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Two issues that pertain to the optimal static magnetic field for
cardiac MR were addressed: intrinsic signal-to-noise ratio (ISNR)
and radiofrequency power deposition. From 1.5 to 9.5 T, proton
Larmor frequencies of 63 to 400 MHz, numerical simulations were
performed of the RF fields from a surface coil and a body coil
loaded by a heterogeneous, three-dimensional, symmetric model
of the human chest. The RF field distribution, the power required
to produce the RF field, and the ISNR at the center of the heart
were computed. The model was validated by comparison with
experimental data up to 4 T. The RF field distortion was quantified
and found to increase linearly up to 6 T due mostly to dielectric
resonance modes. Body coil simulations beyond 6 T showed the
onset of higher-order modes at the center of the heart. A range of
expected RF power requirements was constructed as a function
of field up to 9.5 T for surface coils and up to 6.8 T for body coils.
Over this range of static field, ISNR for a constant coil geometry
was bracketed by an upper limit that was slightly greater than
linear with field and a lower limit that was slightly less than linear
with field. The RF power and ISNR showed a strong dependence
on chest thickness at 1.5 and 4.0 T. Additionally, independent of
chest thickness, the model predicts a lower limit of a factor of 5
increase in RF power as the static field is increased from 1.5 to 4
T. Implications for imaging with other nuclei are discussed. Meth-
ods for checking the self-consistency of electrodynamic simula-
tions are presented. © 1997 Academic Press

INTRODUCTION

Modeling the radiofrequency fields imposed on the body
during MRI and computing the resulting RF losses and sig-
nal-to-noiseratios (SNR) have been areas of active research.
Models have been used for estimating local RF power depo-
sition, understanding image artifacts, designing RF cails,
and predicting the utility of imaging at higher than existing
static magnetic field strengths. Power depositions and SNR
were initially computed for homogeneous body models in
uniform applied RF fields (1-5). The mechanism for how
transmitting and receiving in quadrature minimizes B, asym-
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metry artifacts and reduces RF power requirements has also
been addressed. Model data on the effects of size and electri-
cal parameters are also available and directly compared with
experimental phantom data (6). Models introducing increas-
ing levels of complexity, such as skin depth, dielectric ef-
fects, and surface charges, have been considered (7, 8). The
RFfield (up to 400 MHz) for a surface coil above a conduct-
ing dielectric sphere has been determined analytically (9). In
contrast to homogeneous body models, more physiological
heterogeneous body models have been proposed (10) and
studied using finite element methods (11). Simulations have
been performed on two-dimensional chest models (12, 13).

The intrinsic signal-to-noise ratio (ISNR), which isinde-
pendent of relaxation properties, imaging artifacts, or instru-
ment characteristics, has been proposed (14) as an objective
method of field strength comparison for MRI. Additionally,
other imaging parameters that influence the choice of mag-
netic field strength, such as relaxation times and chemical
shifts, have been discussed (15).

In this study we build on previous work by performing
numerical simulations of the RF fields in axially symmetric,
heterogeneous, three-dimensional models which were scaled
to be appropriate for cardiac MRI. This was done to gain
insight into the static field dependence of the ISNR, B, distri-
bution, and required power in cardiac MRI. Simulationswere
conducted between 1.5 and 9.5 T (proton Larmor frequen-
cies of 63 and 400 MHz).

MATERIALS AND METHODS

Chest model. The chest model was based on the trans-
verse cross section of the male chest shown in Fig. 1 (NIH
Visible Human Project, NIH home page on the World Wide
Web). The outer chest layer isfat. The next layer is muscle.
We note a variety of interface shapes between body layers.
In particular, some interfaces are diffuse while others are
quite sharp. For example, sharp edges exist between fat and
muscle and between muscle and bone. For the purposes of
this model, we did not focus on specific characteristics. In-
stead, we formulated a model that would capture general
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FIG. L.

