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arrays, however, approach the central uiSNR at 7 T, but fail to do so at 10.5 T,

suggesting that more coils and/or different type of coils will be needed at 10.5 T

and higher magnetic fields.
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1 INTRODUCTION

Magnetic field dependent increases in ultimate intrinsic

SNR (uiSNR),1–6 the theoretical upper-bound of achiev-

able SNR, are central to efforts aimed at exploiting ultra-

high magnetic fields for MR based biomedical research,

particularly those targeting the human brain.7–15 Captur-

ing this uiSNRadvantage requires RF coil arrays composed

of distributed receive elements.16 Using electromagnetic

(EM) field simulations, the number of elements required

to maximize the SNR in a sphere with dimensions and

electrical properties approximating the human head was

shown to depend on the magnetic field strength and spa-

tial location17; 32 loop elements were sufficient for cap-

turing most of the uiSNR in the central regions at the

magnetic fields examined while at the periphery, where

uiSNR is intrinsically high, a larger number of elements

continued to provide increasing gains. However, these

conclusions are based on analytical EM models of ideal-

ized conditions. Although extremely useful in providing

insights, such studies do not fully capture the complexi-

ties involved in realistic experimental conditions. RF coils

used for imaging the human brain cannot fully enclose

the human head and individual coil elements of the array

can deviate from the conventional loop design, partic-

ularly at ultrahigh fields (UHF, defined as ≥7 T). For

example, although the idealized loop in the analytical sim-

ulations is a perfect circle with uniform current distribu-

tion, a conventional loop coil can be transformed into a

loopole18 or self-decoupled loop19,20 by changing the dis-

tribution of capacitors on the coil conductor,18,19 therefore,

significantly altering its current distribution, affecting its

sensitivity, and impacting the interaction among coil ele-

ments in the array. Similarly, other RF coil types, such

as dipoles21,22 and striplines,23 which become usable at

UHFs, can impact the spatial distribution of the exper-

imental SNR attainable in a given array configuration.

Therefore, relying solely on analytical simulations of ide-

alized coil geometries is inadequate to accurately evaluate

dense array designs. Instead, realistic EMmodels of dense

array prototypes are required to validate and refine the

results. Although such realistic simulations can be time

consuming because of the need for finemeshing in the case

of dense arrays, and theymay fail to fully capture the exper-

imental conditions, for example, with respect to the noise

contribution, they are nevertheless crucial because of the

limited availability of dense array designs to reference at

UHFs. This is particularly relevant for the emerging field

of >10 T MR,24–30 where experience is scarce in designing

and building such arrays. Alternative approach of rely-

ing only on experimental evaluations of possible array

configurations across magnetic fields for different num-

bers of coil elements and types would be a daunting and

expensive task.

The maximum achievable SNR for a given imag-

ing sample irrespective of the coil geometry is the

uiSNR,1 and it serves as an absolute reference for eval-

uating coil array performance. Initially, uiSNR was cal-

culated in simple geometries. For instance, Lattanzi

and Sodickson31 proposed a dyadic Green’s functions

(DGF) simulation framework for uiSNR calculation in

homogeneous anatomy-mimicking spheres and cylinders.

Recent developments in volume integral equation meth-

ods have extended the uiSNR calculation to realistic and

non-uniform body models.3,32 This approach enables the

assessment of the absolute performance of a head array

with heterogeneous numerical head models or phantoms

of arbitrary shape.

In this study, we simulated 31- and 63-channel array

prototypes at 7 T and 10.5 T. The array SNR from EMmod-

eling and experimental measurements were evaluated in

the context of uiSNR calculated at 7 T and 10.5 T for a

head shape phantom and the realistic Duke model from

the virtual family.33 To our knowledge, this is the first arti-

cle that combines detailed EM modeling of actual coils

built, uiSNR calculations, and corresponding experimen-

tal data to evaluate performance in both simulations and

matched experiments. This approach and its applications

to a >10 T field strength for the first time provides new

insights into this new >10 T territory, with novel conclu-

sions about the ability to capture uiSNR and achievable

field dependent SNRgains inmultichannel receiver arrays.

