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Monolithic Multi-Scale Modeling of MR-Induced

Pacemaker Lead Heating

O. Talcoth∗ T. Rylander∗ H. S. Lui∗ M. Persson∗

Abstract — Modeling of MR-induced pacemaker
lead heating is complicated by, among other things,
the multi-scale characteristics of the problem. In
this paper, the method of moments is used to model
a wide range of length scales of the problem si-
multaneously including the helix-shaped conducting
wires present in the pacemaker lead. A cross-section
area conserving meshing scheme for helices is pro-
posed and evaluated. For a relative error of 1%, the
meshing scheme reduces the number of thin wire
segments needed to model a helix with a factor of
roughly 3 to 6, as compared to the conventional ap-
proach. In addition, we study the relationship be-
tween the maximum induced current on the lead and
the number of turns of the helices.

1 INTRODUCTION

Magnetic resonance imaging (MRI) is the imaging
modality of choice in healthcare for imaging of soft
tissue and its use in clinics is continuously increas-
ing. Concurrently, active implantable medical de-
vices, such as pacemakers, are being used more fre-
quently. Unfortunately, these implants constitute a
contraindication for MRI, which prohibits patients
with this type of device from accessing the benefits
of MRI. Hence, there is a need for MR safe pace-
makers.

The major safety issue for pacemakers during
MRI is tissue heating near the electrodes of the
pacemaker lead. The lead functions as a receiv-
ing antenna for the radio frequency (RF) field of
the MRI machine. The induced currents accumu-
late charge at the electrodes and cause high electric
field strengths in the tissue close to the electrode,
which causes heating in the electrode vicinity.

Apart from the difficulties created by inter-
patient variations in factors like body size, body
composition and implant configuration, modeling
of this phenomenon includes two major complica-
tions. First, this is a multi-scale problem with
length scales that differ by several orders of mag-
nitude, such as the size of the MRI system’s bird-
cage coil in comparison to the components of the
pacemaker lead. Second, the human body is highly
inhomogenous with large variations in its dielectric
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properties.
Previously, Neufeld et al. [1] employed a two-step

approach with the finite-difference time-domain
(FDTD) technique to investigate the heating be-
havior of a single helix-shaped conductor. Although
the inhomogeneous nature of human tissue can be
easily handled with the FDTD scheme, modeling
of modern pacing leads, which often comprise two
helix-shaped conducting wires consisting of several
sub-wires each, is impossible with this technique in
practice due to excessive simulation times.

An alternative method, the method of moments
(MoM), was used by Park et al. [2] who simu-
lated MR-induced heating near straight wires, and
Bottomley et al. [3] who compared the heating
performance of different lead designs. Neither of
these studies modeled the finer details of pacemaker
leads, which have been experimentally shown to
strongly influence the heating generated around the
lead tip [3]. Thus, there is a need for more detailed
modeling.

In order to overcome the limitations of the afore-
mentioned studies regarding the multi-scale feature
of the problem, we use the MoM to model a wide
range of the problem geometry length scales simul-
taneously. Furthermore, we propose and evaluate a
meshing scheme for helices that drastically reduces
the number of segments needed to resolve the helix
for a given level of the discretization error.

2 MODELING

We model the RF electromagnetic fields of a generic
1.5 T MRI system and their interaction with an
implanted pacemaker lead. The modeling is per-
formed with the frequency domain MoM imple-
mented in the commercial software Efield R© [4].

The modeled geometry is inspired by the test
standard ASTM F2182-09 [5] and includes a generic
birdcage coil which is monochromatically excited at
64 MHz, and a patient-mimicking phantom with an
implanted bi-polar pacemaker lead. The geometry
can be seen in figure 1 and each part of it is ex-
plained below.

A generic 16-rung birdcage coil with a length and
diameter of 0.6 m is modeled by infinitely thin strips
of width 0.65 cm that are discretized by triangles.
A perfect electric conductor (PEC) material is as-
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Figure 1: The problem geometry with a 16-rung
MRI birdcage coil and a patient-mimicking phan-
tom with an implanted bi-polar pacemaker lead.
The sources are marked with spheres.

signed to the coil. The coil is excited by a voltage
source at the middle of each rung. The sources
have unity amplitude and a linear phase variation
of 2π around the birdcage circumference. The cur-
rents on the birdcage yield an approximately uni-
form magnetic field inside the coil, which is desired
for the MRI equipment to function.

