction with
the RF shield design, and using the EM fields in RFPD
simulations to select the optimal array. The chosen array
has been constructed and phantom results as well as ex
vivo brain images are presented in this article. In this
proof-of-concept work, an 8-channel transmit array was
considered and the dimensions of the RF shield as well
as the coil length were varied. Future work will involve
16-channel dual-row designs as they have been shown to
enhance parallel transmit performance at UHF.3!

2 | METHODS

2.1 | Optimization workflow

In this work, we adopted a new workflow for designing
transmit arrays, which combines EM simulations along
with RFPD simulations. First, a detailed numerical model
of the coil was created in the EM simulation tool, CST Stu-
dio Suite 2021 (Dassault Systems). To identify all sources of
losses within the array, the power budget was investigated.
The next step included optimizing the coil design to min-
imize RF losses and hence, increase the power delivered
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FIGURE 1
of the transmit array with a cylindrical

(A) Numerical model

shield. The lumped elements
(capacitors, blue), the simulation ports
(red), and the Duke body model, which
was truncated to the level of shoulders
are shown. (B) Equivalent circuit of a
single transmit element.

to the biological tissue. This could result in different coil
configurations exhibiting similar transmit efficiency. To
determine the optimal array for imaging, the workflow
included RFPD simulations, which were performed under
realistic SAR and power constraints and consisted of safety
factors for the predictions to be close to the use-case sce-
nario. The chosen array was then constructed, and the
simulation results were validated using phantom scans.

2.2 | Coil model

A detailed model of the transmit array was created in CST,
and simulations were performed using its time-domain
solver, which uses finite-integration techniques together
with RF circuit co-simulation.3>33 The coil design con-
sisted of eight identical rectangular loops arranged on
a fiberglass tube with 285-mm inner diameter (e, = 5.5,
tan 6 = 0.04, wall thickness = 2.5 mm). This diameter was
chosen to allow space for a receive-only array. In the
numerical domain, the loops were made of 2-mm per-
fect electric conductor wires. Each loop was segmented to
accommodate a total of 14 evenly distributed capacitors
(13 fixed capacitors and one trimmer) to tune the loops
to 499.415 MHz, which corresponds to a segment length
of 4/15. This was empirically determined to ensure that
the coil tuning is not dominated by the capacitive cou-
pling to the sample.3* The array elements were matched
to 50 Q through a balanced matching circuit.>> The equiv-
alent circuit is shown in Figure 1A. The fixed capacitors
were represented by lumped elements (blue), whereas
the matching circuit and variable capacitors were substi-
tuted by 50-Q discrete ports (red), as shown in Figure 1B.
Fixed capacitors were modeled with an equivalent series
resistance of 0.438Q and an equivalent series induc-
tance of 1.24 nH, which corresponds to 2.4 pF 100C-series
capacitors (American Technical Ceramics) at 500 MHz.
Although 100C-series capacitors were chosen because of
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component availability, it is possible to further reduce the
Ohmic loss by selecting lower loss component, for example
800C-series. The variable capacitors (two per channel)
were simulated as ideal capacitors. The transmit array ele-
ments were tuned and matched to the Duke body model
from the virtual family,*® which had a 2-mm isotropic
resolution and was truncated below the shoulder level.
Variable capacitors for tuning and matching were adjusted
in circuit co-simulations to achieve an impedance match
of better than —40 dB for each channel.

The array was decoupled by geometrically overlapping
adjacent elements until minimum transmission coefficient
(S,1) value was reached. The scanner bore was represented
by a copper RF shield of 640-mm diameter and 1500 mm
in length. The initial model also consisted of a 300-mm
long cylindrical RF shield with a diameter of 350 mm.
All losses between the coil input and the scanner coil
plug such as cable loss and TR switch loss were measured
at 499.415MHz and modeled as an attenuator in circuit
co-simulation. Individual B} field maps were combined
using the linearity superposition principle. To obtain the
circularly polarized (CP) mode, an equal power of 1 Watt
(W) was applied to all channels with an incremental phase
offset of 45°. The power budget and B field maps were
then obtained using post-processing options available in
CST for CP mode excitation.