The results demonstrate that generalizations that emerged

based on previous work are not necessarily applicable for

the emerging field of imaging at magnetic fields greater

than 10 T.
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2 METHODS

The simulations and the experiments used a phantom that

was shaped like a “light bulb” with the larger sectionmim-

icking approximately the human head dimensions, and

the narrower end simulating the neck. The phantom was

filled with polyvinylpyrrolidone (PVP) gel that had electri-

cal properties of εr = 47.25 and σ= 0.646 S/m at 447MHz

(1H frequency at 10.5 T) and εr = 49.56 and σ= 0.561 S/m

at 297.2MHz (1H frequency at 7 T). This phantom is rou-

tinely used for experimental measurements for character-

izing coils in the Center for Magnetic Resonance Research

(CMRR) at the University of Minnesota. The 10.5 T scan-

ner in CMRR represents the first effort at human imaging

at >10 T and, as such, operates under an investigational

device exemption (IDE) from the United States Food and

Drug Administration. This IDE requires that each RF coil

is United States Food and Drug Administration -approved

before use in humans. A critical step in this approval is

the validation of the EM models developed for the arrays;

however, such data cannot be obtained in the human head

and must rely on phantoms mimicking the human head

in shape and average electrical properties. Therefore, the

selected phantom is used for this purpose and provides a

common platform for both simulation and the experimen-

tal data needed in the coil evaluation and development

phase.

The EM simulations were based on two real arrays

developed at 10.5 T. The built prototypes were originally

configured as 32- and 64-channel receive arrays. However,

one element that was at the very top of the head and

oriented with the plane of the loop perpendicular to the

z-axis did not contribute much to SNR and was disabled.

As such the built prototypes became 31 and 63 receive

arrays and were modeled as such. The arrays were retuned

and rematched in the EM model to generate the corre-

sponding arrays tuned for 7 T. The experimental set upwas

accurately simulated using a 3D computer aided design

software, SolidWorks (Dassault Systems). The modeling

included various components such as a head-conformal

close-fitting coil holder, coil layout, RF shield, and the

lightbulb-shaped phantom. An identical 63-channel array

was also built for 7 T, but not for the 31 channel array for

direct experimental comparisons.

The EM model of the 31- and 63-channel array pro-

totypes are presented in Figure 1. The bottom row in

this figure (Figure 1D) also shows pictures (a front and

a back view) of the built 63-channel receive array proto-

type. The 31-channel array was built identically to what is

shown in Figure 1D, except the loop sizes and the num-

bers were different. The design of the coil holder in the EM

model closely mimicked the experimental setup, featuring

XY-plane traces that allowed for the placement of copper

wires for the coil elements. The 31- and 63-channel arrays

were composed of four and six rows of coil elements along

the z-direction, respectively (Figure 1B).

The view of the model presented in Figure 1B illus-

trates that the first row of coil elements in the 31-channel

array only contained three coil elements in the brain

stem area and did not provide coverage azimuthally. The

remaining three rows of coil elements fully circumscribed

the former. Azimuthally, the second row contained 10 coil

elements, the third row 12 coil elements, and the fourth

row six coil elements. In the 63-channel array, the location

of the first and second rows of coil elements overlapped

with the opening in the front of the coil. The distribution of

coil elements in this array was as follows: six coil elements

in the first row, 11 in the second row, 14 in the third row,

16 in the fourth row, eight in the fifth row, and an addi-

tional eight in the sixth row. In both the 31- and 63-channel

arrays, the coil elements within different rows along the

z-directionwere overlapped. To achieve decoupling, inten-

tional gaps were introduced between the coil elements

within the same row following the self-decoupled loop

technology proposed by Yan et al.18

The coil elements were modeled using 1-mm-diameter

spline, identical in diameter to the copper wire used in the

prototypes that were built. To prevent electrical connec-

tion in overlapping areas of the coil elements, arc-shaped

jumps were used at the same locations as the prototype.

Additionally, each coil element was segmented to include

tuning capacitors and feeding ports at the same locations

as in the coil prototype. The modeling also included a

640-mm-diameter gradient shield in the scanner.

The 3D CAD model of the experimental setup was

imported into CST Microwave Studio (Dassault Systems),

a commercial software based on the finite integration tech-

nique for EM simulation. Fixed capacitors were placed on

the segments of each coil element with the same capaci-

tance as used in the actual prototype, and a resistance of

0.1 Ω was added to each fixed capacitor to emulate the

equivalent series resistance of the capacitors. Two 50-Ω

ports were placed on each coil element, one at the vari-

able tuning capacitor location and the other at the port.

Therefore, a total of 62 ports were run for the 31-channel

array and 126 ports for the 63-channel array in the CST

time-domain solver. The modeled coils were numbered

in the same order as the grouping of the coil elements

in the 31- and 63-channel array prototypes, respectively.