A head-less phantom from the ASTM stan-
dard [5] is used in the model. The phantom is
block-shaped with a size of 42 cm × 9 cm × 65 cm
and it is centered in the birdcage coil. The phantom
consists of a homogeneous lossy dielectric (εr = 80,
σ = 0.5 S/m) that models average human tissue at
64 MHz. The maximum element size of the surface
mesh is λ/20.

The implanted bi-polar pacemaker lead is mod-
eled by two conducting wires with a wire diameter
of 0.05 mm, that are shaped as two coaxial helices
of different diameters, 1 mm for the outer helix and
0.5 mm for the inner helix respectively. Both helices
are identical with respect to the orientation of the
turns, the overall length of the helix, and the total
number of turns. These helices are discretized by
straight wire segments using the thin-wire approx-
imation. Consequently, the current on the helix is
forced to be aligned with the wire and, thus, its
component along the circumference of the wire is
set to zero. This representation of the current can-
not be expected to be accurate for densly wound
helices.

The lead is straight and parallel to the cylinder
axis of the birdcage coil. It is displaced from the
symmetry axis such that its mid-point is located at
(18, 0, 5) cm, as shown in figure 1. Thus, the lead
is located at a distance of 3 cm from the phantom
surface in the x-direction.

3 MESHING WITH AREA COMPENSA-
TION

The thin-wire approximation of a helix employed
by our modeling approximates one turn of the helix
by N equally long wire segments. A simple mesh-
ing approach exploits N uniformly placed points on
each helix turn and connects them with straight line
segments. However, for a small number of line seg-
ments the cross-section area of the discretized helix
is significantly smaller than the area of the original
helix. The cross-section area is an important char-
acteristic of solenoidal coils at low frequencies and
influences, for example, the inductance. Therefore,
we propose a meshing scheme that preserves the
cross-section area by scaling the radius of the dis-
cretized helix. A mesh convergence study is used
to evaluate the performance of the proposed mesh-
ing scheme in comparison with the simple meshing
scheme.

The area, Apoly, of a N -sided regular polygon
inscribed in a circle with radius r̃ is given by
Apoly = (Nr̃2/2) sin(2π/N). In order to obtain a
polygon with the same area as a circle of radius r,
we equate the area of the polygon with the area of
the circle and solve for r̃ to obtain the area com-
pensated radius

r̃ = r

√
2π/N

sin(2π/N)
. (1)

Whereas the simple meshing approach exploits N
points per turn for the helix of radius r, the pro-
posed scheme instead uses the same number of
points from a helix of radius r̃. The difference be-
tween the two meshing schemes is illustrated in fig-
ure 2 for N = 4.

Figure 2: Meshing without (left), and with (right)
area compensation.

We perform a convergence study for four 0.2 m
long helices: (i) a single helix in air, (ii) a double
helix in air, (iii) a single helix in the phantom, and
(iv) a double helix in the phantom. For the helices
in air, we use an incident plane wave that (i) prop-
agates in a direction perpendicular to the helix axis



and (ii) features a polarization parallel to the helix
axis. The frequency of the plane wave is multiplied
by
√
εr to make the electrical size of the lead in air

equal to the electrical size of the lead in the dielec-
tric phantom. The mesh is refined in a hierarchical
way by varying the number of segments per helical
turn. The first mesh node from each turn of the
coarsest mesh is present in all the refined meshes.

The induced complex current jk on the lead is
modeled by

jmodel
k (N, p) = ak(p) + bk(p)N−p + . . . (2)

for all k ∈ κ(N), where k is the node number, N
is the number of segments per helix turn, κ(N) is
the set of nodes present in all meshes, and ak(p)
and bk(p) are complex constants. We subsequently
neglect the higher order terms and apply the fol-
lowing optimization approach to find the order of
convergence, p. First, a number of candidate values
for p are chosen. Then, for each of these candidate
values the constants ak(p) and bk(p) are computed
by solving equation (3) in the least-squares sense,
where jsimk (N) is the current from the simulations,
i.e.

jsimk (N) = ak(p) + bk(p)N−p. (3)

Finally, the order of convergence, p?, is found as
the candidate value that minimizes the total error
according to equation (4), where ν is the set of in-
vestigated values for N .

p? = arg min
p

√∑
N∈ν

∑
k∈κ(N)

∣∣jmodel
k (N, p)− jsimk (N)

∣∣2
(4)

In our study, we exclude the coarser meshes from
the sum over N in equation (4) to ensure that only
values from the region of convergence according to
equation (3) are used and to obtain good agree-
ment between the model and the data. This results
in ν = {12, 16, 20, . . . , 32} for the simple meshing
scheme and ν = {5, 6, 7} for the proposed meshing
scheme.