features. Hence, we chose amodel with symmetrical corners
that have the approximate curvature of the corner between
the back and sides of the male chest. The four-layer cylindri-
cally symmetric chest model consisted of a spherical heart
inside a cylindrical can (representing the lungs) with alayer
of fat and muscle surrounding the can. An annular surface
coil used in this simulation is located above the can. Figure
2A shows an axialy symmetric cross section of the surface
coil on the chest model. The axis of symmetry is shown as
a dashed rod through the center of the model. Simulations
were performed with a surface coil or a body coil. For all
simulations, the heart diameter is 12 cm, and the inner chest
cavity dimensions are 21 cm from top to bottom and 27 cm
across. In studies where the model size was changed, the
fat thicknesses ranged from 0.5 to 2.0 cm, and the muscle
thicknesses ranged from 1.0 to 3.0 cm.

Body electrical parameters. The RF field and RF power
calculations depend strongly on the values of tissue electrical
parameters such as dielectric constants and conductivities.
The literature values (16—18) used for muscle and fat are
given in Table 1. Blood and muscle have similar dielectric
constants and electrical conductivities;, hence the heart is
modeled as muscle. We note that if the literature value of e
or o changed by less than 8% as a function of frequency,
we held the value as fixed in the simulation. This choice
was motivated by the roughly 5% error bars on the data
points in the literature and interpolating between the data

Cross section of the NIH Visible Human Male Chest.

points (16, 17). This explains the use of ‘‘constant’’ o for
muscle and ‘‘constant’’ € and o for fat over the frequency
range of the simulations. The physical source and interpreta-
tion of the behavior of ¢ and o in the frequency range of
interest are briefly reviewed under Discussion.

Asfor lungs, simulations are first performed in which the
lung space is modeled as an air-filled region. We refer to
this as the four-layer model. In later sections, beginning
with *‘Estimating required power range for surface coil,”
calculations are also performed in which the lung space is
modeled as a blood-filled region. We refer to this as the
two-layer model. These two extremes for lung define lower
and upper limits for required RF powers in our model. This
bracketing of RF powers is discussed in more detail below.

Coils. For the surface coil simulations, a current sheet
1 cm wide and 25 cm in outer diameter is located 1 cm
above the top of the model (see Fig. 2A). A body coil was
used to create an approximately spatially uniform RF field.
Figure 2B shows an axially symmetric cross section of the
body model in the body coil. The body coil, a compensated
solenoid, has a uniform current density, but the thickness of
the end sections is twice the thickness of the middle. In the
DC current limit, this current distribution creates a magnetic
field that is uniform to sixth order (19). At 171 MHz, the
unloaded compensated solenoid still produces a B, field that
is homogeneous to a few percent across the dimensions of
the body model that will be put into this field. We note that
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FIG.2. Crosssection of thefour-layer, cylindrically symmetric, simula-

tion chest model. The body and the coils share the same axis of symmetry.
(A) Cross section of the circular surface coil (an annulus) on top of the
chest. The surface coil is 1 cm wide and 25 cm in outer diameter. Fat
thickness is 1.5 cm. Muscle thickness is 2.5 cm. Heart diameter is 12 cm.
(B) Cross section of the body model in the body coil, a compensated
solenoid.

the axis of the solenoid is coincident with the symmetry axis
of the body model. Hence, the B, direction is also along the
axis of symmetry. We do this, as opposed to employing a
birdcage coil, in order to maintain the axial symmetry of the
body model and coil system. This issue will be elaborated
on further under Discussion.

In the simulations, one coil was simulated at atime (e.g.,
when the body coil was simulated, the surface coil was
removed). Eddy current effects in the coils were not in-
cluded. Thin coils were used to avoid penetration depth prob-
lems in the coils themselves. Finally, phase changes around
the coil are not implemented. In experiments (20), such
phase changes are minimized by designing surface coilswith
distributed capacitance.

