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Numerical field calculations considering the
human subject for engineering and safety
assurance in MRI
Christopher M. Collinsa *
Numerical calculations of static, switched, and radiofrequency (RF) electromagnetic (EM) fields considering the
geometry and EM properties of the human body are used increasingly in MRI to explain observed phenomena,
explore the limitations of various approaches, engineer improved techniques and technology, and assure safety. As
the static field strengths and RF field frequencies in MRI have increased in recent years, the value of these methods has
become more pronounced and their use has become more widespread. With the recent growth in parallel reception
techniques and the advent of transmit RF arrays, the utility of these calculations will become only more critical to
continued progress of MRI. Proper relation of field calculation results to the MRI experiment can require significant
understanding of MRI physics, EM field principles, MRI coil hardware, and EM field safety. Here some fundamental
principles are reviewed and current approaches and applications are catalogued to aid the reader in finding resources
valuable in beginning field calculations for their own applications in MR, with an eye to the current needs and future
utility of numerical field calculations in MRI. Copyright ß 2008 John Wiley & Sons, Ltd.
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INTRODUCTION

important insights, work of particular significance, and work
dealing with the current cutting edge of MR technology.

In the form used most commonly for medical purposes, MRI requires
application of three different types of magnetic fields to the subject
being imaged: a static magnetic (B0) field to align nuclear magnetic
moments, radiofrequency (RF) magnetic (B1) fields to re-orient the
net nuclear magnetization and detect a signal, and linear magnetic
field gradients that are switched on and off rapidly during the
imaging process to encode information about spatial location into
the frequency and phase of the signal detected.
All three of these fields interact with the human body in
different ways. Interactions can cause both desirable and
undesirable effects in the final images produced. For example,
slight perturbations in B0 caused by minute differences in the
magnetic permeability (mr) between oxygenated and deoxygenated blood can contribute to our ability to detect localized brain
function with MRI. Slightly larger perturbations of B0 near air/tissue
interfaces, and much larger perturbations of B1 (related to tissue
relative electrical permittivity, er, and tissue electrical conductivity,
s) can, however, lead to severe image distortions and loss of signal.
Besides affecting the images, interactions between the
electromagnetic (EM) fields in MRI and human tissues can have
implications for patient safety and comfort. RF fields can induce
heating of tissues, and time-varying fields – such as the switched
gradient fields or motion within a static magnetic field – can
result in stimulation of sensory or motor neurons.
Numerical calculations have been used to study the behavior
of the EM fields within the human body in MRI for improved
understanding of their effects on images and for assurance of
patient safety and comfort. This paper is largely a review of
methods used to perform these calculations and to evaluate the
results. Because it is not possible to review this very broad area in
its entirety in a single article, here emphasis is placed on work
that considers complex sample geometries, work yielding

NUMERICAL CALCULATIONS OF B0 FIELDS
The difference in mr between different tissues or between human
tissues and air is exceedingly small – on the order of a few parts
per million. Owing to the nature of MRI, however, this can be
enough to cause very severe distortions and signal loss in some
types of images. A number of authors have used a variety of
methods to calculate B0 fields in the human body for different
purposes (1–10). Most of these studies were geared toward
evaluating field perturbations with the goal of understanding and/
or correcting image distortions. At least two of them were aimed
at evaluating peripheral nerve stimulation or other potential
biological effects due to motion in a static magnetic field (5,10).
The majority of the aforementioned studies present the
numerically calculated B0 fields and compare them with
analytical calculations and/or experimental measurement, discussing the accuracy and speed of the calculation method. In
general, the more recent methods are very fast and accurate and
lend themselves well to three-dimensional models on a regular
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grid, such as those segmented from an MR or computed
tomography dataset. Other previous works have also taken the
results of analytical field calculations and used them to predict
the appearance of MR images of samples with simple geometries
(11,12).

