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ABSTRACT: This work examines feasibility, practical advantages, and disadvantages of a

combined MRI/magnetic particle hyperthermia (MPH) system for cancerous tumor treatment

in low perfusion tissue. Although combined MRI/hyperthermia systems have been proposed

and constructed, the current proposal differs because the hyperthermia system would be

specifically designed to interact with the magnetic nanoparticles injected at the tumor site.

The proposal exploits the physical similarities between the magnetic nanoparticles currently

employed for MPH and those used as superparamagnetic iron oxide (SPIO) contrast agents

in MR imaging. The proposal involves the addition of a rotating magnetic field RF hyper-

thermia source perpendicular to the MRI B0 field which operates in a similar manner to the

MRI RF excitation field, B1, but at significantly higher frequency and field strength such that

the magnetic nanoparticles are forced to rotate in its presence. This rotation is the source

of increases in temperature which are of therapeutic benefit in cancer therapy. For rotating

magnetic fields with amplitudes much smaller than B0, the nanoparticles’ suspension mag-

netization rapidly saturates with increasing B0. Therefore, the proposal is best suited to

low-field MRI systems when magnetic saturation is incomplete. In addition, careful design

of the RF hyperthermia source is required to ensure no physical or RF interference with the

B1 field used for MRI excitation. Notwithstanding these caveats, the authors have shown that

localized steady-state temperature rises in small spherical tumors of up to 108C are con-

ceivable with careful selection of the nanoparticle radius and concentration, RF hyperther-

mia field amplitude and frequency. � 2010 Wiley Periodicals, Inc. Concepts Magn Reson Part

A 36A: 36–47, 2010.
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INTRODUCTION

Magnetic Nanoparticles in Biomedicine

Two of the primary biomedical applications of mag-

netic nanoparticles are currently (i) magnetic nano-

particle hyperthermia for cancer therapy in localized,

low-perfusion tissue (e.g., breast cancer (1, 2)) and

(ii) as superparamagnetic iron oxide (SPIO) contrast

agents in MRI (3). Although the physical characteris-

tics of the nanoparticles used in each application are

remarkably alike (single-domain SPIO nanoparticles,

consisting of maghemite or magnetite on the order of

5–15 nm core diameter), their application concentra-

tions and environments are quite different. Superpar-

amagnetic MRI contrast agents, such as Feridex1,

are generally delivered in very low concentrations

into the bloodstream by direct injection while nano-

particles used in magnetic particle hyperthermia

(MPH) are usually injected into the tumor site and do

not enter the vasculature.

Recent years have seen the development of

research in MPH dedicated to the treatment of cancer

patients based on the localized heating effects of

magnetic nanoparticles in vivo (1, 2, 4–6). Treatment

falls under one of two categories, hyperthermia and

thermoablation. In hyperthermia, the target area is

subjected to a local temperature in the range of

428C–458C for periods of up to a few hours (1). The
end result is usually not sufficient to eradicate all the

cancerous cells and is coupled with other techniques

such as irradiation or chemotherapy (2). Thermoabla-

tion aims at creating in vivo temperatures in excess

of 508C in the tumor region and exposure time is lim-

ited to just minutes. However, thermoablation raises

concerns regarding the physiological effects in

healthy tissue of such a rapid, localized heating effect

(7). To date, magnetic particles that have been used

are either injected in situ and/or are designed to bind

selectively to cancerous cells. The majority of inves-

tigations use superparamagnetic magnetite (Fe3O4)

or maghemite (g-Fe2O3) in water based suspensions

since these are well metabolized. To date, the only

clinical trial of magnetic nanoparticles for hyperther-

mia has been at Berlin’s Charité Hospital in 14

patients with a severe type of brain cancer (8) using
local injection of superparamagnetic iron oxide nano-

particles of 15 nm core diameter in a water suspen-

sion. Field amplitudes between 4.8 and 17 mT (3.8

and 13.5 kA m�1) at 100 kHz were employed. De

Nardo et al (9) have examined iron oxide nanopar-

ticle ‘‘bioprobes’’ in athymic mice with breast cancer

and promising results were obtained with approxi-

mately 130 mT fields at 153 kHz. Typical superpara-

magnetic nanoparticles used as MRI contrast agents

(e.g., Feridex IV1) have core diameters of 5–6 nm

and a hydrodynamic diameter of 80–150 nm due to

the dextran surfactant (9). Other commercial imaging

agents such as Resovist1 (with a core diameter 4.2

nm and hydrodynamic diameter of 62 nm (9) due to

carbodextran surfactant) and Combidex1 (also mar-

keted as Sinerem1 with a core of 4–6 nm and hydro-

dynamic diameter of 20–40 nm of dextran surfactant)

are also available.