Boundary conditions. For boundary conditions, the body
and coil system is surrounded by a shield in the shape of a
cylindrical can with its axis of symmetry coincident with
the body and coil system. The shield isemployed for compu-
tational purposes. Imposing a zero vector potential, and thus
zero electric field for a cylindrically symmetric problem, at
the shield is more efficient than boundary conditions that
have fields become small far from the coils. However, the
shield is far enough from the coil so that its perturbation on
the field near the body is less than 1% of the shield free
field calculation. For the surface coil simulation, the top of
the shield is 55 cm above the center of the heart. The bottom
of the shield is 55 cm below the center of the heart. The
radius of the shield is 100 cm. For the solenoid (body coil )
simulations, the shield is three solenoid radii above the top
of the solenoid and three solenoid radii below the bottom
of the solenoid and has a radia dimension that is three
solenoid radii out from the solenoid. In terms of distances,
this corresponds to the shield being 115 cm above the center
of the heart, 115 cm below the center of the heart, and 90
cm radialy out from the center of the heart.

Computational resources. The finite element mesh con-
sisted of 10,000 to 20,000 triangles. Calculations were per-
formed with Ansoft Corporation’s 2 Dimensional Maxwell
Simulator software, in axial symmetric mode, running on a
Sun 1000 server with 256 Mbytes of RAM and a Sparc 20
COProcessor.

Sdlf-consistency checks in calculations. In simulation
studies, one must check limiting cases of calculations to
check the software. The first simple check is to see if the
simulation for an unloaded coil at low frequency approxi-
mately yields the correct field value at the center of the cail.
If the annulus width is small compared to the inner radius
of the annulus, then the field at the center of the circular
annulus should be close to the field at the center of a circular
current loop of the same radius, which can be computed
exactly. The second check can be done by checking the
simulated field value just above the annulus. At this point,

TABLE 1

Dielectric Constants, ¢, and Conductivities,
o, Used for Simulations

Field O muscle Tta
(M Emuscle (mmho/cm) rat (mmho/cm)
15 80 8.6 18 21
2.0 72 8.6 18 2.1
3.0 60 8.6 18 21
4.0 54 8.6 18 2.1
5.0 54 8.6 18 21
6.0 54 8.6 18 21
9.5 50 8.6 18 21

Note. Values are from in vivo dog measurements.
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the annulus looks like an infinite current sheet. The field
above the current sheet can also be computed exactly (23).

As a check on the loaded coil calculations, we can com-
pare the power required to drive the coil with the power
dissipated in the body. The power to drive the coil should
equal the power radiated into space plus the power dissipated
in the body. For negligible radiative losses, the power to
drive the coil should equal the power dissipated in the body.
In earlier studies of asurface coil above a conducting dielec-
tric sphere (9), radiative losses were less than 5% of the
total power dissipation for frequencies below 200 MHz. The
power, P, to drive an annular coil of inner radius p, and
outer radius p, can be computed by evaluating the integral
of J- E over the cail and time averaging over acycle. In the
time domain,

P2
fJ-Edel—f gg E-didp [1]
D P1 C,
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where D = p, — p;, | isthetotal current in the annulus, C,
is a closed circular path of radius p, d®(p)/dt is the time
derivative of the magnetic flux through C,, and c is the
speed of light. We note that the simplification in Eq. [1] is
possible because the current density was made uniform
across the annular width, D, in the simulations. In the fre-
guency domain, the equations become
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where ®,,(p) is the imaginary part of the magnetic flux
through C,, and (®,,) is the spatial average of ®,,(p) over
the width of the annulus.

In practice, we computed (®,,) by computing ., just
above the annulus at eight equally spaced radii from the
inner to the outer radius. At 171 MHz, P, agreed with the
power dissipated in the body, Py, to within 1%.

RESULTS

For the surface coil and body coil simulations, B,, the
circularly polarized transverse component of the RF field,
was computed from B (r), the full RF field in the fre-
guency domain:

_ B (r)-(x = ig)ll
B, = 5 . [6]

The power, Py, required to produce a 1 ms, 90°, proton
flip at the center of the heart was determined to normalize
the field plots as well as to determine the ISNR. The Py is
calculated using the equation

Poody = %Re[f ocE-E*dV] [7]

and normalization:

Pbody

" BYU(BY)? L8]

P90°

E isthe electric field and ¢ is the conductivity of the region.
Pooay 1S the power dissipated in the body to produce B,
B1” isthe circularly polarized magnetic field required for a
1 ms90°, proton flip at the center of the heart. B is approxi-
mately 1/16 G.

