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Abstract— Catheter navigation and placement through the
arterial network is a major limitation for clinical procedure. In
this article, a specific catheter tip and a modified clinical MRI
scanner with an upgraded gradient system are used to steer a
catheter through a single Y-shaped bifurcation. Safety aspects
are analyzed to avoid the peripheral nerve stimulation (PNS)
according to an empirical law of magnetostimulation and the
magnetic field of upgraded 3D gradient coils. For a rabbit-sized
device, the rising time of gradients system have to be limited
to 1.7ms at 400mT.m−1 to avoid PNS. These rise time values
allow the use of this system for catheter steering and other
more demanding applications.

I. I NTRODUCTION
ATHETER navigation through the body is a major
limitation on several medical interventions, as catheters
are placed and steered manually through a complex blood
vessel network. Different solutions exist to improve catheter
navigation. Stereotaxis, Sensei robotic catheter system and
the CorPath System are clinical systems, but all of them
use fluoroscopy to guide the catheter into the blood vessel
network. Fluoroscopy uses ionizing radiations which may
have serious health effects on the patient, physician and
medical staff present during procedure in case of overexposure. Compared with fluoroscopy, Magnetic Resonance
Imaging (MRI) offers improved soft tissue resolution and
eliminates ionizing radiation exposure [1]. Moreover, recent
efforts [2], [3] have been put in to use the magnetic properties
of the MRI apparatus for catheter manipulations. Using coils
at the distal end of a catheter, different currents are applied
to steer the tip of the catheter [2], [3]. Current is provided
from a power supply or from the MRI radio-frequency
subsystem. Other MRI subsystems can be used to steer
objects inside the MRI bore. The main magnet of a typical
MRI provides a permanent 1.5 T magnetic field at its center
for imaging purpose. In addition, magnetic field gradients
are generated in order to encode pixel/voxel locations of an
observed volume. Recent works [4], [5] show that those two
subsystems can be used to steer ferromagnetic objects. We
propose to use the same method to steer a catheter tip which
can be adapted on existing catheters.
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The catheter tip is made of a ferromagnetic sphere, which
is magnetized in presence of the permanent magnetic field.
Once magnetized, forces can be applied to the sphere with
magnetic gradient field. Contrary to methods [2], [3], this
method do not present risks of locally heating blood and
tissue.
A clinical MRI system can typically generate 40mT.m−1
gradient fields. However, steering applications require larger
gradients field amplitudes [5]. In our steering application, a
400mT.m−1 gradient field amplitude is used. This maximum
amplitude is set as the technological limitations to scale up
the coils to human size. To steer an object in 3D, three
gradients coils are needed, one per direction. Using such
high gradient amplitude is not directly a safety issue for invivo test. Safety limits come from time variation of magnetic
fields. The risk is to stimulate nerves with quick magnetic
field variations. Indeed, variations of magnetic fields in a
time scale of milliseconds may induce a current inside the
nerves of the patient. In the literature [6]–[11], the safety
criteria for magnetostimulation take the form of limits on
the absolute value of the time derivative of the magnetic
field applied, dB/dt. High frequency imaging and steering
gradients (see Fig. 1) imply high values of dB/dt which
must be limited for safety reason. Commonly used dB/dt
threshold values are based on human sized systems, with
simplifications due to common size and designs of MRI
gradient coils. As we intend to perform in-vivo tests on
rabbits with custom gradient coils, the dB/dt threshold has
to be reinterpreted according to this rabbit sized system.
The aim of the present theoretical study is to evaluate the
feasibility of steering a magnetic catheter with a modified
MRI apparatus while respecting safety limits with respect
to magnetostimulation of an animal model (rabbit). In the
first part of this paper, an accepted empirical law of magnetostimulation is applied on the theoretical model of an animal
model to evaluate the threshold value of the dB/dt. Secondly,
preliminary results on the steering of a magnetic catheter
through a phantom are presented.
II. S TIMULATION THRESHOLDS
A. Theoretical model
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1) Stimulations duration evaluation :dt value: Stimulation may occur when the gradient field amplitude change,
due to the low rising time of the field, going from 0 up to
10ms [6]. The smaller the rising time value is, the higher
are the risks of stimulation. In imaging procedure, a small
rising time value is used to perform specific imaging tasks.

(a)

Fig. 2. Approximation of the volume of a rabbit by a prolate spheroid of
homogeneous conductivity.

(b)
Fig. 1.
Schematic representation of the time variations of gradient
amplitudes in an MRI for imaging purposes (a) and for steering applications
(b).