Creating in vivo concentrations to allow for suffi-

cient heating is a major challenge due to heat con-

duction away from the target area as well as blood

perfusion around the tumor (1). A second significant

challenge is the undesired heating associated with

eddy currents in surrounding healthy tissue. Brezo-

vich (10) found that subjects had a sensation of

warmth but were able to withstand the treatment for

more than an hour when the product of the RF hyper-

thermia field amplitude and frequency did not exceed

4.85 � 108 A m�1 s�1) at 90 kHz. Superparamag-

netic particles of magnetite and maghemite have

been the preferred nanoparticle to date (6) for MPH

but recent developments such as FeCo particles (11)
would offer significant advantage due to the

increased magnetic moment per particle if concerns

regarding biocompatability can be overcome.

Rosensweig (5) has examined the effect of RF

fields on superparamagnetic fluid suspensions. His

work developed dissipation relationships based on

the rotational relaxation of single-domain magnetic

nanoparticles dispersed in a solvent due to alternat-

ing-sinusoidal magnetic fields. Eddy current heating

due to ohmic dissipation is assumed to be negligible

due to the small size of the particles (,15 nm core

diameter) compared to the skin depth. Rosensweig

expressed the volumetric power dissipation using

Shliomis’ Relaxation Equation (12) in the absence of

so-called spin-velocity effects for a magnetic fluid

suspension in an alternating RF field. Subsequent

analysis (13) followed Rosensweig’s approach and

introduced two extensions: (i) the analysis was re-

vised for the presence of rotating as well as sinusoi-

dal alternating magnetic fields and (ii) the analysis

was examined in the MRI environment where it is

expected that the heating effect will be reduced due

to the magnetic saturation effects on the particle sus-

pension associated with the large DC magnetic field,

denoted B0, characteristic of MRI. This work has

shown that significant temperature increases of SPIO

solutions are feasible in the low-field MRI environ-

ment, which presents the possibility of a combined

MRI/MPH system for integrated imaging with cancer

treatment in low-perfusion tissues.
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Combining MRI and Hyperthermia

Combined conventional hyperthermia and MRI sys-

tems (i.e., in the absence of magnetic nanoparticles)

have been proposed and constructed previously.

These include the mini-annular phased array devel-

oped at the National Institutes of Health (14) which
operated a time-sharing arrangement between image

acquisition and hyperthermia treatment. More

recently, Gellermann et al. (15) combined a 1.5 T

MRI platform with a hybrid hyperthermia coil

inserted into the magnet bore and correlated MRI tu-

mor temperature mapping with direct temperature

measurements. No nanoparticles were used and the

heating was purely ohmic.

Other imaging modalities have also been

employed for simultaneous imaging and/or thermo-

metric analysis coupled with hyperthermia. These

include laser heat deposition in conjunction with

MRI (16) and ultrasonic hyperthermia coupled with

MRI (17). However, in each of these cases, the imag-

ing modality (MRI) and the hyperthermia source are

not integrated but rather consist of two distinct and

independent systems. The attraction of a combined

RF hyperthermia system coupled with open MRI is

that the heating source can be made to interface with

the MRI since the MRI platform already has a built-

in RF source, used for excitation of the hydrogen

protons during imaging. The trade-off with specific

absorption rate (SAR) and associated heating in

nearby healthy tissue is expounded in the subsequent

analysis. Although the current MRI RF field, usually

referred to as the B1 field, is not suitable for hyper-

thermia treatment since the amplitude of the MRI RF

field is too small (�mT) and it operates at the Larmor

frequency, it is proposed that the same MRI coil

hardware may be used for the RF hyperthermia field

source, either by a practice of timesharing or by par-

allel connection to the RF hyperthermia coil.

Magnetic Nanoparticle Hyperthermia and
‘‘Smart’’ Nanoparticles

Much work has been devoted to development of

smart magnetic nanoparticles as MRI contrast agents

which are capable of selectively binding to certain

tissue types and it is proposed to encompass these

agents into the proposed treatment (18–20). This will
have the effect of causing large accumulations of

nanoparticles at the target tumor(s) and relatively lit-

tle in healthy tissue. This is important because, upon

application of the RF hyperthermia field, heating is

concentrated in regions where the nanoparticles are

present (i.e., adhering to the tumor) in larger quanti-

ties and healthy tissue experience lower rise in tem-

perature via ohmic tissue losses. This analysis

assumes smart nanoparticles as part of an integrated

MPH/MRI system.

Magnetic particle hyperthermia is under investiga-

tion by numerous groups (2, 7, 21, 22) although not

in combination with MRI. In vivo rodent trials have

taken place in Japan (23) which reported ‘‘71% tu-

mor suppression’’ due to MPH alone. Another recent

development is the Magnetic Drug Targeting (MDT)

developed by Siemens Medical Solutions (24) where
an external, focused magnetic field source is brought

to bear on operator-injected magnetic fluid for the

application of targeted in vivo transport of the mag-

netic particles. However, the device does not appear

to currently afford simultaneous imaging of the tar-

get.

Recent work (3, 18, 19) has also focused on the

functionalization of magnetic nanoparticles allowing

for specific binding to in vivo tumors. Babincova

et al. (20) have proposed a single functionalized

nanoparticle which combines cancer chemotherapy

and hyperthermia based on iron oxide magnetic

nanoparticles functionalized with cisplatin.