Surface coil B, fields. The field plots for surface cail
simulationsfrom 1.5t0 9.5 T are shown in Fig. 3. The power
was adjusted in each simulation to obtain a 90° proton flip
at the center of the heart. Note the increase in power require-
ment and B; field compression and distortion as the B, field
increases. The asymmetry arises from taking the circularly
polarized component of the RF field, shown explicitly in Eq.
[6] and discussed in Ref. (6).

Quantifying RF field distortion. The field distortion ob-
served from 1.5 to 4 T agrees qualitatively with the results
of B, field mapping experiments on normal volunteers (20).
Since full-body MRI machines do not currently exist beyond
4 T, the 6 and 9.5 T simulation data serve as a guide as
to what one might expect at these fields. The static field
dependence of the B, distortion motivated a method for
guantifying distortion. We define the local fractional distor-
tion, 1(x, y), as

B (By) — BY"™(By)

BY

I(x,y) = [9]

where By"°®(B,) is the B, field, as defined in Eq. [6], for
the unloaded coil a Larmor frequency +vB,, and
B™*(B,) is the B, field for the loaded coil at the same
frequency. The loaded and unloaded fields have been nor-
malized to the B, field at the center of the heart, BS”.

We define the absolute integrated distortion, L, as

I e y)ida

, 10
100A [10]
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FIG. 3. Contour map of surface coil’s RF field distribution in the chest for 1.5, 3.0, 4.0, 6.0, and 9.5 T. RF frequencies (proton Larmor frequencies)
and associated required RF powers are shown. Required RF powers, Py, are for a 90° proton flip in the center of the heart with a 1 ms square pulse.
Contours represent proton flip angles from 30° (furthest contour into the body) to 540° in 30° increments. The control simulation shows the RF field at
15T for an unloaded surface cail (i.e., al body electrical parameters set to values in air). The simulation model chest layer thicknesses, a 1 cm thick
fat layer and a 2 cm muscle layer, were chosen so that the model results bracketed experimental results on our normal volunteer at 1.5 T (20).

where the integral is done over the various body regions in
the right half-plane of the simulation body model, and A is
the area of the given body region. For example, Lye: is the
integral of |I(x, y)| over the heart in the right half-plane,
normalized to the area of the heart in the right half-plane
divided by 100. The factor of 100 is simply for scaling
purposes. In general, L is the measure of distortion of the
RF field over a given region. The effects of field on L for
the various regions of the body are presented in Fig. 4. The
distortion increases with static field.

Estimating required power range for surface coil. One
of the goals of the simulation studies was to construct upper
and lower bounds for RF power requirements as a function
of static field. This would help define the range of RF power
requirements for cardiac MRI studies on humans. To cover
this range, a solid model was created in addition to the
four-layer model (air-filled lungs) to bracket the potentia
experimental conditions. To create this solid model, the lung
space was filled with blood. We refer to this solid model as
the two-layer model since the heart, lung space, and chest
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FIG. 4. Measure of distortion of RF field, in various body parts, as a
function of static field.

muscle are all muscle and blood. Blood and muscle are
approximately the same material in terms of dielectric con-
stant and conductivity. Hence, the two-layer model isalayer
of fat surrounding a can full of muscle.

Figure 5 shows the simulation RF power results of the
two-layer model (blood-filled lungs) and four-layer model
(air-filled lungs). The chest layer thicknesses were chosen
so that the models bracketed the experimental results at 1.5
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FIG. 5. Static field dependence of surface coil RF power deposition for
the two-layer (blood-filled lung) and four-layer (air-filled lung) body mod-
els, and static field dependence of the experimental power requirements.
Inset shows enlargement of 1.5, 3, and 4 T data.
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FIG. 6. Static field dependence of surface coil intrinsic signal-to-noise
ratio (ISNR) for the two-layer and four-layer body models, and static field
dependence of the experimental ISNR.