To ensure that all ports and lumped elements were
connected properly, local mesh refinement with a step
width of 0.7 mm in all directions was set for the electric
conductors. All simulations used broadband excitations
from 440 MHz to 540 MHz with perfectly matched layers
placed at a distance of one-fourth of the wavelength at
499.415 MHz. The accuracy of numerical simulations was
secured by setting a convergence criterion of —40dB for
the amplitude of the port signals at the end of the sim-
ulation time interval. A typical simulation consisted of
~55 million mesh cells and took ~12 h on a customized Z8
G4 HP workstation equipped with a dual Xeon Gold 5222
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Coil Plug FIGURE 2 The power
| [ Radiated budget identifies all sources of
. _" Power ‘ losses to the power applied to the

|
Input Power Accepted Power | il
I Power

—»‘ Coil Losses

Reflected
Power

processor, 96GB RAM, and one NVidia Quadro RTX 5000
GPU acceleration card.

2.3 | Power budget analysis
The power budget analysis was conducted to identify all
the loss mechanisms within the transmit array.>*3” This
offers insights into the sources of losses and implements
methods to minimize controllable losses. A snapshot of the
loss mechanisms is shown in Figure 2. The input power is
the total incident power at the coil plug and the reflected
power represents power lost because of impedance mis-
match and inter-element coupling. Reducing the coupling
and achieving a good impedance match ensures that the
accepted power in the coil structure is close to the input
power. The power accepted in the coil structure can be
subdivided into power lost because of radiation, coil com-
ponent losses, and power absorbed in the biological tissue.
The optimal design of a transmit array should involve
identifying all loss mechanisms to optimally use the avail-
able RF power in the scanner and achieve efficient trans-
mit excitation within the SAR constraints. Although coil
losses caused by the intrinsic resistances in the lumped
elements and conductors can be easily minimized by care-
fully selecting low-loss components and materials, engi-
neering challenges still remain for reducing the reflected
power and radiated power, especially at 11.7T.

2.4 | Minimization of RF losses using
electromagnetic simulation

The reference design included a conventional cylindri-
cal RF shield (350-mm diameter, 300-mm length) similar
to the ones used in 7T coils to reduce radiation loss.*®
Although this array could be welldecoupled and very low
reflected power could be achieved, a significant amount
of the input power was radiated in the scanner bore,
thereby resulting in a weak B/ field distribution in the

coil. This information can be used
to implement methods to
minimize controllable losses such

" Loss in lumped as reflected power, radiated

elements power, and coil component losses.

Loss in coil
conductors

head model. This loss in performance is because of the cut-
off frequency of the conventional cylindrical shield, which
is ~502 MHz in free-space and very close to the Larmor
frequency of hydrogen nuclei (499.415 MHz) at 11.7T, and
this supports wave propagation. To prevent this radiation
loss and hence, improve the power absorbed in the sam-
ple at 11.7T, the cutoff frequency of the local RF shield
must be increased. Several techniques such as dielectric
and metallic loading have been reported in the literature
to alter the dispersion characteristic of a circular waveg-
uide.* Dielectric lining could be expensive, and it can
increase the overall weight of the coil. Hence, the sim-
plest form of metallic loading in which the ends of the
cylindrical shield were folded until the inner tube was
implemented. We found that the folded-end shield was
sufficient to minimize the radiation loss. Furthermore, the
implementation of the folded-end shield has no adverse
effect on the coil usability and its openness because the
folded sections of the RF shield extend from the outer tube
to the inner tube of the array.