Low-Field MRI

As MR image SNR improves with field strength, B0,

most clinical systems operate at either 1.5 T or 3 T.

However, low-field MRI (also known as open MRI)

exists in a variety of B0 field strengths (e.g. 0.1, 0.2,

0.35 T) for surgical intervention during imaging, pe-

diatric imaging and improved patient comfort. At

sufficiently high field strengths, the magnetic particle

suspension will become saturated, i.e., the suspen-

sion’s magnetization vector is essentially locked in

parallel with the DC field, B0. Under these condi-

tions, the vast majority of the magnetic nanoparticles

are unable to rotate or generate heating effects in the

presence of the RF hyperthermia field envisaged

here. Therefore, it is proposed that the proposal

encompass a low-field MRI system operating at field

strengths below 0.35 T.

THEORY

Magnetic Nanoparticle Relaxation
Mechanism

The two critical parameters to optimize energy trans-

fer from the RF hyperthermia coil to the target tumor

site are the magnetic field heating frequency, f, and
the nanoparticle time constant, t. In the presence of
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RF sinusoidal or rotating magnetic fields, magnetic

nanoparticles will act to realign their magnetic

moment with the applied rotating field. The realign-

ment is characterized by the nanoparticle’s time

constant, t. Typical values of t for 5–10 nm core

diameter nanoparticles lie in the ms range. The time

constant, t, is a combination of two distinct contribu-

tions, known as the Brownian (tB) and Néel (tN) time

constants (4) as given by [1] where Vh is the hydro-

dynamic volume in m3 (including surfactant contri-

bution), Zc is the dynamic viscosity of the carrier liq-

uid (assumed water in this analysis) in N s m�2, k is

Boltzmann’s constant (1.38 � 10�23 m2 kg s�2 K�1),

T is the absolute temperature in Kelvin (295 K unless

stated), Vp is the nanoparticle volume in m3

(excluding surfactant contribution), Ka is the anisot-

ropy constant in J m�3 with a value of 46,800 and t0
is the characteristic Néel relaxation time, given by

Rosensweig (5) as 1 ns.

1

t
¼ 1

tB
þ 1

tN

tB ¼ 3VhZc

kT

tN ¼ t0e
KaVp
kT

[1]

Both Brownian and Néel contributions increase

with nanoparticle radius, tB with the volumetric ra-

dius (including the surfactant) and tN with the mag-

netic core radius (excluding the surfactant). The con-

sideration of these two distinct sources of relaxation

is important because while Brownian relaxation

entails rotation of the entire nanoparticle in the pres-

ence of an RF field, Néel relaxation can take place

even if a magnetic nanoparticle’s physical rotation is

constrained, e.g., by adherence to a tumor. In the case

of Néel relaxation, it is only the magnetic moment of

the particle which rotates and this relaxation mecha-

nism is dominant for smaller nanoparticles, as

depicted in Fig. 1. For nanoparticles most commonly

used as MRI contrast agents and hyperthermia agents

(typically 5–20 nm magnetic core diameter with

hydrodynamic diameters of 20–40 nm), a combina-

tion of the two mechanisms can be expected. How-

ever, in the event of adherence or binding at a tumor

site, as envisaged in hyperthermia, only Néel relaxa-

tion is possible. Therefore, in the simulated results

which follow for expected increases in temperature

in small tumors, only Néel relaxation is considered

(i.e., tB ? 1). This represents a simplified view

since even in the case of ‘‘targeted’’ agents, 100%

adherence to the tumor is impossible. In addition,

nanoparticle concentrations on the order considered

in this work may well result in receptor interaction

being severely disordered due to magnetic saturation

at the tumor surface. For this reason, the work at

Berlin (8) employs non-targeted nanoparticles which

are locally injected. Therefore, consider the results

which follow to expound the idealized regime of

relaxation only due to the Néel mechanism.

In the presence of a low-frequency (compared to

1/t) sinusoidal or rotating RF hyperthermia field of

sufficient amplitude (�mT), the magnetic nanopar-

ticle will rotate such that the instantaneous RF field

and the magnetic moment of the nanoparticle are

close to parallel. As the magnetic field frequency is

increased, the nanoparticle’s magnetic moment

begins to lag the applied rotating magnetic field at a

constant angle for a given radian frequency, V ¼
2pf. This lag is characterized by a non-zero magnetic

torque density on the magnetic nanoparticle suspen-

sion which causes nanoparticle rotation generating

heat. As already noted, the nanoparticle rotation is

due to a combination of (i) fluid viscous dissipation

from Brownian relaxation and (ii) from energy dissi-

pation due to changes in the magnetic crystal struc-

ture, due to Néel relaxation. However, this work only

considers heating due to Néel relaxation since this is

the dominant mechanism when nanoparticle binding

occurs. The most significant heating occurs as Vt
approaches unity. This proposal exploits the rise in

the magnetic fluid’s temperature in the MRI environ-

ment, which is characterized by a large DC magnetic

field, B0, perpendicular to the RF hyperthermia field.