NUMERICAL CALCULATION OF SWITCHED
GRADIENT FIELDS
The presence of the human body does not perturb the switched
gradient magnetic fields used in MRI enough to notably affect the
resulting images. The switched magnetic fields can, however,
induce electric fields and currents strong enough to cause
peripheral nerve stimulation (PNS) resulting in either a tactile
sensation (feeling similar to being touched, pinched, or poked) or
a muscle contraction at some frequency corresponding to the
switching of the fields. Generally, these nerve stimulations occur
at the periphery of the body, and there has been little warranted
concern in recent years of any long-term adverse effects (such as
could potentially be caused by cardiac stimulation) as long as the
gradient fields are not switched at a rate and strength that
induces severe discomfort or painful nerve stimulation at the
periphery (13). A number of authors have used a variety of
methods to calculate gradient-induced fields in the human body
to either gain a better understanding of the relationship between
gradient fields and PNS or engineer coil designs that may be able
to achieve a higher rate of switching without inducing PNS
(14–20).
On the whole, these methods have shown success in
comparison with analytical field calculations, but results are
mixed when their ability to accurately predict locations and levels
of PNS are assessed. For example, although there may be high
magnetically induced electric fields near the surface of the body
in areas where stimulation is known to occur, there are often
higher magnetically induced electric fields deep within the body
at interfaces between dissimilar tissues, in areas where no
stimulation is typically seen. This has raised questions about the
mechanism of the neuronal stimulation (14,19) and about the
conditions for stimulation (21). The relationship between the
electrical fields of the gradient coil induced in the human body
and PNS requires further investigation and interpretation and
improved understanding.

NUMERICAL CALCULATION OF RF
ELECTROMAGNETIC FIELDS
The vast majority of numerical field calculations performed for
MRI of the human subject are related to the RF fields. Whereas
perturbations in the static and gradient magnetic fields due to
the presence of the human body are only a few parts per million
(on the order of 0.000001 times the applied field), perturbations
in the B1 field can easily be tens of a percentage (on the order of
0.1 times the applied field in free space). Also, RF heating in tissue
(concomitant with the maintenance of the B1 field in a lossy
medium) must be understood and monitored to avoid excess
heating of the subject.
Numerous field calculation methods
A number of important studies using a variety of methods have
led to great insights into behavior, effects, and safety of RF fields

in MRI. It is important to point out that many key developments
and observations have used both analytical and numerical
calculations of RF field distributions, power dissipation, and MR
signal intensity in simple shapes (22–39), and that these RF field
calculations in simple shapes continue to be very useful (40–45),
although they have limitations in application to the human body.
For example, maximum levels of localized heating in simple
shapes tend to be much lower than in anatomical models (46),
and axis-symmetric objects (such as spheres and cylinders) are
apparently not as amenable to RF shimming as are human
anatomies (47). Also, although they have led to important
insights in the past, quasi-static approximations (22–25) should
be used cautiously, and probably not used much at all above
64 MHz for cases involving the human body. Before threedimensional anatomical models and calculation methods were
accessible, some researchers approximated parts of the human
body as infinitely long extrusions of a single cross-section
(48–50). Although this sometimes led to important insights,
infinitely long geometries and excitations lead to exaggerated
estimates of RF field distortions and heating (35). In recent years,
numerous authors have developed detailed three-dimensional
models of the human head (46,51–57) and body (58–60) for use in
MRI. Because in many cases a carefully tuned coil (or model) will
have a current distribution much like that expected ideally for its
resonant condition (60), in many circumstances accurate results
can be produced from calculations with assigned current or
voltage distributions in the coil (61,41). In other cases, tuning the
coil model to the desired frequency and driving it as in
experiments (62–70) may be preferable. Whatever method is
used, it is important to understand its strengths, limitations, and
appropriateness for the specific application (71). Methods for
tuning the coil model include iteratively changing capacitor
values (62–69) between method-specific frequency sweeps
[including Fourier transform of the time-domain impulse
response commonly used in the finite difference time domain
(FDTD)] and determination of the required capacitance from
input impedance at each gap while driving with the desired
current pattern (70,60).
Although the calculation methods in the above studies include
(among others) the FDTD method, method of moments, finite
element methods, and analytical calculations, FDTD and related
methods remain dominant in numerical field calculations that
consider realistic human body models. However, it is not the ideal
method in all situations, such as when dealing with fields near
highly conductive surfaces in any arbitrary orientation, as with
most RF coils. Generally, FDTD and related methods rely on a
Cartesian grid (with regular or irregular grid spacing), so surfaces
at oblique angles are represented in a ‘staircase’ fashion.
Although there are some algorithms to help reduce the
shortcomings of FDTD-type methods in these situations (56),
other approaches include development (in progress) of human
body models for finite element methods (72) and hybrid
approaches using one numerical method in regions containing
the RF coils, and another in the region containing the human
body (73).
Signal and noise for single-channel coils
Because both the excitation of the nuclear magnetization and the
reception of signal intensity rely on interactions between
magnetic fields and precessing nuclei, it is necessary to calculate
the circularly polarized components of the RF magnetic fields
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produced by the RF coils (or antennas) to relate results to MRI. In
the case of a single-channel coil, the circularly polarized
^
components, ^Bþ
1 and B1 , can be calculated as (74)