All subsequent optimizations of the transmit array
design were conducted with the folded-end shield in place.
However, designing coils for human brain MRI at 11.7T
is unprecedented and parameters such as optimum shield
diameter and shield length are yet unknown. The extent
of the loop along the z-direction, the diameter of the RF
shield, and the distance from the ends of the loop to the
folded-end sections were varied to determine the config-
uration that offered the best transmit performance. For
each configuration, the adjacent element overlap had to
be individually adjusted to achieve robust S-parameter
performance and minimize the reflected power. This is
time-consuming and laborious because full 3D EM simu-
lations had to be performed for every change in geometry.

To keep the number of simulations tractable, three loop
lengths were chosen: 12 cm (array-o), 15 cm (array-p), and
16 cm (array-y). The diameter of the RF shield was var-
ied from 400 to 450 mm. A snapshot of the different coil
models is shown in Figure 3. In each case, the loops were
always placed at an equal distance from the folded-end
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FIGURE 3  Asnapshotof the (A)
different coil configurations considered

in the electromagnetic and RF pulse

design simulations is shown. The

reference design consisted of a

conventional RF shield similar to the

ones used in 7T head coils.

Ref Design (B)
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a - Desi

Shield dia: 350 mm; Length: 300 mm; Cylindrical shield;  Shield dia: 400 - 450 mm; Length: 240 - 300 mm; Folded

Loop length: 16 cm
B- Desi

(©)

end; Loop length: 12 cm

y - Desi

(D)

Shield dia: 400 - 450 mm; Length: 240 - 300 mm; Folded  Shield dia: 400 - 450 mm; Length: 240 - 300 mm; Folded

end; Loop length: 15 cm

sections. The length of the RF shield was varied from
240 to 300 mm with 20-mm increments. Altering the shield
length in effect corresponds to optimizing the distance
between the loops and the folded end of the shield. In addi-
tion to power budget analysis, the transmit efficiency and
coverage of all configurations were compared in CP mode.
Each version can be identified as follows: for example,
a450(280) represents an array with 12-cm loops, 450-mm
shield diameter, and 280-mm shield length. The total num-
ber of EM simulations given all the configurations above
was 24 (3 x2x4).

2.5 | Array selection using
radiofrequency pulse design simulations

To select the optimal array for imaging, the design opti-
mization included RFPD simulations. The simulated elec-
tric and magnetic field maps from CST were exported on
a 5-mm isotropic grid. Given the B} maps, RFPD simula-
tions consisted of homogenizing the flip angle on a brain
mask. The RFPD simulations were performed under the
following settings to mimic realistic scenarios and con-
straints: 0.92 dB attenuation factor in power on field maps
for cable losses, 1.5 safety factor for inter-subject vari-
ability in virtual observation points;*** peak 10-g SAR
(10 W/kg), global SAR (3.2 W/kg), maximum voltage per
channel (220V), average power per channel (6 W); brain

end; Loop length: 16 cm

mask; 5 and 7 kr-points*? for small tip angle (10°), and
inversion (180°) pulses, respectively; active-set algorithm/
transmit k-space trajectory optimization;*** 40 initial
random seeds; and 300 iterations.

The inversion pulse was 4-ms long. Durations of 0.5 ms
(short) and 1 ms (long) were attempted for the small tip
angle pulse to see the potential impact of SAR and power
constraints. For the calculation of the constraints, a TR
of 15ms was considered for the small tip angle pulses
(3D GRE sequence). For the inversion pulse, a TR of 3s
(MPRAGE) was taken into account. The flip angle nor-
malized root mean square error (NRMSE) results were
compared to select the optimal configuration for imaging.

2.6 | Proof-of-concept coil

The best-performing coil configuration was chosen and
constructed as an 8-channel transceiver array with built-in
TR switches (Figure 4A). The array consisted of two con-
centric fiberglass tubes with inner diameters of 285 mm
and 400 mm, respectively. There were three rings that
connect the two tubes together and stabilize the whole
assembly. The folded sections of the RF shield were real-
ized on the inner faces of the lower ring and the middle
ring as shown in Figure 4A,B. The main cylindrical shield
was slotted to reduce eddy currents and realized using
double-sided flexible PCB (PW Circuits). It was glued onto
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FIGURE 4
the folded-end RF shield, and (C) fully assembled transceiver array.

the inner surface of the outer tube (Figure 4B). A picture
of the completed coil is shown in Figure 4C.