The effect of B0 is to increase magnetic saturation of

the suspension as discussed in the ‘‘Magnetic Nano-

particle Hyperthermia in MRI’’ section. However,

energy transfer from the driving hyperthermia coil, at

Figure 1 The dependence of the nanoparticle time con-

stant, t, on the nanoparticle radius, r. For smaller nano-

particles, it is the Néel relaxation which dominates while

as nanoparticle radius increases, Brownian relaxation is

the dominant mechanism.
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frequency V in rad s�1, to the suspension can still be

optimized within low-field MRI systems (where the

ferrofluid is not magnetically saturated) to achieve

particle heating with careful selection of the system

parameters (i.e., RF hyperthermia field amplitude

and frequency). It should be noted that heating due to

MPH is still conceivable at 1.5 T and 3T MRI sys-

tems in the event that the RF hyperthermia field

approaches the order of the B0 field. However, this

scenario is not clinically relevant since the underly-

ing purpose of B0 in the operation in MRI (i.e., the

unidirectional polarization of the imaging proton’s

magnetization, usually the 1H proton associated with

water) is significantly altered. Therefore, this work con-

siders RF hyperthermia field amplitudes not exceeding

15% of B0 (i.e. 30 mT in a 0.2 T main field).

Magnetic Nanoparticle Hyperthermia
in MRI

The magnetization associated with a magnetic fluid

suspension due to magnetic fields is determined by

the Langevin function, given by [2] and [3] and plot-

ted in Fig. 2 where Meq is the equilibrium magnetiza-

tion of the suspension in the direction of the net mag-

netic field, H, and Ms is the saturation magnetization

both in units of A m�1. The Langevin parameter, a,
depends on the permeability of free space, which has

a value of m0 ¼ 4p � 10�7 T m A�1, the magnetic

core particle volume, Vp, the single domain magnet-

ization of the particle, Md, (which has a value of 446

� 103 A m�1 for magnetite, a common constituent of

magnetic nanoparticle suspensions), the magnitude

of the local magnetic field intensity in the suspen-

sion, |H|, and the thermal energy density given by the

product of the Boltzmann constant, k, in m2 kg s�2

K�1 and the absolute temperature, T in K. The mag-

nitude of the saturation magnetization, Ms, is related

to Md such that Ms ¼ f � Md where f is the fraction

solid magnetic volume in the fluid suspension.

Meq ¼ MsLðaÞ ¼ Ms½cothðaÞ � 1=a� [2]

a ¼ m0VpMdjHj
kT

[3]

At low fields, the Langevin function, L(a)
approaches zero indicating that the nanoparticles

thermal kinetic energy dominates the magnetic

energy. For increasing magnetic fields, such as those

typical in clinical MRI (B0 ¼ 1.5 T and 3 T), the

magnetic energy density, given by the numerator of

[3], is dominant so that a � 1 and |Meq| � Ms. How-

ever, at lower field strengths, such as those typical of

low-field MRI (e.g., 0.2 T), the ferrofluid is not satu-

rated, as indicated in Fig. 2, such that in the presence

of a sinusoidal or rotating magnetic field applied per-

pendicular to B0, they are partially free to rotate in

the presence of rotating fields in the mT range and,

thus, induce heating.

Nanoparticle Rotation Due to Sinusoidal
or Rotating Magnetic Fields

The dynamics of magnetic nanoparticles in the pres-

ence of a magnetic field is described by three equa-

tions, [4], [5] and [6]. This work examines an addi-

tional magnetic field, applied transverse to B0 which

is either (i) in a single direction in the x-y plane and

varying sinusoidally with time or (ii) a pair of per-

pendicular sinusoidally varying magnetic fields in the

x-y plane with a phase difference of 908 so that the

net magnetic field rotates in the x-y plane direction.

The equations of interest are Shliomis’ relaxation

equation given in [4], the conservation of linear mo-

mentum, given in [5], and the conservation of angu-

lar momentum given in [6], and where:

� M is the instantaneous suspension magnetiza-

tion in A m�1

� v is the fluid flow velocity in m s�1

� ! is the vector differential operator

� v is the fluid suspension spin velocity in rad

s�1

� r is the fluid suspension density in kg m�3

� g is the gravitational acceleration constant in

m s�2

� p is the fluid suspension pressure in Pa

� Z is the fluid suspension dynamic shear vis-

cosity in N s m�2

Figure 2 The Langevin function is shown as a function

of the DC MRI field strength, m0H0 � B0 in Tesla for var-

ious nanoparticle magnetic core radii.
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� z is the fluid suspension vortex viscosity which

is approximately given by 3
2
f� Z for dilute

suspensions in units of N s m�2.

qM
qt

þ ðv�rÞM�v�M ¼ � 1

t
ðM�MeqÞ [4]

0 ¼ rgþ m0M�rH�rpþ ðZþ zÞr2v

þ 2zðr �vÞ ½5�

0 ¼ m0M�Hþ 2zðr � v� 2vÞ [6]

In this analysis, the linear and angular acceleration

effects in [5] and [6] are ignored, as inertial time con-

stants are much faster than the magnetization time

constant in [4]. In addition, the spin-viscosity in [6]

was not considered. The equation set [4], [5] and [6]

is generally not solvable except by numerical meth-

ods. However, a convenient case study of a planar

channel can be analyzed such that analytical solu-

tions are possible for demonstration of heating effects

in the fluid suspension. This was the case considered

by the authors (13) yielding the results which follow.