To ensure convergence and avoid truncation error in the

Fourier transformation, a relative attenuation threshold

of 40 dB was set for the amplitude of the signal at the

input ports at the end of simulation time interval for

all simulations. An absorbing boundary condition was

set at the edge of the gradient shield to minimize the

reflected power.
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F IGURE 1 (A) Side view

of electromagnetic modeling of

the 31-channel and 63-channel

arrays with the light bulb

phantom; (B) back view of

electromagnetic modeling of

the 31-channel and 63-channel

arrays with the light bulb

phantom; (C) side view of

electromagnetic modeling of

the 31-channel and 63-channel

arrays with the Duke head

model, and all models were

developed in CST Microwave

Studio; and (D) front view and

back view of the built

63-channel array prototypes.

For the existing 10.5 T 31- and 63-channel array proto-

types, we also performed simulations loading them with

the 5mm× 5mm× 5mm Duke model33 to estimate the

coil performance in the in vivo scans. TheDukemodel was

truncated to include only the head and neck, as shown in

Figure 1C, to shorten the simulation duration.

The tuning and matching of each coil element were

achieved using the circuit simulator in CST. To repli-

cate the preamplifier decoupling effect, a high impedance

of 2500 Ω was introduced at the ports of all other coil

elements while tuning and matching an individual coil.

This iterative process was repeated twice to ensure that all

the coil elements were tuned andmatched at the operating

frequency. Subsequently, the electric and magnetic fields

of each coil element were reconstructed and exported

from CST with a resolution of 5mm× 5mm× 5mm. The

intrinsic noise correlation matrix was calculated using the

electric fields, whereas the receive coil sensitivities were

determined using the magnetic fields. Finally, an optimal

coil combination34,35 was calculated to estimate the SNR at
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each voxel. Maps of the inverse g-factor36 were calculated

by decimating fully sampled data of the simulated SNR for

various acceleration factors using in-house software.37

The uiSNR1–6 was calculated as a reference to assess

the two arrays at both 7 T and 10.5 T. To calculate the

uiSNR inside the light bulb phantom and the head model,

we enclosed each object with a voxelized cloud of dipoles

(1.5 cm thickness and 4 cm minimum distance from the

sample).38 The dipole cloud and the samples were dis-

cretized on uniform grids using piecewise constant basis

functions39 and 5-mm isotropic voxel resolution. A numer-

ical basis of excitation EM fields was then generated for

each sample at each field strength using a randomized

singular value decomposition (RSVD) approach as in

Giannakopoulos et al.32 We stopped the RSVD when the

singular values dropped to 10−5, which resulted in ∼500

basis vectors for all cases. The corresponding EM fields

were derived following the methods in Polimeridis et al.40

and used to compute the uiSNR as in Lattanzi et al.41 The

sample electrical properties were adjusted based on the

field strength. The absolute performance of the arrays was

calculated as the ratio of their SNR to the correspond-

ing uiSNR.3 All uiSNR computations were performed

in MATLAB 9.10 (The MathWorks) on a server running

Ubuntu 18.04.2 LTS operating system, with an Intel(R)

Xeon(R) Gold 6248R CPU at 2.70GHz, 112 cores, two

threads per core, and an NVIDIA A100 PCIe GPU with

40GB of memory.

For experimental measurements, each receive array

was inserted in a separate circumscribing 16-channel

transmitter. The elements of the transmit array were laid

out in a dual row arrangement along the z-direction

and mounted on a 28.5 cm ID cylindrical former. Each

of the two rows contained eight self-decoupled18 square

loops measuring 10× 10 cm2. The two rows were offset

from one another, with the inferior row having a 22.5◦

azimuthal rotation (around the z-axis) compared to the

superior row. There was a gap of 1 cm between neigh-

boring loops as well as the two different rows (along

the z-axis). This coil arrangement replicates our previ-

ous 10.5 T transformer-decoupled transmit array.42 The

coil former was designed and 3D printed (Fusion3 F410)

in-house using PETG filament. All feed circuits were

equippedwith coaxial cable traps43; these cable traps atten-

uate common-mode currents and reduce induced cur-

rents from the transmitter elements. The array circuit

artwork was fabricated (PCBWay) with 35-μm copper con-

ductors etched onto a flexible polyimide substrate. Indi-

vidual coil tuning and matching was achieved with both

fixed (KYOCERA AVX) and variable (Sprague Goodman)

capacitors. This transmitter was described previously.44

Another version of the same transmitter with identical

layout, but modified with transmit/receive switches and

on-board preamplifiers so as to convert it to a transmit/

receive array was also previously described.45 An unpopu-

lated model of this transmit array (i.e., without capacitors

and any other lumped circuit elements) was included in

all the EM simulations to account for the shielding effect

of the transmit coil conductors on the receive array perfor-

mance. Although a description of the transmitter used is

presented above, all SNR measurements were normalized

by the flip angle so as to be independent of the transmitter

performance.

