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Abstract— A new method for the navigation of therapeutic
agents in the vascular network is introduced. This method,
dubbed Dipole Field Navigation (DFN), is characterized by
high directional gradients and a high magnetic field strength.
The latter is used to bring magnetic therapeutic agents at
saturation magnetization such that when combined with high
directional gradients, effective navigation at any depths within
the patient can be achieved. DFN does not have many of
the constraints of gradient coil-based platforms, which include
potential peripheral nerve stimulations, reduced directional
changes and slew rates of the gradient fields, overheating
of the coils, and high implementation cost. To achieve such
specifications, soft ferromagnetic cores are positioned at specific
locations inside the tunnel of a clinical MRI scanner providing
a high uniform field of typically up to 3 T, sufficient to bring
both the cores and the therapeutic agents at full saturation
magnetization. The field distortions created by the cores result
in gradients exceeding 300 mT/m for whole body interventions.
Hence, with such cores placed at specific locations, the resulting
gradients would cause the therapeutic agents to follow a precise
path in the vascular network towards the targeted region. In
this paper, the fundamental theory of DFN with preliminary
in vitro experimental results using one core in a 1.5 T scanner
confirms the potential of DFN for targeted drug delivery.

I. INTRODUCTION

Although most cancers are localized, therapeutic agents
are still injected systematically in the vascular network. This
approach leads to a suboptimal amount of therapeutics in the
region to be treated while affecting healthy organs and tissues.
As such, the concept of Direct Targeting (DT) [1] has been
introduced, where the therapeutic agents are navigated in the
vascular network directly from the injection site towards the
region to be treated. Typically, such navigable therapeutic
agents consist of magnetic nanoparticles (MNP) being em-
bedded with therapeutics in a spherical matrix. The MNP,
which are typically superparamagnetic nanoparticles, provide
means for inducing directional pulling forces on the agents,
while acting as MRI contrast agents for tracking or targeting
efficacy assessment. The superparamagnetic nanoparticles see
their magnetization increase up to a saturation magnetization
value when submitted to an increasing magnetic field strength,
and lose their magnetization when they are not exposed to
a magnetic field. Such a magnetic property allows the use
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of magnetic gradients to induce directional pulling forces
for navigation purposes, while avoiding aggregations of the
therapeutic agents once the patient is removed from the
interventional platform. Hence, for a given effective volume
of superparamagnetic nanoparticles being embedded in each
navigable therapeutic agent, both the magnetic field strength
and the magnetic gradients must be maximized to achieve
more effective navigation and better targeting in deep tissues.

Fast directional changes of the magnetic gradients are
typically required for endovascular navigation of therapeutic
agents. Known magnetic navigation platforms having this
capability can be categorized as Electromagnetic Actuation
Magnetic Navigation Systems (EMA-MNS) and Magnetic
Resonance Navigation (MRN) platforms [1]. The rapid
decay of the magnetic field strength of EMA-MNS leads
to suboptimal directional pulling forces being induced on the
agents when operating in deeper regions of the body. As such,
MRN has been proposed where directional imaging gradients
are superposed on the high uniform field of a clinical MRI
scanner [2], [3]. While the magnetic field strength inside
the tunnel of the scanner can be sufficient to achieve depth
independent saturation magnetization of the nanoparticles,
MRN lacks the maximum gradient magnitude achievable with
EMA-MNS. Additional coil inserts can provide much higher
gradients [4], but the smaller inner diameter of the insert
prevents whole body interventions to be conducted. Although
whole body MRN could be done using ultra-high gradient
scanners, these platforms are much more expensive, not
widely available, and the operating time for MRN conducted
in complex networks is limited due to excessive heating of
the coils caused by switching gradients.

To overcome these limitations, a new method dubbed
Dipole Field Navigation (DFN) is introduced. Magnetic
gradients in DFN are created by the distorted high uniform
magnetic field of a clinical MRI system when one or several
ferromagnetic cores are placed inside the tunnel of the
scanner. When positioned adequately, such cores create a
pattern of magnetic gradients that entail the therapeutic
agents (at saturation magnetization) to follow a precise path
in the vascular networks. In this paper, a first insight of
some theoretical aspects of DFN is presented, along with
preliminary experimental results.