The equivalent circuit of a single element of the con-
structed coil is as per the schematic shown in Figure 1A.
A shielded solenoid cable trap tuned to 499.415 MHz was
connected between the coil input and the TR switch.
Solder pads were attached to the surface of the fiber-
glass tube to solder the components. Each transmit ele-
ment consisted of evenly distributed fixed capacitors
(13x%, 2.4 pF, 100C-series; American Technical Ceramics)
and a trimmer capacitor (1-7.5pF, 5610-series; Johan-
son Manufacturing Corporation). The capacitors were
interconnected using 2-mm diameter silver-plated copper
wire (APX, France). All bench measurements were car-
ried out by loading the coil with a head and shoulder
phantom filled with tissue equivalent solution (e, = 48.7
and ¢ = 0.65S/m at 500 MHz). The insertion loss of the
custom-built TR switches and the 8-channel parallel trans-
mit cable between the coil input and the coil plug was
measured, and this attenuation was then incorporated in
CST circuit co-simulation.

2.7 | Phantom and ex vivo brain
measurement

B'l+ mapping measurements were performed at 11.7T
using the head and shoulder phantom and the selected
RF coil configuration. The sequence used was the
actual flip angle imaging® implemented in interfero-
metric mode.*® Parameters were TR =240ms, 3.2-mm
isotropic resolution, and TA=10min 48s per channel.
Measured complex B] maps were compared with the
EM simulations after additional scaling for unaccounted
losses.

Finally, for additional demonstration and proof of
concept, an RF pulse design was performed based on
measured B] maps and parametrized with 6 kr-points
(total pulse duration of 0.5ms) acquired on an ex vivo

(A) Photograph of the internal hardware with coil elements, cable traps, and built-in TR switches, (B) implementation of

human brain with a target flip angle of 5°. The RF pulse
solution was inserted in a 3D GRE sequence (TR =30 ms,
0.85-mm isotropic resolution, TE =2.6ms, sagittal ori-
entation, iPAT =2, bandwidth per pixel=770Hz, and
TA =12 min 24s5s).

3 | RESULTS

3.1 | Effect of folded-end shield

For the reference design with a conventional cylindrical
RF shield, the average decoupling between the adjacent
array elements and the next-neighboring elements were
—23dB and —18dB, respectively, with a maximum cou-
pling of —17dB. As a result, the reflected power was
minimal (1%). However, only 44% of the input power
was delivered to the biological tissue and a significant
amount of power (18.4%) was radiated from the sys-
tem (Figure 5A). This results in a weak Bj field across
the sample with the maximum value of 1.04 uT for 8-W
input power (Figure 5B), and the energy lost because of
wave propagation along the scanner bore can be seen in
Figure 5C. The effect of folding the ends of the RF shield
can be seen on the power budget shown in Figure 5A and
on the snapshot of the decreased wave propagation along
the scanner bore in Figure 5D. The radiated power was
reduced to 9.2% of the input power and the field was con-
fined within the RF shield, resulting in a stronger B} field
across the sample. Note that on all the power budget plots
presented in this paper, the 1.25 dB attenuation factor that
was added to represent the cable and TR switch loss until
the coil plug should be considered for all the power terms
to be conserved.