All experimental SNR measurements were per-

formed with the aforementioned PVP-gel filled uniform

lightbulb-shaped phantom. SNR data was reconstructed

from fully sampled 2D-gradient echo sequences with a

long TR for full relaxation (TR= 10 000ms, TE= 3.48ms,

full bandwidth= 87 kHz, voxel size= 2.0× 1.0× 2.0mm3).

Noise images were acquired with identical parameters,

but without RF excitation and TR of 600ms. To compare

the measured SNR with the uiSNR, the former was scaled

by the experiment-related parameters as described in

Lattanzi et al.46 and Gruber et al.47:

�Scaled(r) = �Measured(r)

×
F
√

Δf

Vvoxel
√

NacqNEX sin(�(r))
×

1

�e−TE∕T2∗

where �(r) is the SNR at location r, F is the noise factor

of the system (assumed to be 1.15 based on manufacturer

specifications), Δf is the receiver bandwidth, Vvoxel is the

volumeof the voxel,Nacq is number of the acquired k-space

samples, NEX is the number of averaging, �
(

r
)

is themea-

sured flip angle at location r, ρ is the proton density of

the PVP phantom (measured as 0.69), and TE is the echo

time. The T2* of the phantom measured as 24ms at 10.5 T

and linearly extrapolated to 36ms at 7 T, which was con-

firmed experimentally to be correct. The T2* values were

lower at the periphery of the phantom, particularly for

10.5 T, as expected from the field inhomogeneities at the

air-phantom interface, but were spatially uniform for the

reported valueswithin a large volume centrallywhere SNR

comparisons were made.

3 RESULTS

Figure 2 displays the simulated intrinsic noise correlation

matrix for the two arrays at 7 T and 10.5 T. The 31-channel

array (Figure 2, left column) shows small off-diagonal val-

ues at 10.5 T because the coil elements of this array are

self-decoupled at this field strength. In contrast, the coil

elements in the 7 T 31-channel array have higher cou-

pling likely because the coil elements deviate from being
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F IGURE 2 Noise correlation matrixes calculated from the

simulated electric fields for the 31-channel and 63-channel arrays

loaded with the light bulb phantom at 7 T (top) and 10.5 T (bottom).

self-decoupled at the lower frequency for this coil size.

In addition, because the electric fields inside the sam-

ple decays faster at higher frequency and start canceling

out because of wave behavior,48 the coils at 10.5 T expe-

rience/share lower sample noise compared to the coils of

the same size at 7 T. The coil elements of the 63-channel

arrays deviate from the self-decoupling condition because

of their small size both at 7 and 10.5 T; as such, their noise

correlation matrices are similar (Figure 2, right column).

Parallel imaging performance of the two arrays at the

two field strengths were examined from the EMmodeling.

For this purpose, inverse g-factor maps for the 31-channel

and 63-channel arrays at both 7 T and 10.5 T, for vari-

ous acceleration factors (1× 2, 2× 2, 3× 3, and 4× 4) were

computed and presented in Figure 3. Both arrays demon-

strated enhanced acceleration performance at 10.5 Twhen

compared to 7 T. Moreover, the 63-channel array showed

superior acceleration performance as compared to the

31-channel array both at 7 T and 10.5 T.

Figures 4 and 5 compare the intrinsic SNR maps at

7 T and 10.5 T for the 31-channel and 63-channel arrays,

respectively. These maps show a ∼2-fold SNR increase

at 10.5 T relative to 7 T in the center (within a 5mm

isotropic voxel) and between 1.35+/0.08-fold increase in

the outer region in transversal plane for the 31-channel

array, where the outer region was defined as the entire

area subtracted a 150-mm-diameter circle from the cen-

ter. For the 63-channel array, the SNR gain in the cen-

ter at 10.5 T relative to 7 T was ∼2.10, slightly larger

compared to the 31-channel array, whereas the average

field-dependent increase in the periphery was comparable

with the 31-channel array. For both arrays at both field

F IGURE 3 Inverse g-factor maps of 31-channel array and the

63-channel array for various acceleration factors at 7 T and 10.5 T,

for a sagittal plane through the center for the light bulb phantom.

F IGURE 4 SNR maps calculated from the electromagnetic

simulations for the 7 T 31-channel array (top row), 10.5 T 31-channel

array (middle row), and the corresponding 10.5 T to 7 T SNR ratio

maps (bottom row) for three orthogonal sections through the center

of the light bulb phantom. The numbers in the left corner of the

bottom row correspond to the average SNR ratio value in the central

5× 5× 5mm voxel region of interest depicted in green bottom row).

strengths, the SNR was considerably larger at the periph-

ery compared to the center, but the 63-channel array pro-

totype exhibited a larger volume of higher SNR in going

from the center toward the periphery compared to the

31-channel array at both field strengths. In addition, 10.5 T

also displayed a larger volume of higher SNR near the

periphery compared to 7 T.