^þ ¼ ^Bx þ i ^By  2
ð1Þ
B
1
and


^x  i ^By   2
^ ¼ B
B
1
^þ ,
B
1

ð2Þ

^ ,
B
1

^x , and B
^y are complex values as denoted with a
where
B
circumflex, i is the imaginary unit, the asterisk indicates the
complex conjugate, and ‘imaginary’ components are simply 908
out of phase with ‘real’ components at the frequency of interest.
In practice, with the time-domain methods and a sinusoidal
excitation (for either a tuned coil or assumed current
^x and B
^y can be constructed with magnetic field
distributions), B
values recorded at two different times 908 out of phase with each
other at the frequency of interest (55). With this method, the
value recorded at the earlier time point becomes the imaginary
component, and the value recorded at the later time point
^þ or ^B that rotates
becomes the real component. Whether it is B
1
1
in the direction of nuclear precession and thus induces the flip
angle depends on whether the B0 field is oriented with or against
^þ rotates in the
the z-axis. Conventionally, it is assumed that B
1
direction of nuclear precession and is thus the flip-inducing
component (74,75), although it should be noted that, with
conventional definitions of axis orientations and direction of
nuclear spin (in a classical sense), this would require B0 to be
oriented in the negative z direction (76,77).
Although the nuclei precess in only one direction, calculation
of a coil’s receptivity distribution requires consideration of the
circularly polarized component of the magnetic field that rotates
in the direction opposite nuclear precession that is created when
driving the receive coil (41). This can be explained by considering
the field produced when applying the principle of reciprocity to a
quadrature coil by driving through the receive side of a
quadrature splitter/combiner (26) or from considering interaction
of the precessing nuclei with the coil in the laboratory frame (74).
So the nuclear excitation (and available signal strength) is by
^þ produced by the excitation coil, and
convention related to B
1
^ produced by the receive coil. Thus,
received signal is related to B
1
for a gradient-echo experiment with a rectangular RF pulse, a
long TR and a short TE (neglecting effects including those of T1
and T2), signal
intensity
(SI) is proportional to the product of

 
^ . Here g represents the gyromagnetic ratio
^þ Þ and B
sinðgt B
1
1
(42.58 MHz/T for 1H), and t represents the pulse duration for the
RF excitation pulse. More generally,
 

ð3Þ
SI / fL2 sinðaÞ^B
1
where a represents the flip angle, which is a function of the
^þ and its interaction with the net nuclear magnetization
applied B
1
vector through space and time, and fL is the frequency of nuclear
precession (equal to the B1 field frequency and proportional to
the B0 field strength). SI is proportional to fL once because the
number of nuclei aligned with B0 at equilibrium increases with
the strength of B0, and a second time because the signal induced
in the coil by the precessing nuclei will be proportional to the
precessional frequency, according to Faraday’s Law.
Noise is created by random motion of particles, including (but
not limited to) translational motion of electrons in the coil,
translational motion of ions in the sample, and rotational motion
of dipolar molecules in the sample. These random motions result