T (20). Figure 5 dso includes the measured powers from
experimental data collected inthislabupto 4 T (20). These
3and 4 T experimental pointsfall within the predicted range,
suggesting that the model qualitatively represents the fre-
guency dependency up to 4 T and may provide reliable
estimates for higher fields.

Intrinsic signal-to-noiseratio. From the simulations, the
relative ISNR was computed from the power required to
produce a 1 ms 90° proton flip at the center of the heart
from the following relation (21):

ISNR ~ B2/Pgy. [11]
We define the relative ISNR of the receiver coil as (ISNR)
= (ISNR)g,/(ISNR)157, where (ISNR), s+ is the ISNR at
15T, and (ISNR)g, is the ISNR at stetic field B,. Figure
6 shows the ISNR for four-layer and two-layer body models
up to 9.5 T. The experimental ISNR data as a function of
field in the heart from previous work (20) are also shown.
Good correlation is found between the experimental data
and simulation up to 4 T.

RF power requirement as a function of body size. We
use the model to estimate the power variation as a function
of body size at 1.5 and 4 T. Simulations were performed on
four-layer models of varying fat and muscle thicknesses.
Figure 7 illustrates the results where Py is plotted versus
total chest wall thickness. The fat and muscle compositions
of the four total thicknesses are as follows: 1.5 cm tota
thickness implies 0.5 cm fat thickness and 1.0 cm muscle
thickness; 3.0 cm total thicknessimplies 1.0 cm fat thickness
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FIG.7. RF power required for surface coil to produce a1 ms 90° proton

flip in the center of the heart, in the four-layer body model, as a function
of chest wall thickness, at 1.5 and 4 T. Chest wall thickness is the sum of
the chest muscle and chest fat thicknesses.

and 2.0 cm muscle thickness; 4.0 cm total thickness implies
1.5 cm fat thickness and 2.5 cm muscle thickness, which are
NIH Visible Human Dimensions and 5.0 cm total thickness
implies 2.0 cm fat thickness and 3.0 cm muscle thickness.
Note the large absolute power levels required for the thicker
chest walls at 4 T. Further, independent of chest wall thick-
ness, the required power increased by a factor of 5.1 = 0.7
in the step from 1.5 to 4.0 T. Hence an approximate factor
of 5 servesasour lower limit for the expected power increase
in stepping from 1.5t0 4 T.

Body coil B, fields. In cardiac MRI, homogeneous B;
field excitation is desirable for numerous applications. Body
coil excitation is one method for creating such a B, field.
For the body coil RF field simulations, the four-layer model
was used with afat thickness of 1.5 cm and muscle thickness
of 2.5 cm. Figure 8 shows the RF field intensity map of the
loaded body coil at 1.5, 3.0, 4, and 6.8 T adong with RF
frequency and Pgy. For comparison, the RF field of the
unloaded body coil at 1.5 T is shown. As with the surface
coil, the RF field inhomogeneity increases as the static field,
B,, increases, and this can lead to image amplitude artifacts.

Estimating required power range for body coil. Aswith
the surface coil simulations, we construct a theoretical range
for expected experimental power requirements. To construct
this power range, we performed a second set of simulations
with the only change being that the lung space was filled
with blood. Hence, we again have a solid model for de-
termining the upper limit of the expected power range. Fig-
ure 9 shows the body coil simulation results for required
power. In contrast to the surface coil experiments, we did

not have access to experimental results to test our predic-
tions. Rather, the simulation results should be interpreted as
a guide to the power requirements and RF field distortions
that should be taken into account in the design of high-field
body coils. Beyond 6 T, the computed Py values are not
as straightforward to interpret. Above 6 T, thefield distortion
gets much more pronounced as standing wave modes of
higher order become even more significant. At 6.8 T (285
MHz), this results in RF field amplification at the center of
the heart and thus a lowered Pyy. This explains the dip in
power for the last data point in Fig. 9. In contrast, at 300
MHz the simulation result is close to a node at the center
of the heart. The resulting Py is roughly 7000 times larger
than the Py for the only dightly lower frequency of 285
MHz. Hence, the redistribution of the B; field at this fre-
quency has resulted in afactor of 80 decrease in SNR at the
center of the heart. Weintentionally do not give more precise
values because the fields are so small at the center of the
heart that the precision of the calculation is approached.
Figure 10 shows the 300 MHz field data for the two-layer
body model. Each brighter change in shade in the intensity
map represents a 90° increase in the band of flip angles. The
darkest shade represents flip angles from 0 to 90°. The value
at the center of the heart is 15°. This ‘‘threshold’’ in radical
field distributions is likely due to the approach of several
dielectric resonancesin thismodel in the region of 300 MHz.