Figure 6 presents that SNR data as a ratio of 63- ver-

sus 31-channel arrays; near the surface of the phantom,

the SNR of the 63-channel array was considerably higher

than the SNR of the 31-channel array at both 7 T and

10.5 T as expected.46 The central SNR on the other hand
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F IGURE 5 SNR maps of the 7 T 63-channel array (top row),

10.5 T 63-channel array (middle row), and the corresponding 10.5 T

to 7 T SNR ratio maps (bottom row) for three orthogonal slices

through the center of the light bulb phantom. The numbers in the

lower left corner of the three panels in the bottom row report the

average SNR ratio value in the central 5× 5 voxel region of interest

depicted in green (bottom row).

F IGURE 6 SNR ratio maps of the 63-channel array relative to

the 31-channel array at 7 T (top) and 10.5 T (bottom). The numbers

in the lower left corners correspond to the average value in the

5× 5× 5mm3 voxel region of interest depicted in green.

was comparable for the two arrays both at 7 T and 10.5 T,

although a marginally lower SNR for the 63- compared to

the 31-channel array was noted centrally at 7 T.

Figure 7 shows the ratio of uiSNR at 10.5 T compared

to that at 7 T (uiSNR10.5T/7T) for the light bulb phantom and

the numerical head model. The overall uiSNR10.5T/7T pat-

terns in the human head and the phantom were very sim-

ilar. For both samples, when the field strength increased

from 7T to 10.5 T, the uiSNR increased by ∼1.4-fold in the

periphery, ∼2-fold at the edge of the brain as determined

from the head model, and ∼2.6-fold in the central region

as measure within the 5-mm isotropic ROI.

Figure 8 shows the coil performance maps presented

as percentage of simulated array SNR to uiSNR ratio

(SNRarray/uiSNR) for both arrays at 7 T and 10.5 T, for

F IGURE 7 Ultimate intrinsic SNR (uiSNR) as a ratio of 10.5 T

to 7 T (uiSNR10.5 T/7 T) displayed as maps in three orthogonal

planes (sagittal, coronal and axial, respectively from left to right)

through the center of the light bulb phantom (top) and the Duke

human head model (bottom). The values in all maps are

comparable, showing a ∼2.6-fold increase in performance in the

central region and ∼1.4-fold increase near the surface.

the light bulb phantom. The mean and maximum per-

formance values throughout the entire volume of the

sample are shown at the bottom of each sub-figure. The

SNRarray/uiSNR ratio measured from the EM simulation

data (Figure 8) was compared to experimentally measured

SNRarray/uiSNR ratio for a centrally located 2-cm diam-

eter sphere (Figure 9). The EM modeling data illustrate

that at 7 T, both arrays can achieve ∼90% of the uiSNR

in this central volume of interest in the light bulb phan-

tom, indicating that both designs are close to being opti-

mal centrally. However, at 10.5 T, the same arrays can

achieve only ∼65% uiSNR in the same volume of inter-

est. A similar trend was observed with the experimentally

determined array SNR relative to uiSNR for the same light

bulb phantom and over the same volume of interest (cen-

trally located sphere of 2-cm diameter); this was obtained

using a 7 T array that was built with the identical coil

layout as the 10.5 T 63-channel, as described in Methods.

The experimental SNRarray/uiSNR ratio for the 63-channel

arrays was measured centrally in the same 2-cm diame-

ter sphere as used for the EM simulations; experimental

SNRarray/uiSNR ratio was 76% at 7 T and 58% at 10.5 T.

The SNRarray/uiSNR ratio maps in Figure 9A demonstrate

the absolute coil performance is low at 10.5 T relative to

7 T over a much large volume located centrally. Although

the SNRarray/uiSNR values at each field strength differ

between the simulation and experimental data, they both

show the same trend, namely that the identical 63-channel

arrays capture less of the uiSNR at 10.5 T than at 7 T.

Figure 10 shows the SNR performance maps for both

the 31- and the 63-channel arrays, loaded with the Duke

human head model at 10.5 T. As in the case of the light
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F IGURE 8

Electromagnetic model

simulated coil performance as a

ratio of the calculated array

SNR to ultimate intrinsic SNR

(uiSNR) presented as maps for

the 31-channel (top) and

63-channel (bottom) arrays

loaded with the light bulb

phantom at 7 T (left) and 10.5 T

(right). The array SNR/uiSNR

ratio maps are shown for three

orthogonal planes (coronal,

sagittal, and axial, respectively

from left to right). Note that the

maximum performance of the

63-channel array at 7 T is larger

than 100% because of the

expected ∼5% discrepancies

between the CST simulations

used to calculate the coil SNR

and the volume integral

equation technique used to

calculate the uiSNR.