in random currents in the receive coil and random voltages at its
terminals. It can be shown that the noise detected from these
random motions is closely related to the effective resistance of
the noise source (78). The noise power induced in the coil by
random currents in the sample is proportional to the ‘sensitivity’
of the coil to these random currents, which, by reciprocity, is
proportional to the resistive losses induced in the sample when
driving the receive coil. In MRI, we typically calculate the noise as
being proportional to the square root of the power dissipated in
the coil and/or sample when driving the receive coil with a certain
current or voltage. Treating the coil and sample as two resistors in
series, the noise voltage can be estimated as:
pﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ
N / aPcoil þ bPsample
ð4Þ
where a and b may be different from each other depending on
factors such as the absolute temperature of the coil and sample,
and Pcoil and Psample are the power dissipated in the coil and
sample when driving the receive coil with a certain current or
voltage. Generally, this should be the same current or voltage
used as when calculating ^
B
1.
A general equation relating the signal-to-noise ratio (SNR) to
the RF EM fields can be obtained by dividing eqn (3) by eqn (4).
For imaging of the human body with relatively large receive coils
and at high frequencies, it is generally accepted that Pcoil is
negligible compared with Psample. However, as coils in receive
arrays become more numerous and smaller, it may be necessary
to consider Pcoil as well as Psample. Note that this method of
calculating ‘intrinsic’ SNR (24) neglects numerous real-world
factors including dependence of T1 on B0, physiological noise,
and imaging parameters. The numerical values are therefore
valuable for a variety of purposes including comparing different
coil designs and exploring trends with field strength, but they
should not be expected to match experimentally measured
values.
Consideration of quadrature coils
A circularly polarized magnetic field can be created with the
superposition of two orthogonal linear magnetic fields driven
with a 908 phase shift between them. Most transmit coils and
many receive coils used today are quadrature coils – designed to
take advantage of this principle to produce more efficient
excitation (requiring less power to be applied and absorbed into
the subject) and/or higher SNR. Popular coils that are particularly
suited to quadrature use are the birdcage coil (79) and the TEM
resonator (49).
For a transmit/receive coil used in quadrature, it is necessary to
^
calculate the pertinent ^
Bþ
1 and B1 fields as if they were produced
from different driving configurations: the first with the driving
voltages designed to create a field rotating in the same direction
as nuclear precession, and the second with driving voltages
designed to create a field rotating opposite nuclear precession
^þ ,
(26,74). In other words, to calculate the excitation distribution, B
1
it is necessary to simulate the fields produced when driving the
coil through the transmit side of the quadrature splitter/
^ , it is
combiner, and to calculate the receptivity distribution, B
1
necessary to simulate the fields produced when driving the coil
through the receive side of the quadrature splitter/combiner. In
the case of the human head in quadrature volume coils (such as
birdcage or TEM coils) at frequencies from 128 to 400 MHz, the
^
result is that both the ^
Bþ
1 and B1 distributions will be stronger at
the center (where primarily constructive interference occurs)
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than in a surrounding region (where destructive interference
weakens the field). The destructive interference has its maximum
adverse effect roughly one-quarter wavelength away from the
center (32,43,80).
Receive arrays
Often the signal received from multiple coils is combined in
creative ways to improve SNR (81) or reduce acquisition time
(82–85). A number of very diverse methods are used to
accomplish these aims, and their implementation can be fairly
involved. It is thus beyond the scope of this work to discuss this
topic in detail, but calculations of EM fields of the receive coils can
be used to predict SI distribution and/or SNR distribution for
these methods (42,83). One effect of some receive-array
^
reconstruction methods is to reduce the impact of the B
1
distribution on the SI distribution of the final image (81,83,86),
but compared with the single- coil case described above, the SNR
distribution becomes quite complicated, being a function of the
overlapping magnetic and electric fields of the receive coils, the
k-space trajectory, and the image reconstruction algorithm.
Transmit arrays
A very recent development in MRI is the use of multiple
simultaneous transmit coils, or a transmit array. Field calculations
are currently used extensively in the exploration of methods to
use this technology to shorten pulse durations, create homogeneous excitations, and reduce heating of the subject
(40,45,56,73,76,87–102). Although other methods have been
proposed (87,89), the two most popular approaches at this time
can be categorized as RF shimming and multi-coil tailored pulses.
RF shimming typically involves merely adjusting the magnitude and phase of the currents in the elements of the transmit
array to produce a desired RF field distribution in the region of
interest, usually without any explicit consideration of the nuclear
magnetization vectors throughout space and time
(40,56,73,76,88,90,94,95,97,99). RF shimming techniques have
also been simulated with the purpose of achieving localized
excitation (87,88,94), but they do not have nearly as precise
control in this area as multi-coil tailored pulses. Recent
simulations of RF shimming methods that attempt to achieve
both improved magnetic field homogeneity and reduced subject
heating also show great promise (90,94,95).
Multi-coil tailored pulses, including Transmit SENSE (103), have
greater technical requirements than RF shimming, but also have
tremendous flexibility in terms of the pattern of excitation
produced (45,91–93,101,102). These methods generally require
highly specialized RF pulses (different in each coil) driven
simultaneously with gradient pulses to achieve a pre-determined
spatially selective excitation pattern while traversing a predetermined trajectory through k-space. They are designed to
achieve rotation of the nuclear magnetization vectors in a
specified pattern throughout space. The RF and gradient field
distributions through time are tools to achieve this, but the RF
field distribution itself is not adjusted to match a target as in RF
shimming. With the use of multiple coils, it is possible to achieve
much shorter pulse durations than with the use of a single coil,
and it is expected that this may also reduce the specific energy
absorption rate (SAR) relative to that achievable with a single coil
(103). Methods that simultaneously produce the desired
excitation distributions and reduce SAR using multi-coil tailored