Comparing surface coil and body coil excitation. We
compare the total power and the peak local power deposi-
tions for the surface coil and body coil. For the comparison,
we compute Py for both coils on the same body model
(four-layer model with approximate NIH Visible Human
dimensions: chest fat thickness of 1.5 cm and chest muscle
thickness of 2.5 cm). On thisidentical body model, the body
coil required 847 W while the surface coil required 1022 W
to achieve a 1 ms 90° proton flip at the center of the heart
at 4 T. The greater surface coil power can be explained by
noting that the body loads the surface coil more than the
body coil. Alternatively, the effective filling factor for the
surface coil is greater than that of the body coil.

The largest local power deposition for the surface coil
occurs in the muscle layer just below the coil. Figure 11
shows the contours of local power deposition that corre-
sponds to the above 1022 W total surface coil power deposi-
tionat 4 T. The loca power maximum, 0.65 W/cm?, occurs
just below the interface between muscle and fat. The electric
field, E, at this point is 1.2 x 10°® V/m. We note that the
local power maximum does not occur at the top of the fat
layer just below the coil, although this tissue is closer to the
coil. Furthermore, E at this point is 2.0 X 10° V/m. Hence,
the maximum dissipation point is not the same as the point
of maximum electric field. This occurs because the conduc-
tivity, o, of the muscle is approximately four times as great
as the conductivity of fat, and the dissipation goes as cE?.
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Intensity map of body coil’s RF field distribution in the chest for 1.5, 3.0, 4.0, and 6.8 T. RF freguencies (proton Larmor frequencies) and

associated required RF powers are shown. Required RF powers, Py, are for a 90° proton flip in the center of the heart with a 1 ms square pulse. Regions
are separated in field strength by 15° in proton flip angle. The control simulation shows the RF field at 1.5 T for an unloaded body coil (i.e., al body
electrical parameters set to values in air). In comparison to the surface coil RF field simulations in Fig. 3, a larger body model, NIH Visible Human
dimensions, was used here to simulate a more clinically relevant subject: fat layer 1.5 cm thick and muscle layer 2.5 cm thick.

Finally we note that the above total body coil power of 847
W produced a local power maximum of 0.10 W/cm?®. The
local maximum for the surface coil, however, is 0.65 W/
cm®. Hence for producing the same RF field at the center
of the heart with a body coil, the local power maximum is
a factor of 6.5 less.

DISCUSSION

Justifyingthemodel.  First and foremost, one could claim
that the model is too oversimplified to produce physically
meaningful results. We argue against this claim on the basis
of the model’s ability to produce results consistent with ex-
periment. In particular, at 3 and 4 T, the highest fields for
which experimental RF field mapping data in the chest are
available, the simulations qualitatively reproduce the experi-

mental behavior of the RF field in the heart and chest. Fur-
thermore, the 3 and 4 T experimental signal-to-noise ratios
at the center of the heart and the experimental power require-
ments fall within the ranges predicted by the model. Indeed,
the modeling strategy was based on the idea of bracketing
the range of expected results with two simplified models as
opposed to developing a single complex model. Since the
model does achieve the goal of bracketing experimental re-
sults and qualitatively reproduces the experimental RF mag-
netic field distortion in the chest, it is physically meaningful.