These initial results demonstrate that folding the ends
of the RF shield is already effective in reducing the
radiation loss. However, it also shows that the array per-
formance can be improved further by minimizing the
controllable losses. The next sections present the results of
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array with a cylindrical RF shield and
that with a folded-end RF shield before 6
optimization of the RF shield

dimensions. (B) Sagittal slice of BI’ field

Power (W)

map of the reference array in the Duke
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[ Reflected power
[JAbsorbed power =
Bl Losses i
[ Radiated power 1 B

model. The peak B; field in the center 2r

of the brain is ~1.04 pT for 8-W input ﬂ
L . 0

power in circularly polarized mode. (C) Cylindrical Shicld

Demonstration of wave propagation in

the scanner bore. (D) Reduced wave ( C)

propagation because of the folded-end
RF shield and higher B} in the sample.

Posterior <==> Anterior

E

> Anterior
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the transmit array optimization in conjunction with the RF
shield design to achieve efficient transmit excitation.

3.2 | Coil length and shield diameter

For the results shown in this section, the length of the RF
shield is kept constant at 300 mm. Power budget analy-
sis of four configurations consisting of 12- and 16-cm long
loop elements and shield diameters of 400 and 450 mm
are shown in Figure 6A. These are denoted as a400(300),
@450(300), 7400(300), and y450(300). Optimizing the coil in
conjunction with the shield reduced the radiated power
to ~9%, 4%, 5%, and 1% for these four arrays, respectively.

0

Folded-end Shield

Reference array

HE e
o = _—
o is

|Bf| (1T per 8W)

Head <==> Feet

With folded-end RF shield

1.2
1
oC
g
=
0.5 3
v
B
0

Head <==> Feet

As seen in Figure 6A, the power absorbed in the tissue
increases as the losses are minimized. This would result
in improved sample loading and a higher B compared
to the reference array. Note that the results of f-arrays
are not included for simplicity. Furthermore, its perfor-
mance was found to be in between the a-arrays and
y-arrays.

Histograms of the magnitude of the B field gener-
ated by these arrays in CP mode are shown in Figure 6B.
The a-configurations exhibited larger lower tails in the
histogram, representing a more inhomogeneous B; distri-
bution. This is mainly because of the 12-cm array offering
less coverage along the z-direction compared to the 16-cm
array. The coefficients of variation (CV) defined as the
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FIGURE 6 Simulated (A) power
budget and (B) histograms of the
magnitude of the B fields for 8 W input
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standard deviation over the mean, which is a measure
of the B1+ homogeneity in CP mode, were calculated as
follows:

Ccv [(1400(300)] = 41%, (6\Y [a450(300)] = 39%,
(6\Y [}/400(300)] = 27.1%, and CV [}/450(300)] = 27.4%.

The CV of a-arrays in CP mode therefore was signifi-
cantly higher compared to the y-designs.

The a-designs achieved higher peak B} in the center of
the brain compared to the y-designs because they excited
a smaller volume while using the same input power. The
values were 1.55 and 1.7 pT versus 1.48 and 1.58 uT for
8-W input power. Moreover, it is worth noting that for all
array configurations the larger shield (shield 2) provided
less radiated power, fewer losses in lumped components
and metallic parts, and more absorbed power in the sam-
ple. Therefore, for both designs, the peak B} was higher for
the larger 450-mm folded-end RF shield.

Ultimately, from the RFPD simulations, a-configura-
tions exhibited larger flip angle NRMSEs of the kr-points
for all three different pulses as shown in Figure 6C. As a
result, the y-configurations were chosen for further opti-
mization.

3.3 | Length of RF shield

The final step in the optimization process was to investi-
gate the influence of the distance between the folded ends

.?)Q\\\ (3)\\\\\
P BE

I Short 10°
[ Long 10°
[ JInversion

C’\\\\\

of the RF shield and the loop conductors. Figure 7A,B
show the power budget of arrays 400 and y4s0 with shield
length from 240 to 300 mm. The radiated power was <5%
for all arrays. Furthermore, the radiation loss was min-
imum for the 240-mm length shield in the case of y4g0
and the 300-mm shield length for y4s0. The reduction in
radiation loss consequently increased the absorbed power
(Figure 7A,B).