II. THEORY
The magnetic field B0 inside an MRI tunnel can be

considered static and uniform. A soft ferromagnetic core
placed in such a field induces a magnetic field Bcore that
adds to B0, distorting the total resultant field in the tunnel:

B = B0 + Bcore (1)
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Fig. 1. Convention used.

For a uniformly magnetized spherical bead of radius R, the
induced magnetic field at any point r = (x, y, z) around the
bead is that of a dipole of equal magnetic moment m placed
at the center of the bead:

Bdip(r > R) =
µ0

4π

[
3

(m · r)r

r5
− m

r3

]
[T ] (2)

where µ0 = 4π× 10−7H/m is the vacuum permeability and
r = |r|. In the following, let B0 = B0ẑ be aligned with the
z-axis. For a sphere, the magnetic moment is then given by

m =
4πR3

3
M ẑ [A ·m2] (3)

where M is the volume magnetization of the ferromagnetic
material, which depends on the static field density B0. The
vector m being parallel to ẑ, Eq. (2) becomes

Bdip =
µ0m

4πr5

[
3xzx̂ + 3yzŷ + (3z2 − r2)ẑ

]
(4)

which highlights the symmetry of B around ẑ in our case.
The force and torque exerted on a particle of magnetic

moment mp placed in a magnetic field B are given by

Fmag = (mp · ∇)B = ∇(mp ·B) (5)
τmag = mp ×B (6)

In our case, particles (therapeutic agents) are magnetized
by the total field B, which implies that mp is aligned with
B. Therefore, the latter equations simplify to

Fmag = ∇(mpB) = mp∇B (7)
τmag = 0 (8)

Note that the magnetization of the particle in fact contributes
to the total field B, but since its radius Rp � Rcore is very
small, we neglect this contribution as well as its effect on
the magnetization of the core.

To further simplify Eq. (7), we consider the case where
the particles are located far enough from the core so that
the influence of Bcore on mp is negligible (far enough is
defined below). Following this condition, mp is approximately
parallel to ẑ, hence

Fmag ≈ mp∇Bz (9)

thus the magnetic force induced on a particle is aligned with
the gradient of the z-component of B at the particle location.

x(m)

z
(m

)

Fig. 2. Magnetic gradient field around a magnetized spherical core. Blue
crosses and red circles show different locations around the core where the
orientation of the gradient is 3π

4
and −π

2
respectively. Note that the field

line density is not proportional to the gradient magnitude.

For a spherical magnetic core, calculating the derivative
of Bz yields (using Eq. (4))

G ≡ ∇Bz = ∇
(
B0 +

µ0m

4π

3z2 − r2

r5

)
(10)

=
3µ0m

4πr7

 x
(
r2 − 5z2

)
y
(
r2 − 5z2

)
z
(
3r2 − 5z2

)
T (11)

Using the convention illustrated at Fig.1, we substitute
x = r sin θ cosϕ, y = r sin θ sinϕ and z = r cos θ to get

G =
3µ0m

4πr4

 sin θ cosϕ
(
1− 5 cos2 θ

)
sin θ sinϕ

(
1− 5 cos2 θ

)
cos θ

(
3− 5 cos2 θ

)
T (12)

We take advantage of the symmetry of G around ẑ and
express the gradient in 2D in the xz-plane. Posing ϕ = 0,
the gradient simplifies to

G =
3µ0m

4πr4

[
sin θ

(
1− 5 cos2 θ

)
cos θ

(
3− 5 cos2 θ

) ]T (13)

Fig. 2 shows the gradient field around a magnetized
spherical core and depicts locations where the same gradient
is obtained, for two arbitrarily chosen gradients.

Substituting ∇Bz = G in Eq. (9) finally gives an
expression for the induced magnetic force between two
dipoles with parallel magnetizations (i.e. a core and a particle)
as a function of r, the distance of the particle to the center
of the core, and θ, the angle between r and ẑ. Note that
this result is equivalent to the one obtained by Fujita and
Mamiya [5]. The force is purely attractive when θ = 0 or
θ = π and purely repulsive when θ = π/2 or θ = −π/2.