The relative error, ρ(N), is computed according
to equation (5) where the values ak(p?) for the sim-
ple meshing scheme are used as a reference. These
values correspond to the extrapolation to zero cell
size of the current, i.e. let N →∞ in equation (2),
and are also used as reference for the proposed
meshing scheme.

ρ(N) =

√∑
k

∣∣jsimk (N)− ak(p?)
∣∣2√∑

k |ak(p?)|2
(5)

The relative error for a single helix in air, with
and without area compensation, is given in figure 3

as a function of the number of segments per turn N .
Clearly, the proposed meshing scheme has a higher
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Figure 3: Relative error, with and without area
compensation (AC), for a single helix in air, as a
function of the number of segments per turn, N .

order of convergence and a smaller error than the
simple scheme. The estimated orders of conver-
gence, as well as the number of segments needed
per turn to obtain a relative error smaller than 1 %,
are given in table 1 for the four test cases. The
proposed meshing scheme reduces the number of
wire segments needed with a factor between 3.0 and
5.9 depending on the type of simulation. Hence,
the proposed meshing scheme makes larger problem
sizes amenable for a specified error, or conversely,
more accurate results are obtained at a specified
problem size.

Simple Proposed
Case p? Nρ<1% p? Nρ<1%

Air, single 2.15 27 2.98 8
Air, double 1.72 65 3.64 11
Phantom,
single

2.08 19 3.10 6

Phantom,
double

1.92 15 3.36 5

Table 1: Order of convergence for the two meshing
schemes and the number of segments needed per
turn to obtain a relative error smaller than 1 % for
the four test cases.

4 INFLUENCE OF THE NUMBER OF
TURNS

In a low-frequency setting, the inductance per unit
length of a solenoidal coil is proportional to the
square of the number of turns per unit length. Here,
we perform a parameter study to establish a rela-
tionship between the maximum induced current on



a 0.5 m double helix inside the phantom and the
number of turns of the helix. We exploit the mesh-
ing scheme with area compensation for eight seg-
ments per turn. The inner and outer helix have
the same number of turns which is varied in the
study. Furthermore, the inner and outer helices are
modeled separately to investigate the interactions
between them in the context of forming a double he-
lix. In all results below, the power has been scaled
to a whole-body averaged SAR of 1 W/kg with the
lead in place by assuming that the phantom has the
density of water.

Figure 4 shows the maximum amplitude of the
induced current on the helices for different number
of turns. As seen in the figure, the current is lower
on the double helix compared to the individually
excited helices. Also, the maximum current ampli-
tude is greater on the inner than on the outer helix.
The maximum current decreases when the number
of turns increases, where contributing factors are
an increased inductance per unit length of the helix
and changes in the coupling of the incident field to
the induced current. It is interesting to notice that,
as the number of turns increases and the current on
the outer helix decreases, the current on the inner
helix (dashed curve with squares) approaches the
case where the outer helix is removed (solid curve
with squares).
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Figure 4: Maximum current amplitude as a func-
tion of the number of turns of the helix.

5 CONCLUDING REMARKS

In this paper, the multi-scale problem of pacemaker
lead heating in MRI was modeled using the MoM.
A meshing scheme for helices that gives the cor-
rect cross section area, regardless of the number
of segments per turn, was proposed and evaluated.
The number of segments required to achieve a dis-
cretization error of 1 % was reduced with a factor

of roughly 3 to 6 by the proposed meshing scheme.
This is highly beneficial since the memory usage of
the MoM is proportional to n2, and the number
of floating-point operations is proportional to n3,
where n is the number of unknowns.

Additionally, the meshing scheme was employed
to study the impact of the number of turns on the
maximum current induced on a double helix. The
current was smaller on the double helix than on its
individual helices when excited individually. Fur-
thermore, the current was larger on the inner helix
than on the outer helix and decreased with an in-
creased number of turns.

The heating at the lead electrodes is due to
strong electric fields which are related to the accu-
mulated charge at the electrodes. Thus, the charge
would be a relevant quantity to compute and ana-
lyze from the simulations. However, in our present
model the electrodes are represented by the ends of
thin wires, a representation that is quite different
from the underlying physical problem. Our future
work therefore includes the development of more
realistic models of the electrodes.
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