Figure 7C,D is histograms of the magnitude of CP-like
B{ fields inside the brain for all y-designs. The coefficients
of variation are very similar:

CV [7400(240)] = 26.7%, CV [100(260)] = 26.7%,
CV [7400(280)] = 27.0%, CV [y400(300)] = 27.1%,
CV [7450(240)] = 27.1%, CV [1450(260)] = 27.4%,
CV [1450(280)] = 27.4%, and CV [1450(300)] = 27.4%.

To choose the most suitable array for imaging, the
RFPD simulations were carried out once again. NRMSEs
of the kp-point pulses are shown in Figure 7E.

From an RF engineering point of view, the best EM per-
formances correspond to y4q0 (240) and y450(280) because
they had the least radiated power as well as the most power
absorbed in the head. However, based on the results of
the RFPD simulations, both designs y400(260) and y450(240)
are superior in terms of imaging as their simulated flip
angle maps were slightly more homogeneous. Although
these two arrays could provide similar transmit perfor-
mance, y400(260) was chosen for construction because of
the smaller shield diameter. A larger RF shield would
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offset the coil from the isocenter when placed on the
patient table. In comparison to the reference array, the
design optimization steps resulted in an improvement of
42.3% in the simulated peak Bj field in the center of the
brain (from 1.04 to 1.48 uT) with y400(260) (Figure 7F).
Additionally, the loss in the discrete components as well as
the loss in metal of the chosen array reduced from 9.8% to
8.6%. Two more body models were simulated to verify the
robustness of the chosen design (Figure 7G). Furthermore,
the CV of the chosen array reduced from 33% to 26.7%.
3.4 | Coil validation

Figure 8A,B demonstrates good agreement between the
simulated and measured S-parameters of array y4qo(260)
when loaded with a head and shoulder phantom. All

B Accepted power
I Reflected power
[_JAbsorbed power
Il Losses

[ Radiated power

Duke Ella Gustav
channels were matched to better than —30dB in both sim-
ulation and measurement. A higher level of decoupling
was achieved in the constructed coil because the overlap
between the neighbor elements was adjusted individu-
ally while all overlaps were of the same distance in the
simulations. The average adjacent and next-neighbor cou-
pling are —20.5dB and —16.5dB in the simulation versus
—26.7dB and —15.6 dB in the experiment, respectively.
Figure 9 compares the simulated and experimental B}
field maps in the tissue-equivalent phantom while driv-
ing the coil in CP mode. Overall, there is good agreement
in the spatial distribution of the B} field between simula-
tion and measurement. Furthermore, the simulated peak
B/ in the center of the phantom’s head was 1.90 uT per
8-W input power at the coil plug, whereas the measured
value was 1.85 pT. Discrepancies between the simulations
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FIGURE 8 (A,B,C)Stimulated and (D,E,F) measured reflection and transmission coefficients of the chosen design when loading with a
head and shoulder phantom.

(A) :
© 1.55
Qv 2
> g
.
0 -
s 0532
0
(B) 2
° 1.5
B =
© £
S ! g
= =
n 055
0
(€)
- 0.8
o
& 0.6%
3 ?
= 04
2 =
5 0.2
S
0 0
FIGURE 9 (A)Measured
(D) - = and (B) simulated B; field map
v in the head and shoulder
7 = phantom in circularly polarized
] g mode for 8-W input power. (C)
-E 0 F Simulated and measured
2 ; magnitude and (D) phase maps
= i
5 /2 335 of the B field in the head and
.(% shoulder phantom for each

individual channel.

519017 SUOLUWIOD BAIERIO 3|01 e U AQ pouEACB a8 ORI WO 88N 0 Sa NI 0 ARId1 BUIIUO AB]1M UO (SUOIPUOD-PUE-SULBIALIOD"AB|IW ATRq|1[Bu U0//'SANL) SUOIIPUOD PUE SIS | 84} 39S *[£202/70/£0] U0 AXeiq178U1IUO ABIM ‘PUBIOd URIUR0D) A 75962 WILIZOOT OT/I0p/WI00" A3 1 AIR.q 1 PUIUO//SNY OIS POPROIUMOQ ‘0 ‘Y652225T



CHU ET AL.