The variation of the force magnitude between two dipoles
as the inverse fourth power of r was validated experimentally
in the far field [6]–[8]. In particular, Mehdizadeh et al. [8]
has shown this relation to be accurate when r/R > 4 (for two
identical soft ferromagnetic spheres). At smaller distances,
the magnetization of one sphere affects the magnetization
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of the other and vice-versa, leading to an underestimated
attractive force when θ ∈ {0, π} (increased magnetizations)
and an overestimated repulsive force when θ ∈ {−π, π}
(decreased magnetizations). Mehdizadeh et al. [8] show that
the change in the magnetization can be described using a
simple dipole model, and thereby precisely correcting the
magnetization values allows to use the same inverse 4th
power law when r/R < 4. Their model, however, applies
only when the magnetization of the spheres lies in the linear
region of the magnetization curve, which is not our case. In
fact, one of the advantages of working inside the tunnel of
an MRI is that the core and the particles reach the saturation
magnetization, thus maximizing the pulling force induced on
particles. The variation of the magnetization as a function
of the magnetic field density B being much lower when at
saturation, it is reasonable to suppose that the dipole-dipole
interaction effect is negligible from a closer distance r in our
case. Moreover, because Rp � Rcore, it is likely that the
interaction effect between the core and particles is weaker
than for two identical beads. For these reasons, we consider
r/Rcore > 4 to be a worst case limit for the validity of the
above results in our case. Here, we conservatively use this
constraint to define far enough, introduced to obtain Eq. (9).

III. METHOD

We propose to place soft ferromagnetic cores inside an
MRI tunnel to distort the field B0 so that the resultant
magnetic gradient field makes injected particles follow a
predefined path inside the vascular network. More precisely,
the particles, transported by the blood flow, must bifurcate
in the appropriate vessel branches towards a target region.

This navigation problem consists in correctly positioning
cores such that appropriate magnetic gradients are generated
at different locations inside the patient’s body. In particular,
gradients are needed before each vessel intersection to push
the particles inside the desired branch.

In this paper, we address the simplified problem of
positioning a single spherical core only.

A. Core positioning

Starting from the expression for the magnetic gradient field
around a dipole as a function of r (Eq. (12) and Eq. (13)), we
are interested in solving the inverse problem. In other words,
we want to position a core such that the resultant magnetic
gradient G = (G, θG, ϕG) at a target point p has a given
magnitude and orientation. Similar problems have been solved
to localize dipoles when the magnetic field and its gradient
tensor are known at a certain point [9], [10]. In our case, where
only the gradient at p is known, the localization problem
is ill-posed: for any given gradient, there are always three
solutions (see Fig. 2). Here, we develop a simple approach
to calculate these three positions.

The symmetry of the magnetic gradient field around ẑ
allows to first solve the inverse problem in 2D. We define the
plane Π, centered at p and oriented such that the vectors m
and G lie on this plane. Recall that m is parallel to ẑ, thus
the orientation of Π can be defined, relative to the xz-plane,
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Fig. 3. Magnetic gradient angle θG as a function of the angle θ.

by a rotation around ẑ by the angle ϕG . Consequently, the
2D positioning solution will apply on plane Π. From Eq. (13),

tan θG =
sin θ

(
1− 5 cos2 θ

)
cos θ (3− 5 cos2 θ)

=
a

b
(14)

G =
3µ0m

4πr4

√
a2 + b2 (15)

where the substitution variables a and b are introduced
to simplify the latter equation. The relation at Eq. (14)
between θG and θ is plotted at Fig. 3. We see that for
any orientation of the desired magnetic gradient at p, there
are three solutions for θ. Although θ cannot be isolated in
this equation, these solutions can be found numerically by,
for example, interpolating precomputed values in a lookup
table. Then, calculating the distance r for each value of θ
is straightforward using Eq. (15), resulting in three possible
positions of the target point p relative to the core position.
Or, equivalently, the three possible core positions, dΠ