Figure 1. Sine of flip angle of nuclear magnetization vector after RF
shimming (top) and an array-optimized composite pulse (bottom) optimized over the entire brain in a complete human head model at 600 MHz
in a 16-element transmit array. The composite pulse consisted of two
short consecutive pulses with different RF field distributions.

pulses have also been explored recently using numerical field
calculations (92,93,101,102).
Although RF shimming is sufficient to produce remarkably
homogeneous images on single planes through the head at very
high frequencies (40,76,104), its limitations in the body and over
large volumes have caused investigators to limit it to only certain
regions in a plane at a time in high-field MRI of the body (88,105).
Multi-coil tailored pulses, on the other hand, are very flexible in
the variety of spatial excitation distributions that they can achieve
throughout the human body. Other methods may also have
advantages and warrant further investigation. As an example, a
series of short RF pulses with minimal time between, and with RF
field distributions varied between pulses to produce a homogeneous nuclear excitation, shows a dramatic advantage over RF
shimming alone, but requires less complicated pulse design than
multi-coil tailored pulses (89,100). Available SI for gradient echo
imaging in the human head at 14 T is shown in Fig. 1 for cases
where the whole brain volume was excited with RF shimming and
with an array-optimized composite pulse consisting of only two
short pulses. Theory and methods are described in much greater
detail elsewhere (89).
RF power absorption
Besides its relationship to noise (discussed above), power
absorbed by the human subject during RF excitation causes
heating of the tissue. SAR (units of W/kg) is the entity most often
discussed in terms of monitoring and regulating the heating of
tissues. In MRI, there are regulations for SAR over the whole body,
over the head, over any portion of the body, and the maximum
SAR averaged over any 10 g region of the body (106). The
regulations are applicable to SAR averaged over periods of from
10 s to 6 min, so SAR can generally be reduced by reducing the
energy absorbed during the pulses or by increasing the repetition
time, TR, in the experiment. Some researchers have published
work relating calculations of SAR specifically to the regulatory
limits for MRI (46,55,59,60,97,107–113).
Recognizing that it is not power absorption alone, but
temperature, that can cause damage, some authors have used
the results of SAR calculations and calculated the resulting
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temperature increase (108,111–115). Because temperature is
affected by many factors besides SAR (most notably blood
perfusion rate and thermal conductivity), the correlation between
SAR patterns and heating patterns is often not good. Challenges
in this area include finding recent, accurately measured values for
blood perfusion rates of different tissues. In other fields, such as
radiation therapy, much emphasis is placed on accurate
modeling of blood vessel geometry because the presence of
blood vessels has a cooling effect on adjacent tissue which can
result in lower than desired heating in those applications. In
calculations for MRI, ignoring this cooling effect should only result
in more conservative estimates for purposes of ensuring safety.
The development of transmit array capability presents a
particular challenge for safety assurance and a valuable
opportunity for use of numerical methods. Unlike conventional
excitation methods, a transmit array can be driven with a different
current distribution for different subjects, or even at different
times in one pulse, as with multi-coil tailored pulses. Although it
should still be possible to monitor average SAR levels as has been
done for decades (by estimating the total power absorbed in the
subject and dividing that by the mass of the exposed region), to
assure that local SAR levels do not reach excessive levels will
require development of new methods. One approach is to use
superposition of previously calculated results to estimate local
SAR levels in real time during an experiment. Under the right
circumstances, this could be accomplished rapidly and accurately
enough to ensure safety without causing any delay in the study
(116). Considering potential effects of any failures in the drive
chain to the coils, it may also be desirable to directly monitor the
fields produced by each element (98).
A significant challenge for RF safety assurance is the
dependence of local SAR levels on individual patient anatomy
(60). All currently available anatomically accurate numerical body
models are based on information from only a handful of
individuals, and thus are not representative of the wide
anatomical variation among actual human subjects. For field
calculations to be able to contribute more significantly to safety
assurance, it will be necessary to develop and disseminate
models of a much wider variety of human subject anatomies.

CONCLUSION
In MRI, numerical field calculations are used for numerous
purposes and are increasingly valuable. With careful preparation
and analysis, numerical calculations can be used to engineer
improvements in MR technology, explore the limits of what is
possible with current technology, explain observed phenomena,
and ensure patient safety. Although many important topics have
only been briefly reviewed here, it is hoped that, in combination
with the extensive list of references (as well as the discussion and
further references therein), this work will be a valuable resource
for those seeking to perform field calculations for their own
applications within MRI.
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