FIGURE 10

. . .. 11
Magnetic Resonance in MedlcmeJ—

—CP mode |

—pTx mode

50 100

Distance (mm)

Sample (A,C) sagittal and (B,D) coronal slices from the ex vivo data. Images A and B are central sagittal and coronal slices

acquired in circularly polarized mode. C and D are corresponding slices in parallel transmit mode with kr-points design, which mitigates the
RF field inhomogeneity problem. (E) Comparison of signal intensity along a horizontal line projection (yellow) highlights the image

homogeneity achieved with parallel transmit.

and the measurements yet remain in the periphery of the
phantom and are believed to be because of imperfections
of the S-matrix in the numerical domain. There is also
good agreement in the spatial distribution pattern of the
single-channel maps.

Figure 10 presents the ex vivo imaging results. The
NRMSE returned from the RF pulse design over the full
3D brain mask was 8.6%. The CP mode of excitation pro-
duced an intense, bright spot in the middle of the image
as well as a ring of low signal particularly visible in the
coronal orientation, because of constructive and decon-
structive interferences. The use of parallel transmission
here mitigates to a great extent the RF field inhomogeneity
problem by flattening the excitation profile and return-
ing a more homogeneous signal intensity image. No bias
field correction (e.g., because of receive sensitivity) was
performed.

4 | DISCUSSION

This work analyzed the sources of losses to the power
applied to a transmit array at 11.7T, and a solution was
developed to minimize the losses and maximize the power
delivered to the biological tissue. A proof-of-concept
transceiver array was constructed to validate the simula-
tion results using phantom and ex vivo scans. Preserving
the available RF power is especially important at 11.7T
because of the increase in the inherent losses such as on

coaxial cables and components. Furthermore, conven-
tional RF shields act as cylindrical waveguides at 11.7T
and methods must be developed to alter their dispersion
characteristics and minimize power loss because of wave
propagation.

We found that folding the ends of the RF shield and
subsequent optimization steps reduced the radiated power
from 1.47W in the reference design to 0.19 W in the cho-
sen design. The numerical simulations and experimen-
tal validations demonstrate that the folded-end sections
increased the cutoff frequency and effectively prevented
energy loss because of radiation. As a result, BI’ field distri-
bution within the coil is improved as shown in Figure 4D.
Further optimization of the coil in conjunction with the
RF shield geometry resulted in an improvement of B}
efficiency of up to 42% compared to the reference design.

Duke’s full-sized body model and body models trun-
cated at the level of shoulders as well as the neck were
evaluated. The radiation loss was the same (0.19 W) for the
full-sized and the body model truncated at shoulder level.
However, it increased to 0.3 W for the model truncated at
the neck level. This allowed us to use the body model trun-
cated at shoulder level in this study. The computation time
for the full body model was 32 h and 30 min, whereas the
truncated model required 12 h and 30 min, representing a
substantial reduction in computation time. The folded end
RF shield confines the EM field within the coil volume
and hence, the truncated body model was sufficient for
numerical studies.
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Preliminary simulations showed that the Bj effi-
ciency of an array with a 500-mm RF shield diameter is
marginally higher than that of an array with a 400-mm
diameter shield. However, this was not included in fur-
ther optimization because a larger RF coil poses chal-
lenges such as inability to align the coil to the isocenter
in the XY-plane as well as subject’s discomfort in the
neck because the coil would sit high on the patient table.
Based on the Principle of Reciprocity of MR signals, our
result is consistent with Zhang et al.,*’ in which the max-
imum SNR of receive arrays was shown to monotonically
increase with the shield diameter when the loops’ axis is
perpendicular to the shield side or there is no longitudinal
component of the H-field.