1 , dΠ
2

and dΠ
3 , relative to p and expressed in Π, are given by

dΠ
i =

[
−ri sin θi
−ri cos θi

]
=

[
dΠ
i,x

dΠ
i,z

]
i = 1, 2, 3 (16)

in Cartesian coordinates. We emphasize that in 3D, for any
angle ϕG, the three possible core positions lie on the plane
Π. The extension to the 3D solution in the xyz global frame
therefore involves a rotation of the 2D positions dΠ

i by an
angle ϕG around ẑ and a translation by p:

di = Rz(ϕG)dΠ
i + p (17)

=

 cosϕG − sinϕG 0
sinϕG cosϕG 0

0 0 1

 dΠ
i,x

0
dΠ
i,z

+ p (18)

=

 dΠ
i,x cosϕG
dΠ
i,x sinϕG
dΠ
i,z

+ p i = 1, 2, 3 (19)

B. Positioning regions

The solution detailed above for the magnetic gradient
inverse problem allows to find the optimal positions of a
core in order to induce a specific gradient at a target point p.
In practice however, placing the core at one of these positions
might not be possible due to physical constraints.

A more practical solution is therefore to define constraints
on the desired gradient, in particular a maximum orientation

322



0 0.05 0.1 0.15 0.2 0.25 0.3
0

200

400

600

800

1000

h (m)

G
(m

T
/
m
)

 

 

R = 10 mm
R = 20 mm
R = 30 mm
R = 40 mm
R = 50 mm

(a) θ = 0

0 0.05 0.1 0.15 0.2 0.25 0.3
0

200

400

600

800

1000

h (m)

G
(m

T
/
m
)

 

 

R = 10 mm
R = 20 mm
R = 30 mm
R = 40 mm
R = 50 mm

(b) θ = 0.352π

Fig. 4. Maximum (θ = 0) and minimum (θ = 0.352π) gradients as a function of h, for different spherical core radii (carbon steel, M = 1.43×106A/m).

error angle ξmax from the desired orientation (θG, ϕG) and
a minimum magnitude Gmin. These parameters should be
defined by taking into account hemodynamic properties, such
as blood viscosity and flow velocity, bifurcation angles and
radii of curvature, as well as the magnetic specifications of
the injected particles. We do not address this question here
and let it for future investigations. The sets of core positions
(positioning regions) respecting the constraints on the desired
gradient can be defined by closed volumes (surfaces in 2D).

C. Core size

It was previously shown that magnetic gradients in the order
of at least 200-400 mT/m are desirable in order to control
ferromagnetic therapeutic agents inside blood vessels [4], [11].
Because the gradient magnitude around a dipole decreases
at a fast rate of 1/r4, it is of interest to investigate how far
from a core such gradient magnitudes can be obtained.

More relevant for the following, we define h, the distance
of a particle from the core surface:

h = r −Rcore (20)

The gradient magnitude varies, for a fixed distance, as a
function of θ. Using Eq. (15), one can find that the maximum
gradient G = 2 3µ0m

4πr4 is obtained at θ = 0 and θ = π,
whereas the minimum gradient G ≈ 0.9 3µ0m

4πr4 occurs at
θ ≈ ±0.352π and θ ≈ ±0.648π. The gradient magnitude is
also function of the core magnetic moment, which depends
on the total volume of the core and the material used (see
Eq. (3)). For our purpose, a soft ferromagnetic material having
a volume magnetization M as high as possible should be
used. Given that material, the gradient magnitude at a distance
h is function of the core size.

Fig. 4 plots the theoretical maximum and minimum gradient
magnitudes, calculated at θ = 0 and θ = 0.352π respectively
(using Eq. (15)), as a function of h for different spherical
core radii. These curves correspond to our carbon steel balls
magnetized at 1.5 T, for which the volume magnetization
is M1.5T = 1.43×106A/m. At 10 cm from the core surface,
which distance would allow to reach most regions inside a
patient’s body, we see that a core of radius R = 3 cm is
sufficient to produce a gradient of more than 300 mT/m in
the best case (θ = 0). To ensure a minimum gradient of the

same magnitude in the worst case (θ ≈ 0.352π) however, a
core of radius between 4 cm and 5 cm is needed.