(A) (B)

F IGURE 9 Experimental

assessment of SNR

performance of head arrays

relative to ultimate intrinsic

SNR (uiSNR) in the “light bulb”

phantom (SNRarray/uiSNR).

(A) Maps of the experimentally

measured SNRarray/uiSNR

ratio for the 63-channel head

arrays at 7 T and 10.5 T. (B)

Central SNR performance of

31-channel (simulation-only)

and 63-channel (simulation and

experiment) head arrays at 7 T

and 10.5 T. The central SNR

performance was quantified by

averaging the SNRarray/uiSNR

ratio within a centrally located

sphere of 2-cm diameter

depicted in (A).

bulb phantom, neither array could closely approach the

uiSNR at 10.5 T, with the 63-channel array having overall

the highest performance.

4 DISCUSSION

UHF of 7 T was developed for increased functional

mapping sensitivity (i.e., functional contrast-to-noise ratio

[fCNR]) and high spatial resolution imaging of brain

activity using FMRI.11Much has been accomplished at 7 T

in this respect, demonstrating the feasibility of detecting

brain activity in mesoscale neuronal organizations in the

human brain.7–9,11,15,47,49–55 However, the need to increase

SNR and fCNR further for such studies remains because

the current resolutions and the fCNR available at such res-

olutions are substantially suboptimal. This has been rec-

ognized, for example, in the strategic plan for the BRAIN
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F IGURE 10 Electromagnetic model simulated performance

for array SNR versus ultimate intrinsic SNR (uiSNR) ratio

(SNR/uiSNR) maps for the 31-channel (top) and 63-channel arrays

loaded with the head model at 10.5 T. Mean and maximum

performance values throughout the entire volume of the sample are

shown at the bottom of each row.

Initiative launched by the National Institutes of Health56

in the United States, which set challenging resolution tar-

gets for FMRI.57 Efforts to push human MR imaging to

fields >10 T are expected to provide at least in part the

gains necessary to meet this challenge. A central question

of such >10 T efforts is what are the SNR gains that can be

realized at such field strengths and how to capture them in

the human head. In this article, we tackle this question for

10.5 T, themagnetic field strength used for one of the>10 T

projects and to date the only one where human imaging

above 10 T has currently been published.25,27,30,58

At UHFs, experimentally determining the field depen-

dence of SNR over the object of interest is a difficult task.

This is in part due to the strong impact of coil layout

on the magnitude and spatial distribution of B1 fields59

induced by the traveling wave behavior of high-frequency

RF in objects with the size and electrical properties of the

human head.15,59,60 For example, it was recently demon-

strated that in the center of a 16.5-cm diameter spherical

phantom filled with saline water, the experimentally mea-

sured SNR increased approximately quadratically with

B0.26 However, with the RF coil used, this measurement

was only possible and meaningful in the center of the

sphere where B+
1 and B

−
1 fields from all current carrying

elements add constructively in such a coil, whereas outside

this small central region, they add destructively leading

to signal cancelation and SNR loss with increasing field

strength.60

Alternatively, the concept of uiSNR provides a frame-

work for ascertaining the maximal achievable SNR gains

as a function of field magnitude irrespective of the specific

layout or the performance of RF coils. As such, it also pro-

vides a reference against which realistic RF coil designs

can be evaluated. Such comparisons are facilitated by the

fact that recent developments permit the calculation for

uiSNR for more complex phantom shapes than a simple

sphere and even in human head models.3,40

In this study, we focus on SNR gains at 10.5 T relative to

7 T and the ability of high channel count receive arrays laid

out on a former conformal with the human head to cap-

ture this SNR increase. Such arrays have been the standard

approach used for human head imaging at 7 T and lower

magnetic fields. We simulated a 31- and a 63-channel

receive array at 7 T and 10.5 T, respectively, based on actual

arrays built for 10.5 T.61,62 The simulated 7 T versions were

obtained, as described in the Methods section, by retun-

ing the individual coils to 7 T. A 63-channel array was also

built for 7 T for comparisons of experimental and simu-

lation data. The simulation results showed a good match

with experimental results in terms of the receive profile

and the noise correlation matrix.