Our simulations did not establish a trend between
shield length, shield diameter, and radiated power
(Figure 7A,B). On all array configurations consid-
ered in this work, however, it was observed that the
array S-parameters were significantly altered when the
folded-end sections were close (less than 4 cm) to the coil
elements. Together with the findings in Zhang et al.,*’ our
results emphasize the need to optimize RF shield designs
in conjunction with the transmit array at UHF to achieve
optimal transmit performance.

Our optimization workflow included RFPD simula-
tions to select the optimal configuration, including explicit
SAR and power constraints. One weakness of the RFPD
simulations was that B, field inhomogeneity was not taken
into account for simplicity. The 0.5ms small tip angle
pulse, given its short duration, however, should be rela-
tively robust versus By offsets and its performance, there-
fore, is not much affected. The results demonstrate that the
best-performing coil in conventional CP mode, in terms of
peak B in the center, is not the preferred configuration
as per the RFPD simulations. The array with the maxi-
mum peak B in CP mode indeed does not necessarily
imply the preferred configuration for imaging in terms of
NRMSE. Given the many degrees of freedom in parallel
transmit, the CP mode still was chosen as a simple stan-
dard to first guide the optimizations, but one cannot rule
out the existence of a more relevant transmit mode. In
practice, it also remains useful to have a simple transmit
mode for head localization, By and B; field mapping etc.
Our B; field mapping sequence, for instance here, was an
interferometric sequence playing by default the CP mode
and where transmit channels were sequentially de-phased
by 180° one by one. It is, therefore, desirable that the
default-mode yields reasonable field homogeneity to avoid
strong Bf voids. For our particular coil architecture, the
CP mode returns a relatively smooth profile and close to
optimal CV in a static RF shim configuration. Interestingly
also, one can observe that the NRMSEs found with RFPD
appear to correlate well with the coefficient of variation

of the transmit field in CP mode. As a result, this metric
could potentially serve as a useful guide and surrogate for
RF pulse performance. For the CP mode again, the more
homogeneous profile was returned by the y400(260) design
with a CV of 26.7%, leading after RFPD of kr-points to
less than 7% and 2% NRMSE:s for the small and large flip
angle NRMSEs, respectively. The corresponding CV values
obtained using volume birdcage coils at 3T and 7T are 13%
and 22%, respectively.*®* Although y400(240) and y450(280)
provided the higher peak B} values, y400(260) and y450(240)
were found to be more suitable for imaging by the RFPD
simulations. This suggests in general caution when mak-
ing design choices based on B} maps alone, whereby the
relationship between optimized NRMSE and field maps is
a non-trivial one.

Several transmit arrays for UHF MRI have been
proposed, which use different array elements such as
loops, dipoles, microstrips, and combinations of loops and
dipoles. Although we used a conventional loop array to
demonstrate and validate the workflow, design issues that
are highlighted in this article will be common for the dif-
ferent array elements at 11.7T. Therefore, the presented
workflow is applicable to any of the array types. Future
studies will consist of applying this workflow to determine
the optimal element type that offers the best performance
for MRI at 11.7T.

5 | CONCLUSION

In this paper, we present a new workflow, which is
especially beneficial to develop transmit arrays for UHF
strengths such as 11.7T. Extensive EM simulations in com-
bination with RFPD simulations were used to identify the
suitable array configuration for imaging. An 8-channel
transceiver array was fabricated to validate the numer-
ical simulations using phantom and ex-vivo measure-
ments. Analysis of the loss mechanisms and optimizing
the RF shield design in conjunction with the array design
improved the transmit efficiency by 42% when compared
with the reference design. Importantly, the RFPD simula-
tions performed under realistic SAR and power constraints
demonstrated that the most suitable array configuration
for imaging is not the array that produced the maximum
B/ in CP mode, which is contrary to current practice at
UHF.
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