IV. EXPERIMENTS

The feasibility of endovascular navigation using the pro-
posed method was tested in vitro by attempting to control
the direction of magnetic particles at a junction.

Our setup consisted in a T-shaped glass tube having a con-
stant circular cross-section of 3 mm in diameter and splitting
in two branches: one going straight and one bifurcating at
90◦. The input of the tube was connected to a syringe pump
(Harvard Apparatus PHD 2000) delivering a constant flow
of 60 ml/min, which is representative of some arteries in the
human body. This yielded an average flow velocity of 14 cm/s
before the junction. We did not consider the pulsatile nature
of the blood flow to keep the setup simple. A solution of
36% (vol.) glycerol in water was used as a blood analogue
fluid [12], which has a dynamic viscosity of 3.5 mPa·s.

The T-shaped tube was fixed on a LEGO R© baseplate and
centered in the tunnel of a Siemens Avanto MRI scanner
having a static field density B0 = 1.5 T. It was oriented
such that it was parallel to the horizontal xz-plane, with
the two bifurcations angled at 45◦ from ẑ. A carbon steel
spherical core of radius Rcore = 12.7 mm, having a volume
magnetization M1.5T = 1.43×106A/m at 1.5 T, was glued
onto a pile of LEGO blocks, which provided the ability
to quickly and precisely change the core position on the
baseplate during the experiments. We ensured that the core
center was vertically aligned with the center of the T-shaped
tube (along the y-axis). The core could then be positioned
according to the baseplate grid, defined by a stud spacing of
8 mm. We considered the core saturated, as its magnetization
at 1.0 T, M1.0T = 1.41×106A/m, is 1.3% less than M1.5T .

In order to test the proposed method, we attempted to guide
magnetic particles inside each of the bifurcations separately.
The arrangement of the setup allowed solving the core
positioning problem in 2D for simplicity. The target point was
set 5 mm upstream of the junction center. The desired gradient
orientations were defined as θG = −π/4 and θG = 3π/4
for the left and right bifurcation respectively. Note that these
gradients are orthogonal to the flow in order to push the
particles on the desired side of the tube, past the centerline, as

323



detailed in [4]. We defined Gmin = 300 mT/m, ξmax = π/8
and respected the constraint r/Rcore > 4. Fig. 5 depicts
the setup and shows the core positioning regions (surfaces)
corresponding to each bifurcation. The surface vertices were
obtained by calculating the core positions corresponding to the
constraint limits. The matching core positions on the baseplate
are marked by small gray crosses. Four of these positions were
tested (two per bifurcation), which are identified by larger
black crosses. To reference them later, the tested positions are
identified dL,1, dL,2 and dR,1, dR,2, for sending particles in
the left and right bifurcations respectively (see Fig. 5). The
two remaining positioning regions could not be tested due to
the core colliding with the tubing at these positions.

For each of the tested positions, ferrofluid was injected
upstream of the T-shaped tube in order to generate magnetic
particles in the flow. The ferrofluid used (Ferrotec EFH1)
has a volume magnetization M1.0T = 17 240 A/m at 1.0 T
and M1.5T = 17 580 A/m at 1.5 T (2% increase). Thus, it
was considered to be saturated at 1.5 T. When injected, the
ferrofluid formed small aggregations in the direction of B0. A
MRI-compatible camera (MRC Systems GmbH model 12M)
was placed above the junction and recorded the motion of the
ferrofluid aggregations during the injection (640×480 pixels,
30 frames per second). The average video duration over the
four tested positions was 19 s. A differential analysis was
performed on each video in order to detect moving aggregates
from frame to frame. A density plot of the detected motion
was then superimposed on the average video frame.