A number of insights may also be helpful towards a

qualitative understanding of the equation set. In ab-

sence of any linear flow (v ¼ 0, approximated in the

case considered here and the expected scenario in

application to breast or prostate tissue), Shliomis’

Relaxation Equation [1] is a first-order decay with

characteristic time-constant, t of the nanoparticle

suspension’s magnetization, M which is modified in

the presence of a so-called spin-velocity, o. The

spin-velocity, as indicated by the conservation of

angular momentum [6], to first-order can be caused

by two factors; (i) vorticity in the flow (due to the !
� v term) or (ii) due to a magnetic torque arising

when M and H, the magnetic field in the suspension,

are no longer parallel. The conservation of linear mo-

mentum, although included for completeness and in

the absence of (i) flow v and (ii) an imposed pressure

differential !p, and near uniformity in the applied

fields (!H � 0, as is the case in MRI), [5] simply

states that the curl of the spin-velocity (! � v) is a

temporal constant.

With these simplifications in mind, closed-form

analytical expressions for the nanoparticle’s magnet-

ization M and the spin-velocity o, are possible in a

planar channel as detailed in (13). It is the solutions

for M determined by [4], [5] and [6] which enable

characterization of the expected heating effects in the

nanoparticle suspension.

Magnetic Nanoparticle Heating in a
Sinusoidal or Rotating Field

In addition to the governing equations given by [4],

[5] and [6], heating in a magnetic fluid suspension is

governed by the First Law of Thermodynamics in [7]

where the differential internal energy per unit vol-

ume, dU, is given by the contributions due to the dif-

ferential energy input per unit volume, qQ, and the

differential work input per unit volume, qW (The dif-

ferential energy input per unit volume, qQ, and the

differential work input per unit volume, qW are pro-

cess path-dependent variables, thereby necessitating

the partial derivative notation. The differential inter-

nal energy, dU, is not process path-dependent.).

dU ¼ qQþ qW [7]

For an adiabatic process, approximated by low-

perfusion tissue, such as the breast or prostate, qQ is

approximately zero such that for a suspension of

magnetic nanoparticles, qW is given by dU. The

resulting increase in internal energy per unit volume

due the presence of the magnetic field, H and associ-

ated flux density, B, is given by [8].

DU �
I

qW �
I

H� qB
qt

dt [8]

As B ¼ m0(H þ M) and the integral of H� qH
qt

over a period is zero for cyclic variations in H, then

further simplification is possible, as given in [9]. A

final simplification in [10] results from use of the

Chain Rule, where q
qt ðH�MÞ integrates to zero over

a cycle for periodic H and M.

DU � m0

I
H� qM

qt
dt [9]

DU � �m0

I
M� qH

qt
dt [10]

To consider the temperature increase associated

with this increase in the internal energy per unit vol-

ume, consider a spherical tumor of radius R and ther-

mal conductivity l1, with negligible thermal contact

resistance to the surrounding tissue with thermal con-

ductivity l2 of infinite radial extent. The tissue mass

densities on either side of r ¼ R are r1 and r2,
respectively and the specific heat capacities at con-

stant volume are c1 and c2, respectively. The increase
in tumor temperature, T, as a function of time, t, is
determined by the equation of conduction of heat

given in [11] (25). The equation is now solved in

steady state such that qT
qt ¼ 0 for a radially symmetric

system ( q
qf ¼ q

qy ¼ 0) and [11] reduces to [12]. This

expression is commonly known as Poisson’s equation

MAGNETIC NANOPARTICLE HYPERTHERMIA IN LOW-FIELD MRI 41

Concepts in Magnetic Resonance Part A (Bridging Education and Research) DOI 10.1002/cmr.a



where the volumetric, time-averaged power depos-

ited due to the field, Pv (in W m�3), is given by
OhDUi
2p

and hDUi is the time-averaged increase in internal

energy in J m�3.

r2T � rc
l

qT
qt

¼ �Pv

l
[11]

1

r2
q
qr

r2
qT
qr

� �� �
¼ �Pv

l
for r � R

1

r2
q
qr

r2
qT
qr

� �� �
¼ 0 for r 	 R

[12]

Applying boundary conditions enables solutions of

[12] to be written in the two regions of interest: r , R
and r. R. The boundary conditions are (i) continuity of
temperature at

� T(r¼ R�)¼ T(r¼ Rþ),

(ii) continuity of heat flux at

� qT
qr

ðr ¼ R�Þ ¼ qT
qr

ðr ¼ RþÞ)

and (iii) T ¼ 0 as r ? 1. Applying these conditions

leads to the solutions given in [13] for each side of

the tumor boundary (r ¼ R).