As the gradient field may switch every few milliseconds, the
rising time value has to be minimized to maximize gradient
field effect. Common MRI systems have a rising time values
as small as 0.2ms. The physical limitation on the minimum
rise time of specific gradient system hardware comes from
the coil inductance and the power supply maximum tension.
When these two parameters are fixed, thus fixing the system
minimum rising time value, any higher value can be generated with a specific power supply control.
2) PNS threshold determination: The PNS origin in MRI
applications is an induced current from a tension field in
a myelimated fibe [6], [7]. Different methods to evaluate
the PNS threshold exist. The fundamental law of magnetostimulation [8] and Reillys exponential model [10] are
two of them. Reillys model has show a good correlation
with experimental data. The magnetostimulation law is based
on the well established electrostimulation model [12], [13]
and has shown a better correspondence with experimental
data [8]. We choose to use the latter model for this better
agreement.
The magnetostimulation law sets a PNS threshold defined
as:
chronaxie
Estim = rheobase(1 +
).
(1)
dt
Estim is the tension field threshold (V.m−1 ) above which
peripheral nerves are stimulated by an induced current. The
rheobase (V.m−1 ) is the low frequency limit of threshold
stimulus. The chronaxie (s) is the characteristic reaction
time of the nerve. dt (s) is the duration of the stimulation
pulse. Stimulation pulse occurs when gradients field vary
from one value to another one, as shown in Fig. 1. According
to (1), for a given dB, set by steering application, the dt (or
rise time) is the only gradient system parameter which can
be adapted to vary the stimulation threshold.
3) Induced electric Field amplitude calculation: The time
variations of magnetic field B over a surface S and the
electric field on the contour of that area are directly linked

according to Maxwell-Faradays law:
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To simplify the evaluation of the induced electric field on
the surface of a rabbit, we use conservative simplifying
assumptions. First, we consider the volume of the rabbit as
a prolate spheroid as shown in Fig. 2. Secondly, we take the
magnetic field to be homogeneous and equal to its maximum
value over the whole volume for each direction and coil [14].
And lastly, we concidere the electric field to be maximum
when the magnetic field is maximum. Integrating (2) in each
direction in space, we obtain :
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where EXY , EXZ , EY Z are the electrical fields (V.m−1 )
induced around the XY , XZ and Y Z surfaces of the rabbit
by the BZ , BY , BX magnetic field (T ), respectively. a (m)
and b (m) are respectively the semi-minor and the semimajor axis of the ellipse, as shown in Fig. 2. Each gradient
coil has three magnetic field components, as shown in Table
I. The maximum induced field is reached when all three
coils are at maximum amplitude. The maximum magnetic
field amplitude is calculated from the sum of the maximum
magnetic field of each coil (w = x, y or z) as :
p
Bmax = (ΣBXw )2 + (ΣBY w )2 + (ΣBZw )2 . (6)
The maximum surface of the spheroid cut by the plan
perpendicular to the maximum magnetic vector, is an ellipse
defined by the semi-minor and semi-major axes c and d.
The equation of this ellipse can be obtained analiticaly or
using CAD software. From equations (5) and (6) we define
the maximum induced electric field Einduce (V.m−1 ) on the
prolate spheroid surface as:
Einduce =

Bmax
cd
p
. (7)
dt 2(3(c + d) − (3c + d)(c + 3d))

TABLE I
VALUE OF MAXIMUM MAGNETIC FIELD FROM THE THREE DIFFERENT
GRADIENT COILS , ACCORDING TO FIELD DIRECTION DEFINED IN

Field
Direction

x
|BX |
|BY |
|BZ |

F IG 2

Gradient Coils
y
z

70mT
0mT
45mT

0mT
70mT
50mT

50mT
20mT
50mT

Fig. 3. Comparison of induced electric field in a rabbit body and the PNS
threshold for a rabbit.