V. RESULTS AND DISCUSSION

Fig. 6 shows the navigation results obtained by posi-
tioning the core at dL,1, dL,2, dR,1 and dR,2 (each row
corresponding to one position, in order). The first column
depicts the calculated gradient field around the junction
and the theoretical resulting gradient at p. The second and
third columns show raw images from the videos and images
resulting from the motion detection process, respectively. On
the latter, red color depicts areas of highest motion density,
whereas blue depicts those of lowest density.

In each of these tests, the navigation attempt was successful
as the results show the ferrofluid aggregates bifurcating in the
desired branch. In particular, motion was detected only in the
desired branch for positions dL,2, dR,1 and dR,2. At position
dL,1, we see a region of low motion density in the wrong
branch. In the corresponding video, we observed tiny boluses
(≈10-20 times smaller than the other aggregates) bifurcating
in the wrong branch. In fact, such tiny boluses were also
observed in the wrong branch for dL,1, but they were not
significant enough to appear on the motion density plot in
that case. As for the other positions, a single tiny bolus was
seen taking the wrong branch for dR,1 and none for dR,2.

Although the targeting efficiency was not quantified, we
can affirm based on these results that the vast majority of the
ferrofluid aggregates was guided successfully in the desired
bifurcation. This clearly demonstrates that it is possible to
control the direction of magnetic particles at a vessel junction
using the proposed method.

Fig. 5. Illustration of the experimental setup. The blue and orange arrows
depict the desired gradient orientations, while dashed lines depict the gradient
orientations corresponding to ξmax. The blue and orange surfaces depict
the core positioning regions for the corresponding gradient color. Positions
on the LEGO baseplate matching theses surfaces are marked by crosses.
The tested positions are identified by larger crosses.

VI. CONCLUSION

By adequately positioning ferromagnetic cores inside the
tunnel of a MRI system, the magnetic gradients generated
by the distorted uniform field entail the therapeutic agents
to follow a precise path in the vascular network, towards a
targeted region to be treated. This fundamental principle of
the new endovascular navigation method introduced in this
paper, dubbed Dipole Field Navigation, was demonstrated
experimentally using one core in a 1.5 T MRI scanner. For
more complex paths with multiple bifurcations, several cores
would be needed and positioned by considering, and possibly
exploiting, the magnetic dipole-dipole interaction.

The high field strength inside the tunnel of the scanner is
sufficient to bring the magnetization of both the cores and
the navigable therapeutic agents close or at full saturation
magnetization. As such, DFN can provide high directional
gradients comparable to the ones generated by expensive and
complex electromagnetic coil assemblies, while the respon-
siveness of the therapeutic agents to the applied gradients is
maximized. A great advantage of DFN compared to other
MRN methods is the potential low price of implementation
when used with a MRI scanner since it does not typically
require sophisticated and costly hardware.

Another advantage is the non-requirement for switching
(dynamically changing) gradients, that are limited in their
slew (transition) rate due to technological and/or physiological
constraints (e.g. safety issues such as peripheral nerve
stimulation for the patient) and other limiting factors such as
an overheating of the coils. But such advantages are paid by
the requirement to develop sophisticated models to predict
the effect of the cores on the navigable agents, which may
become complex especially when dipole-dipole interaction
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Fig. 6. Navigation results for the tested core positions. Each row corresponds, from top to bottom, to positions dL,1, dL,2, dR,1 and dR,2. The first
column depicts the gradient field (gray lines and arrows) around the junction and the gradient at the target point (red arrow, length proportional to the
gradient magnitude using the conversion factor 1T/m ≡ 3 cm). The position of the core is indicated by a thick black arrow. The second column shows raw
images from the videos, without any processing. The third column shows composite images obtained by superimposing the motion density plot on the
average video frames (red is the highest motion density, blue is the lowest). This figure is best viewed in colors (see the online version).

occurs. Another drawback is the difficulty of tracking the
navigable agents in real-time in order to apply corrective
actions accordingly during their transit towards the targeted
region. This latter issue emphasizes the need for accurate
models and the requirement to assess the targeting efficacy
on a need basis depending on the expected motion artifacts
being encountered during the intervention.
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