The 10.5 T 31-channel array was designed to have

self-decoupled coil elements by deliberately selecting the

size of each coil element, the number of gaps for fixed

tuning capacitors, the capacitance of each fixed tuning

capacitor (3.3 pF), and the variable tuning capacitor. In

the 7 T 31-channel array, the size of each coil element

remained unchanged, and the capacitance of the fixed tun-

ing capacitors was increased to 10 pF. This simple scaling

was not sufficient to ensure self-decoupling of the coil

elements. Consequently, the off-diagonal elements in the

noise correlation matrix of the 7 T 31-channel array were

higher compared to the 10.5 T 31-channel array (Figure 2),

where the coil element functioned as a loophole because

of uneven capacitor distribution on the coil element.18

Despite this, the similar capacitor distribution on the coil

element resulted in a similar uneven current distribution

and comparable receive profile hotspots in the periph-

eral area in the longitudinal direction for both the 7 T

31-channel array and the 10.5 T 31-channel array. The exis-

tence of such uneven receive profile was also reported in

Lakshmanan et al.18

In the case of the 10.5 T and the 7 T 63-channel

arrays, the fixed capacitors had identical values as their

31-channel counterparts, but the size of each coil element

was significantly smaller. This allowed the capacitance of

the variable tuning capacitors to be comparable to that of

the fixed capacitor, enabling each coil element to act as

a conventional loop. Consequently, both the 7 T and the

10.5 T 63-channel arrays exhibited a uniform receive pro-

file in the peripheral region and a similar coupling pattern

among the coil elements, as demonstrated by their noise

correlation matrices in Figure 2.
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The inverse g-factor maps for the 31-channel and

63-channel arrays at 7 T and 10.5 T displayed in Figure 3

demonstrated that the acceleration performance is

improved for an array with the same number of coil

elements at higher field strength, consistent with the

expectation that higher fields promote higher accelera-

tion.6,63,64Moreover, the 63-channel array showed superior

acceleration performance as compared to the 31-channel

array, at both 7 T and 10.5 T, again consistent with previ-

ous work demonstrating that higher number of channels

lead to higher acceleration at a given field strength.46,65,66

EM simulations demonstrated that 31- and 63-loop ele-

ments in these arrays could capture most of the uiSNR

centrally at 7 T. However, this is not the case at 10.5 T,

where both the 31- and the 63-channel arrays fall far short

of capturing the central uiSNR. A previousmodeling study

by Vaidya et al.17 showed that ≳32 receive loops would

capture most of the central uiSNR at field strengths 3,

7, and 9.4 T, and by extrapolation of data presented in

Figure 2 of this article, also at 10.5 T. However, this predic-

tion is based on simulations of idealized conditions using a

sphere and a spherical shell substrate that was completely

tiled by idealized loop receivers with evenly distributed

currents on the loop. Although there is experimental data

(including in this article) confirming this prediction at 3 T

and 7T46,65 no previous experimental data exists at fields

greater than 7 T. Therefore, the specific conclusions of the

Vaidya et al.17 article need to be modified to state that in

realistic head receive arrays composed of loops, 32 and

even 64 elements are insufficient to capture central uiSNR

at field>10 T, whereas they do capture it at 7 T (and likely

at lower magnetic fields). This conclusion was experimen-

tally confirmed for the 63-channel array (Figure 9) and

is also aligned with another numerical simulation study31

where it was demonstrated that the central SNR perfor-

mance of a 64-channel loop receiver drops to 80% at 11 T,

whereas it is nearly 100% at 7 T (see figure 3 in Lattanzi

and Sodickson).31

This conclusion is also reflected in the 10.5 T to 7 T

SNR ratios obtained from the EM simulations, where both

the 63- and 31-channel arrays exhibited only a 2-fold cen-

tral SNR gain (Figures 4 and 5) compared to the 2.6-fold

increase at 10.5 T relative to 7 T predicted by the uiSNR

calculations (Figure 7).

The experimental data and the EM simulation for the

63-channel arrays showed the same trends with respect

to field dependence of SNRarray/uiSNR ratio; however, the

experimental SNRarray/uiSNR ratiowas lower than the cor-

responding EM simulation values for both 7 T and 10.5 T.

The likely cause of this discrepancy is the fact that the

noise model used in the EM simulations is significantly

simplified compared to real-world scenarios. The mesh-

ing of the coil element, for instance, does not accurately

capture conductive losses. Additionally, losses from solder-

ing, lumped elements, matching circuit, cable connections

between coil elements and preamps, as well as preamp

losses are not taken into account in numerical simulations.