B. Results
To calculate the electric field threshold value, rabbit
rheobase and chronaxie values have to be provided. In the literature, the only values we found for rabbits are 18.0V.m−1
for the rheobase and 0.41ms for the chronaxie [15]. We
calculate a 12.2V.m−1 rheobase value from a different nerve
model [16]. As those values show a significant variation, we
decide to uses a 2.2V.m−1 rheobase which corresponds to
the human value accepted by the international standard on
MRI gradient safety [6], with a 0.41ms chronaxie, in order to
provide a security factor of six. For the induced electric field,
the typical lengths of the prolate spheroid are taken equal to
a = 0.065m, b = 0.280m, c = 0.065m and d = 0.132m.
The maximum magnetic field produced by the 3D gradient
coils are given in Table I.
In Fig. 3, electric field threshold values calculated from
(1) and induced electric field values calculated from (7)
are plotted against dt values. When the Einduce curve is
above the Estim curve, the induced current in the peripheral
nerves is high enough to induce PNS. Otherwise, no PNS
is generated. In Fig 3, the crossing point of the two curve
shows that a dt of 1.7ms is sufficiently high to avoid any
PNS in rabbits with 3D gradient coils. At dt = 1.7ms, to
create a PNS, all 3D gradient coils have to be energized
at the same time at maximum amplitude, i.e. 400mT.m−1 .
That represents a diagonal force direction on an application
point having a nerve fiber parallel to the force direction.
This 1.7ms dt limit for a rabbit in gradient coils is easy
to overcome and is compliant with the present application.
This is also a strong result for other applications such as
therapeutic magnetic micro carrier steering which require
smaller dt value than catheter steering to be functional in a
closed loop system. With the following experimental method,
open loop catheter steering results are presented using a dt
value of 10ms.
III. C ATHETER S TEERING
A. Materials and Methods
1) Steering force: A steering force Fmag (N) applied
to an object is proportional to the object volume V (m3 ),
magnetization MZ (A.m−1 ) and gradient of magnetic field
∇BZ (T.m−1 ) applied on this object :
Fmag = V MZ ∇BZ .

(8)

The volume of the ferromagnetic body which can be used is
constrained by the purpose of the procedure and the object

geometry. To avoid preferential magnetization direction due
to the main magnetic field from the MRI, the object must
have an isotropic shape such as a sphere.
The magnetization values depend on the material composition and on the magnetic field amplitude around the material.
A 1.5T Sonata MRI scanner (Siemens AG, Germany) is used
in this application and provides a 1.5T field that magnetizes
most common ferromagnetic materials around 95% of their
theoretical maximum value. Chrome steel spheres used in
this application are ferromagnetic and have high magnetization saturation values. Finally, 3D gradient fields must be
applied on the object to move it in space. Here, a single
400mT.m−1 pair of Maxwell coils are used to produce
an external force on the catheter tip in only one direction.
Hence, the sphere can only be steered in one direction.
2) Catheter steering: Experiments are performed with a
FasTracker micro-catheter (Boston Scientific, USA), 2.5Fr
(i.e.: 0,83mm) external diameter with a bending rigidity
evaluated at 1.2.10−6 N.m2 . This measure was evaluated
by measuring the bending induced by an end load. The
catheter is clamped at a distance L of the distal tip in such
a way as to avoid any rotation of the bending orientation.
A soft ferromagnetic ball of chrome steel, 1.5mm diameter
(Salemball, USA) and with a magnetization of 1 248kA.m−1
in a 1,5T field (measured with a Vibrating Sample Magnetometer) is attached at the tip of the catheter. Experiments
are conducted in a Y-shaped phantom and with a 90◦ angle
between intersections (Fig. 4). The phantom and the catheter
with the ball at the tip are placed in a bath of water to reduce
the friction. The whole setup is placed in a 1-dimensional
gradient coil inside the bore of a 1,5T MRI system. During
the whole experiment, we move the clamp linearly along X,
to simulate the action of the physician. As illustrated in Fig.
4 we define X as the direction parallel to the catheter and
Z as the direction perpendicular to catheter and parallel to
the main MRI magnetic field. Without any gradient applied,
we observe the intersection naturally chosen by the catheter
inside the phantom due to its natural bending. Once this
preferred direction (PD side) is known, we apply the gradient
field in the opposite direction (OD side). The amplitude of
the gradient is varied from 0 to 400mT.m−1 by 11mT.m−1
increments and then from 400 to 0mT.m−1 .

Fig. 4.

Schematic representation of the phantom and the catheter-ball.

the induce electric field increase. To avoid to be above
the PNS threshold and to keep a low dt value, we first
have to do more precise calculations of the induced electric
field. Moreover, as high values of magnetic fields are only
present near gradient coils surfaces, technical solutions exist
to reduce the maximum amplitude of magnetic field on the
coil surface and thus decrease the dt value without affecting
performances.
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Fig. 5. Efficacy of steering of the catheter in the experiments of varying
magnetic loading. (a): the loading cycle. (b): the unloading cycle.
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