As for RF field simulations for imaging beyond 4 T, di-
electric focusing effects could certainly become more sig-
nificant. Ideally, nonsymmetric 3D simulations would be
performed. However, large computational resources and
large computational times are required for such simulations.
For our axially symmetric simulation results at 4 T and
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FIG. 9. Static field dependence of body coil power deposition in the
two-layer (blood-filled lung) and four-layer (air-filled lung) body models.

below, however, the dielectric focusing effects appear to be
small as borne out by the aforementioned consistency of
simulations with experiment. Clearly, any model that ex-
tends beyond currently available experiments (beyond 4 T
in the present case) becomes less certain in the new regime.
The purpose of the model in the extended regime, however,
is to present possible physical phenomena that should be
considered at the higher fields. Nowhere is this more poi-
ghant than in the node at the center of the heart that occurred
for a surface coil at 300 MHz. Such a hode might not appear
at the center of real person’s heart, but such strong attenua-
tion might appear off center—especialy since multiple
wavelengths of the RF field fit across the chest at 300 MHz.
Certainly, the increased distortion at high static field is a
parameter to consider in the proposed advancement of im-
aging beyond 4 T.

Computational factorsdetermining choiceof model. Ear-
lier smulations (12, 13) used two-dimensional (and thus
infinitely long) body models. These body models, however,
do not capture the three-dimensional nature of the wave
vectors and the resulting dispersion relation. This problem
in the relation between length and time scales (wave vector
and frequency) is exacerbated as the static magnetic field is
increased. In particular, as the static field is increased to 4
T, the proton Larmor frequency reaches 170 MHz. At this
frequency, the displacement current

E OcE

—_— 12
c ot [12]

becomes comparable to the eddy current in the body,
4roE . [13]

Cc

Furthermore, the corresponding RF wavelength in heart
tissue, 22 cm, becomes comparable to the size of the heart.
Solving a full nonsymmetric three-dimensional model, how-
ever, requires large computation resources. As a compromise
between these issues, we chose a symmetric, heterogeneous,
three-dimensional model composed of spheres and finite size
cylinders. In this way, we could generate three-dimensional
solutions by solving Maxwell’s equations in polar coordi-
nates in a two-dimensional half-plane.

For body coil simulations, one would ideally like to employ
abirdcage coil driven in quadrature (6). However, such acoil
would break the axiad symmetry of our modd. Hence, from
the point of view of smulating the body in an approximately
uniform RF field, the compensated solenoid yields the compu-
tational advantage of being symmetric with respect to the body
model. Therefore, one can ill perform a three-dimensiona
axially symmetric calculation by solving Maxwell’s equations
in two-dimensiona cylindrical coordinates.

Interpretation of electrical parameters. The power cal-
culations depend strongly on the values of the electrical
parameters such as dielectric constant and conductivity. We
briefly expand on the physical source of the RF conductivity
and RF loss. Starting with the equation for the curl of the
magnetic field (22), the frequency-domain equation for the
curl can be written as

47

VxXB="2L 4r
C

iweg
Jcoils + F UchargSE +

E [14]

47 47 iwe

:—Jcoi|s+—O'E+—E, [15]
C C C

where ¢, is the complex dielectric tensor which is taken as
the complex scalar e, = € — i€”. € and ¢” are the real and
imaginary parts, respectively, of the dielectric tensor.

The net conductivity associated with the RF losses in the
body is given by

we”

O = Ocharges T — -«
47

[16]

The term o gages IS due to losses associated with the tranda-
tional motion of charge carriers, and €” is associated with the
didectric loss. For example, dielectric loss can occur when
the permanent electric dipoles of water try to aign with the
eectric fied. In particular, water molecules form hydration
spheres around neighboring ions, and the resulting complexes
have hindered rotational motion which causes dissipation
(18). The behavior of the water and ion complexes is of
special interest in our frequency range because the tissue elec-
trical properties above 100 MHz are determined in large part
by the water content of the tissue (18). Experimentdly, €
and o are inferred from transmission line measurements. In



EFFECT OF STATIC MAGNETIC FIELD ON CARDIAC MRI 81

=

FIG. 10.

Intensity map of body coil’s RF field distribution, on the right side of the chest, at 300 MHz (approximately 7.1 T). The two-layer body

model (blood-filled lung) with NIH Visible Human dimensions is used. Note approximate node at the center of the heart.

particular, they are determined from impedance measurements
of in vivo tissues terminating transmission lines (16). These
measurements yield values for o that represent the combined
conductive and dielectric losses.