TðrÞ ¼
Pv

6l1
ðR2 � r2 þ 2R2ðl1=l2ÞÞ for 0 � r � R

PvR
3

3l2r
for r 	 R

8>>><
>>>:

9>>>=
>>>;

½13�

The expected steady-state temperature rise above

ambient, Ta, evaluated at r ¼ R (the tumor boundary)

is then given by [14] where Pv is substituted by
OhDUi
2p . Thus, the increase in tumor temperature is lin-

ear with increasing rotating or sinusoidal field fre-

quency where hDUi increases by a factor of two

moving from sinusoidal to rotating field excitation.

The results of Figs. 3 and 4 indicate the expected

steady-state temperature, given in [14], on the sur-

face of a 1 cm radius tumor when either a sinusoidal

alternating or rotating magnetic field is applied per-

pendicular to the MRI field and where the tissue’s

thermal conductivity, l2, of tissue has an approxi-

mate value of 0.64 W K�1 m�1 (26).

Tðr ¼ RÞ � Ta ¼ DTðr ¼ RÞ ¼ R2O DUh i
6pl2

[14]

In each case, the relationship between the internal

time-averaged increase in energy per unit volume,

hDUi and the applied fields are governed by [10].

RESULTS

The magnetic equation system defined by [4], [5] and

[6] was solved for the nanoparticle magnetization M,

for the case of sinusoidal and rotating magnetic field

Figure 3 The increase in temperature for the effect on

DT is shown versus particle radius with varying magnetic

nanoparticle concentration (a) without MRI due to an

alternating-sinusoidal magnetic field of 10 mT, (b) with a

0.2 T MRI field and an alternating-sinusoidal magnetic

field of 10 mT and, (c) with a 0.2 T MRI field magnetic

and a rotating field of 10 mT. In each case, the alternating

or rotating magnetic field is applied in the plane perpen-

dicular to the MRI field. The RF hyperthermia field fre-

quency is assumed to be 300 kHz and V ¼ 2p � 300 �
103 rad s�1. A surfactant thickness of 10 nm is assumed

in each case.
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excitation perpendicular to the MRI’s B0 field. The

rotating or sinusoidal magnetic field applied perpen-

dicular to the large B0 field characteristic of the MRI

causes nanoparticle rotation and a magnetic torque

density. The resultant heating effect (as governed by

[11]–[14]) on small-spherical tumors due to this mag-

netic torque density is shown in Figs. 3 and 4. The

suspension magnetic saturation is governed by the B0

field for the case where the B0 is significantly larger

than the sinusoidal or rotating field amplitude (,30

mT in the proposal here). The effect of the sinusoidal

or rotating magnetic field is the misalignment of the

nanoparticle magnetic moments with the applied field

when Vt approaches unity as already noted.

The results of Fig. 3 show the increase in tempera-

ture in a 1 cm diameter spherical tumor based on

[14] for varying nanoparticle radius. The steady-state

increase in in vivo temperature is shown with varying

magnetic nanoparticle concentration a) without MRI

due to an alternating-sinusoidal magnetic field of 10

mT, b) with a 0.2 T MRI field and an alternating-si-

nusoidal magnetic field of 10 mT and, c) with a 0.2 T

MRI magnetic field and a rotating field of 10 mT. In

each case, the alternating or rotating magnetic field is

applied transverse to the MRI B0 field. In Fig. 4, the

steady-state increase in temperature is shown for var-

iations in the applied sinusoidal-alternating or rotat-

ing RF hyperthermia field at 10, 20, and 30 mT am-

plitude. In this case, DT is plotted a) without MRI

due to an alternating-sinusoidal magnetic field and

nanoparticle concentration, f ¼ 0.005, b) with a 0.2

T MRI field, an alternating-sinusoidal magnetic field,

and nanoparticle concentration, f ¼0.005, and, c)

with a 0.2 T MRI field, a rotating magnetic field and

nanoparticle concentration, f ¼ 0.005. It should be

noted that the concentration units of fraction solid

volume, f, is in keeping with physics parlance. For

the MRI community, the units of SPIO concentration

are usually expressed in mM or millimoles of Fe per

liter solution. For magnetite nanoparticles in a water

suspension, 1 mM corresponds to f of approximately

78 � 10�6. Therefore, a value of f ¼ 0.005 corre-

sponds to approximately 64 mM. Although this con-

centration is about 3 orders of magnitude beyond

administered doses of SPIO MRI contrast agents, it is

similar to local concentrations in other MPH pro-

posals (1, 2, 7) (e.g., Hergt (1) cites an intratumoral

injection concentration of 10 mg of nanoparticles per

cubic centimeter of tissue mass employed by Moroz

(7), corresponding to f ¼ 0.0019 where the nanopar-

ticle is assumed to consist entirely of magnetite

(Fe3O4) with a density of 5,210 mg cc�1).