Nevertheless, the agreement between the experimental

and EM simulation data is quite excellent. In particular,

both demonstrate that these arrays are capable of cap-

turing a larger fraction of the uiSNR at the lower field

compared to the higher field of 10.5 T. As such, they

offer valuable insights into practical coil design and sug-

gest that a higher number of channels and/or a different

coil layout, and/or incorporating different coil types (e.g.,

dipoles)67,68 are necessary to capture the central SNR at

this field strength. Preliminary data so far reported as

abstracts demonstrated that using 16 bigger loops in addi-

tion to the 63-channel of the receive array to make a 80

channel array45 or replacing seven channels of a 32Rx

array with dipoles68 significantly improved the fraction

of central uiSNR captured at 10.5 T. Preliminary experi-

mental data at 10.5 T, reported currently as an abstract,69

also demonstrated that using 112 smaller and overlapping

loops tiled over the same head-conformal former used in

the receiver arrays presented in this article captured most

of the central uiSNR. This is consistent with the concept

that a sufficient number of small loops could automatically

mimic the ideal current patterns, behaving as large, dis-

tributed loops to maximize SNR at central voxels while the

small localized loops also simultaneously maximize SNR

in more superficial voxels.31

The uiSNR data indicates that, relative to 7 T, the

higher magnetic field of 10.5 T should provide ∼1.4-fold

gain peripherally, 2-fold gain at the edge of the brain, and

a 2.6-fold gain centrally (Figure 7); in the context of a

model where SNR ∝ Bn0 , this would yield an exponent n

equal to ∼1 to ∼1.7 peripherally, and n = 2.36 centrally.

This central uiSNR gain is in good agreement with previ-

ously mentioned results reported in Le Ster et al.26 for the

center of a sphere, where experimental data obtained at

field strengths 3, 7, 9.4, 10.5, and 11 T were fitted well with

SNR increasing as B1.94±0.160 , whereas uiSNR at those fields

strengths for the same sphere was best represented with

SNR ∝ B2.13±0.030 . The good agreement between the Le Ster

et al.26 study and this work is actually better than these

numbers suggest. In the Le Ster et al.,26 the conductivity of

the phantom was higher than the average conductivity of

the human brain and the phantom employed in this study

(σ∼ 1 S/m26 vs.∼0.6 S/m). It was, however, also illustrated

in Le Ster et al.26 that SNR would increase with lower con-

ductivity relative to σ∼ 1 S/m and that this increase would

be slightly more for the higher magnetic fields; as such, for

the lower conductivity phantom used in this work and for

the human head, a somewhat larger SNR increase at 10.5 T

relative to 7 T would be predicted compared to what was
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reported previously in Le Ster et al.26 This would be con-

sistent with the 2.6-fold increase predicted centrally based

on uiSNR calculations in the current work (Figure 7). Such

a central SNR gain from 7T to 10.5 T is not captured with

the current arrays.However, asmentioned previously, they

have been realized in experiments using larger loops in

addition to the small loops of the existing arrays, using

smaller loops to generate receive arrays with significantly

larger number of channels than 63, or incorporating few

dipoles into the receive arrays in addition to the loops (all

of which currently reported as abstracts)45,68,69; these pre-

liminary observations are consistent with our conclusion

that a higher number of channels and/or a different coil

layout and/or types are necessary to capture the central

uiSNR at 10.5 T and likely at >10 T in general.

The SNR gains predicted for 10.5 T relative to 7 T by

uiSNR calculations as well as EM modeling have sig-

nificant implications for neuroimaging, particularly for

BOLD based FMRI; the fCNR, which ultimately deter-

mines the achievable resolutions and is an indicator

of the sensitivity and robustness of the measurements

at any given resolution, is proportional to the product

of image SNR and BOLD effect11 when the noise in

the FMRI time series is dominated by thermal noise;

this is the case at high resolutions.70 With the BOLD

effect increasing with a liner to quadratic B0 depen-

dence (according to its vascular origin),71–73 the product

of SNR gains reported here and the BOLD effect predicts

approximately square to the fourth power dependence of

fCNR on B0.

5 CONCLUSION

In this work, we used full-wave simulation to compare

the performance of 31- and 63-channel receive head arrays

at 7 T and 10.5 T. Experimental data obtained at 7 T and

10.5 T with the 63-channel array is also brought to bear on

the inferences derived from the EMmodeling. Our results

lead to several important conclusions. Realistic 31- and

63-channel receive arrays can capture most of the central

uiSNR at 7 T, but fail to do so at 10.5 T. Consequently, these

arrays fall short achieving the 2.6-fold SNR gain expected

centrally based on uiSNR calculation. These results indi-

cate that that more coils and/or different type of coils will

be needed at 10.5 T and highermagnetic fields to fully cap-

ture the SNR available in going to the higher magnetic

fields. The uiSNR calculations in this study predicted large

theoretical SNR gains over the brain, ranging from∼2-fold

at the edge to 2.6-fold centrally, which should provide

major gains in neuroimaging in general, and functional

brain imaging in particular.
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