Imaging with lower gamma nuclei. The significant total
and local powers deposited in large individuals at 4 T and
above, as compared to 1.5 T, will curtail the rapidity and
magnitude of RF excitation due to safety limits for overall

and local power deposition. Imaging lower y nuclei at high
fields has been suggested to avoid power deposition issues.
A general relationship between Py, and magnetic field can
be derived which demonstrates that Pg,- scales with field and
not . This relation is derived below using the quasi-static
approximation,

Po = aw?B? [17]
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FIG. 11. Surface coil local power distribution in the chest at 4.0 T.
Contours are in increments of 1 W/cm®. The volume integral of this local
power distribution over the chest yields a Py of 1022 W. A four-layer
body model (air-filled lungs) with NIH Visible Human dimensions is used.
Fat thickness is 1.5 cm. Muscle thickness is 2.5 cm. Heart diameter is 12
cm.

egoe = Bl’y’T [18]
2 9'52)0"
P90° = C((')/Bo) W [19]
2
Por = @ (Bof—zoc) ) [20]

where « is a geometrical factor independent of field and
nuclear species, and w, is the Larmor frequency. From Eq.
[20], Poy scales with B3 independent of y. We note that
the same flip angle and the same RF pulse duration are used
for the different nuclides. Based on the squared increase in
power deposition with frequency, and the fact that much of
the S/N per unit time with sodium-23 and other nuclides is
obtained by rapid, high-angle, pulsing of these rapidly re-
laxing spins, there may be actual disadvantages of using low
v nuclides at higher fields in terms of the specific absorption
rate (SAR). However, it is clear that the lower y nuclides
will have smaller dielectric terms distorting and compressing
the B, field as demonstrated in these simulations for protons
at a given magnetic field strength. Complex multinuclear
spectroscopy experiments, however, would require further
analysis. Finaly, we note that RF coils are generally more

efficient a lower frequencies due to reduced radiation, not con-
sdered in Eq. [20], which decreases the cail input power re-
quirements for low  nuclides but does not decrease the SAR.

IMPLICATIONS OF SIMULATIONS

In general, good correlations between experimental data
and simulations were obtained up to 4 T. In extending the
model to fields up to 9.5 T, the main implications of the
model are the increased distortion and power deposition.
One of the mgjor causes of this distortion is the onset of
resonant modes in the body. Such resonances become possi-
ble when the RF wavelength in tissue becomes comparable
to the size of the tissue. For example, at 171 MHz, the heart
is approximately a half-wavelength. With regard to power
deposition, the quasi-static prediction of a B3 increase in
power fell between the two-layer and four-layer model re-
sults, but was closest to the two-layer model (blood-filled
lung). In the four-layer model (air-filled lung) the lack of
lossy materia in the lung space alows for more resonant
energy to be built up at the center of the heart, resulting in
a more efficient delivery of B, to the heart at higher static
fields than the quasi-static prediction. These power require-
ments implied a dlightly less than linear increase in ISNR
for the two-layer model and a greater than linear increase
in ISNR for the four-layer model up to 9.5 T. The two-layer
and four-layer models defined upper and lower limits for
power and ISNR. The experimental results had a slightly
less than linear ISNR dependence on field and a dightly
greater than quadratic power dependence on field. Within
experimental error, the combination of the two-layer and
four-layer models did indeed bracket experimentaly ex-
pected results. Hence the range of power, range of ISNR,
and range of scaling with static field predicted by the model
are consistent with the experimental results (20).

In extending the results beyond the regime of present-day
MRI magnets, a large increase in distortion with field up to
9.5 T was observed in the body and surface coil simulations.
For the body coil, the increase in field distortion due to the
onset of higher modes strongly argues against homogeneous
whole-body imaging beyond 6 T due to the dramatic inho-
mogeneity in the B, field. The B, distortion with surface
coils will also influence the ability to use phased array de-
signs since coil isolation will be difficult to achieve (20).
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