DISCUSSION

As it is evident from Figs. 3 and 4, the steady-state

temperature rise is a maximum at a particle radius of

�5 nm for a rotating field frequency of 300 kHz. As

evident from Fig. 1, this is where the product of Vt
approaches unity when V ¼ 1.88 � 106 rad s�1 or

300 kHz. This is true for both alternating-sinusoidal

and rotating fields and is true regardless of the pres-

Figure 4 The effect on DT is shown versus particle ra-

dius with varying magnetic field amplitudes (a) without

MRI due to an alternating-sinusoidal magnetic field, (b)

with a 0.2 T MRI field, an alternating-sinusoidal magnetic

field, and, (c) with a 0.2 T MRI field, a rotating magnetic

field. The RF hyperthermia field frequency is assumed to

be 300 kHz in all cases and the nanoparticle concentra-

tion, f ¼ 0.005. Again a surfactant thickness of 10 nm is

assumed in each case.
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ence of the MRI’s B0 field. Therefore, it should be

apparent that careful selection of the hyperthermia

field amplitude and frequency are necessary to maxi-

mize energy transfer to the nanoparticle suspension.

A tuning mechanism could be incorporated into the

proposed system such that the RF hyperthermia coil

can be tuned, by means of RF frequency, to maxi-

mize heating effects depending on the nanoparticle

radius.

After the addition of the MRI’s B0 field shown in

Figs. 3(b) and 4(b) which characterizes MRI, the

most striking result is the large decrease in DT. This
decrease is greater as B0 increases. In the case of a si-

nusoidal or rotating field amplitude which is an order

of magnitude smaller than B0 (tens of mT versus 0.2

T), the presence of B0 causes the fluid to approach

saturation far more rapidly as a function of frequency

than occurs in the presence of the rotating field alone.

In the case of a sinusoidal or rotating field which is

maintained in the mT range, magnetic saturation

impedes nanoparticle rotation, and hence, heat gener-

ation. This can be understood since, as a larger

fraction of the nanoparticles remain saturated, their

magnetic moments remain ‘‘locked’’ in parallel with

B0 and do not respond to the sinusoidal field excita-

tion orthogonal to B0 unless the sinusoidal field

approaches B0 in magnitude. This is not the case in

the work considered here, where, by means of nu-

merical simulation, sinusoidal and rotating fields in

the mT range were applied. Introduction of the 0.2 T

MRI field in Fig. 3 yields an approximate factor of 2

decrease in the temperature increase compared to the

absence of MRI. As the DC B0 field itself does not

add or subtract heat from the fluid, the dramatic

change in heating can only be accounted for by the

partial magnetic saturation which occurs in its pres-

ence.

Adding a second orthogonal field component to

the previous case of an alternating-sinusoidal field

has the effect of creating a rotating field if the two

components are temporally displaced by a quarter

cycle. The results for a rotating field [see Figs. 3(c)

and 4(c)] in addition to the MRI B0 field show an ap-

proximate factor of two increase in DT compared to

the case of a purely alternating-sinusoidal field due

to the second orthogonal field component and at the

cost of a second RF power amplifier. The increase in

temperature is now therapeutically significant

(.48C). It should also be noted that for a 30 mT field

amplitude (�24 kA m�1) and f ¼ 300 kHz corre-

sponds to an approximate product of 7.2 � 109 A

m�1 s�1 which is significantly greater than Brezo-

vich’s qualitative limit of 4.85 � 108 A m�1 s�1

(10). However, the resulting simulated rise in temper-

ature of 108C is well beyond the 4–68C increases

more common in hyperthermia. It is therefore

hypothesized that beneficial results may still be pos-

sible with minimal heating of healthy tissue and

remaining close to Brezovich’s limit.

To develop this hypothesis, consider a sinusoidal

hyperthermia field amplitude of Be ¼10 mT at fre-

quency, f ¼ 300 kHz, where the associated time-

varying electric field, E(t), in homogeneous tissue is

governed by Faraday’s equation, shown in [15] and

approximately given by p Rc f Be cos(Vt) where Rc

is the exciting coil radius (27).

Z2pRc

0

E� dl ¼ q
qt

ZpR2
c

0

B� dA

) 2pRcEf ¼ OBepR2
c cosðOtÞ

) jEfðtÞj ¼ pRcfBe cosðOtÞ

[15]

The associated SAR for a homogeneous tissue

mass, M, (e.g., breast tissue is mainly fat) as a function

of local surroundings (x, y, z) is given in [16] in terms

of the tissue conductivity, s in S m�1 (where fat has

an ohmic conductivity of �0.051 S m�1 measured at

8.25 MHz (28, 29) and the expected small variation in

s at 300 kHz is not considered) and the density, r in

kg m�3 (where fat, has an approximate value of 920

kg m�3 (28, 29).

SAR ¼ 1

M

Z
x

Z
y

Z
z

sðx; y; zÞjEðt; x; y; zÞ2jdxdydz

SARhomo ¼ sjEðtÞ2j
r

½16�

For a coil radius of 4 cm, these parameters yield a

peak SAR value of 7.9 W kg�1. While exceeding

regulatory limits, this value is on the same order as

the 4 W kg�1 dictated by the FDA in ‘‘first-level

controlled mode’’ (i.e., under medical supervision).

The associated temperature increase, assuming all

the field energy is transferred to the tissue, is found

by dividing SAR by the specific heat capacity of fat

(�2973 J kg�1 K�1) (30) which leads to an expected

rate of temperature increase in the absence of mag-

netic nanoparticles of 0.168C per minute of exposure

to the hyperthermia source. Of course, the assump-

tion of homogenous tissue is vastly simplified and, as

noted by Bonhert et al. (27), peak SAR will be found

in peripheral tissue near the skin interface. How-

ever, in localized hyperthermia treatments where the

coil is positioned in close proximity to the target tis-
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sue, considerably reduced SAR can be expected

compared to trunk-averaged results reported by Bon-

hert (27) around 100 kHz.

Now, compare this result to the initial rate of tem-

perature increase which occurs in the presence of

magnetic nanoparticles assuming the initial rate of

temperature rise is given by DT/Dt � SAR/c (5) (i.e.,
all heat generated in the fluid is transferred to the tu-

mor) where c is the specific heat capacity of the mag-

netic fluid (i.e., c ¼ fcFerro þ (1 � f)cWater and cFerro
has a value of 670 J kg�1 K�1 (5) and cWater has a

value of 4181 J kg�1 K�1). The SAR is given by Pv/
rm where rm is the fluid density approximated by rm
¼ f � rFerro þ (1 � f) rWater and rFerro is 5,180 kg

m�3 for magnetite (5) while rWater has a value of

998 kg m�3. Assuming a field amplitude of 10 mT

as in the absence of magnetic nanoparticles, a fre-

quency of 300 kHz and a monodispersion of 5 nm

nanoparticles with a concentration of f ¼ 0.005,

this results in an initial temperature increase rate of

26.18C per minute in the absence of MRI. In the

presence of a 0.2 T MRI field, the rate of increase

falls to 6.368C per minute. Hergt has found corre-

sponding transient times on the order of hundreds of

seconds (6).
In any combined MRI/hyperthermia system, the

RF hyperthermia coil would need to be designed

such that it does not represent an RF shield to the

MRI RF field which is used for imaging. One solu-

tion would be a single RF coil with an adequate

power rating for the hyperthermia treatment but

which multiplexes between imaging and hyperther-

mia settings and is controlled and monitored from

the MRI console in a similar manner to that

employed by Gellermann (15) where careful electro-

magnetic interference precautions and high-fre-

quency filtering allowed for simultaneous operation

of radiofrequency hyperthermia and MR systems. A

second solution could be an independent coil which

is meshed with the RF MRI coil to avoid shielding

effects. Both coils could then be operated in parallel

from the MRI console in a similar manner to that

employed for multichannel imaging applications.

This work has shown that in order to interact most

efficiently with magnetic nanoparticles typical of

MRI and current hyperthermia techniques, an RF

hyperthermia coil frequency in the 100–400 kHz

range is necessary to interact with nanoparticle time

constants of the order of ms and below. Significant

power amplification would be required for successful

operation of a rotating field with amplitude between

10 and 30 mT as envisaged although this is in line

with current working systems (8). The rotating field

frequency and amplitude is tuned to match the t of

the nanoparticle such that energy transfer and, hence,

local temperature increase is maximized at the tumor

site, as indicated in Figs. 3 and 4.

Although the proposed concept is envisaged pri-

marily as a modification to standard low-field MRI

platforms (e.g., 0.2 T open MRI), other modifica-

tions to conventional MRI would also facilitate the

proposal by lowering the main B0 field such that

magnetic nanoparticle saturation is incomplete. An

example is prepolarized MRI (pMRI) (31) where

pulsed electromagnets produce diagnostic quality

0.5 to 1.0 T images with significantly reduced cost,

susceptibility artifacts, SAR, and gradient noise.

Another approach is to use an alternate imaging

modality to MRI such as magnetic particle imaging

(MPI) (26) using the non-linear magnetic response

of magnetic particles (i.e., the Langevin relation)

for direct imaging of their distribution. By exposing

the field of view (FOV) to a strong magnetic field

gradient, a field-free-point (FFP) is generated at the

center of the coils where the nanoparticles are un-

saturated. A second oscillating field (10 mT drive

field arbitrarily chosen to be 25 kHz) then moves

the FFP over the FOV, inducing a signal where the

nanoparticles are present. The method, developed

at Philips Research, has already been recognized as

a potential therapy by local heating (26) where the

RF hyperthermia field is generated by the second

oscillating field.

In summary, the primary advantage of a combined

MRI-hyperthermia system, as examined by means of

simulation in this work, is that the radiologist has

real-time temperature evaluation (e.g., by means of

T1 imaging) of the tumor site. This may represent an

advantage compared to imaging before and after

treatment in cases of highly targeted treatment.

Admittedly, simultaneous imagery may not be enor-

mously advantageous in current clinical investigative

systems (8) where advanced tumors need aggressive

treatment. However, future refinements of the

approach may benefit from real-time temperature

quantification via low-field MRI.
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