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ABSTRACT 

An experimental system has been developed and tested for 

inducing hyperthermia by means of ferromagnetic implants. The coil is 

60.5 cm in diameter and produces a field strength of 1500 A/m at 93.6 

kHz. This is somewhat greater than that required in most clinical 

situations, but it provides the opportunity to study experimentally 

optimal characteristics. The operating characteristics of the system 

are given, as well as the thermal characteristics of the thermally 

regulating ferromagnetic materials. Methods for calibrating the heating 

characteristics of the seeds are described, and the results of phantom 

and animal trials are presented. This system is ready to be introduced 

into the human clinic. 

ix 



CHAPTER 1 

INTRODUCTION 

During recent years, there has been a resurgence of interest in 

the use of high temperatures as a form of cancer therapy (Hyperthermia). 

Hyperthermia cancer therapy dates back to the times of ancient Roman and 

Greek physicians, who were struck by the association of fever with the 

healing process[l]. The first modern paper in this area is credited to 

W. Busch in Germany in the year 1866[2]. He reported on the spontaneous 

regression of tumors in patients who had contracted high fevers from a 

skin infection, and surmised that the tumor regression was due to the 

fever. In more recent times, the efficacy of clinical hyperthermia has 

been demonstrated both for hyperthermia alone and for hyperthermia used 

in conjunction with the conventional modalities of X-irradiation and 

chemotherapy[l,3]. 

Various methods have been used to produce the therapeutic 

temperatures of about 42-45°C in tissue[4]. These heating methods fall 

into two basic categories. In regional heating, energy is deposited 

over a large volume. Some specific characteristic of the tumor itself, 

such as reduced blood flow, as compared to the surrounding healthy tissue, 

is used to raise the temperature of the tumor into the therapeutic range 

while the other tissues remain relatively cool[5], Focused heating 

attempts to deposit energy directly into the target volume. 

1 
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The ferromagnetic implant heating system described here is a 

focused heating method. It has been designed to be similar in clinical 

methodology to interstitial brachytherapy[4], with the implants being 

surgically placed in the specific volume to be heated. A simple 

description of the technique is that small ferromagnetic seeds, 1 cm. 

long and 0.15 cm. in diameter, are implanted by a radiation oncologist 

or a surgeon into the tumor at a density of about l/crr?. If it is 

necessary, the patient is recovered from surgery. Then, he is placed 

in a large coil that is used to produce a strong radiofrequency magnetic 

field (H = 1200 A/m at about 100 kHz). The ferromagnetic seeds are 

oriented parallel to the axial magnetic field for efficient heating of 

the implants. These implants heat the tumor by thermal conduction. As 

a result, only the implanted volume absorbs energy and is the only 

region heated. 

The implants used with this system are one of two types. 

Constant power implants can be constructed of a ferromagnetic material 

such as #430 stainless steel. Thermally regulating ferromagnetic 

implants using alloys of Ni have also been developed[6,7,8]. These 

latter implants are made with alloy compositions so that they pass 

through a ferromagnetic to non-magnetic transition (Curie transition) 

in the temperature range from 44 to 60 °C. Typically, an implant will 

have a transition range of about 8 °C. At temperatures higher than the 

transition, the implants become inefficient power absorbers and thus 

stop heating. This nice quality provides a more homogeneous heating of 

the tumor. The implants that are in wel1-perfused regions remain 
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cooler and continue to absorb energy, while less-perfused regions 

regulate near the seed's Curie temperature. 

Although this system has many advantages, it has a few drawbacks. 

First, the technique is invasive. The implants must be surgically 

implanted and invasive thermometry is used. Second, the implants must 

be biocompatible. We have tested various biocompatible coatings for 

temporary and permanent implants. Teflon heat-shrink tubing provides 

a good coating for temporary implants. Tests are currently being done 

on a possible permanent implant coating. Third, this technique relies 

on thermal conduction to heat the regions between the implants. Finally, 

there is little real time control over the heating pattern during these 

treatments, since this depends primarily on the seed properties and 

the location and distribution of the array of implants. 

The purpose of this thesis was to develop a clinical magnetic 

induction system to heat surgically implanted ferromagnetic seeds. The 

magnetic induction system consists of a parallel RLC resonance circuit 

fed by a variable frequency power generator, usually operating at about 

94 kHz. After the system was constructed, many experimental tests were 

conducted to characterize the system. The electrical circuit parameters 

have been measured using available equipment, together with some equip

ment that has been developed here in the department of Radiation Oncology. 

Many static phantom tests were conducted to observe the efficiency of 

the system and to characterize the implant heating. Animal trials were 

conducted in order to test the feasibility of this technique in high 

blood flow regions such as the brain and kidney. Various precautions 



were taken to ensure the safety of the patient and of the equipment 

operator. These numerous test results indicate that the system is 

ready to be introduced into the human clinic. An Investigational 

Device Exemption has been submitted with the Food and Drug 

Administration for approval. 



CHAPTER 2 

THEORY AND DESIGN 

Introduction 

The theory and design of the magnetic induction system is 

described in this chapter. An overview description of the entire 

system is given. This is followed by a detailed discussion of the 

theory and design for each of its major components, including the coil, 

the capacitance network and the impedance transformer. An expression 

for the power absorbed by an infinitely long cylindrical ferromagnetic 

implant is derived. This is related to the power absorbed by tissue 

for various subject sizes. An expression for the steady-state temper

ature for all points in space is also provided. 
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General Description of System 

A sketch of the entire magnetic induction system is shown in 

figure 1. The magnetic induction coil and the matching network, 

consisting of an impedance transformer and a capacitor network, form a 

parallel RLC resonant circuit. Power is supplied from an EN I variable 

frequency power generator that operates at about 100 kHz. Using the 

remote control panel, which can be located either inside or outside of 

the room, the frequency can be easily adjusted for proper tuning. Due 

to heating from the high currents that are used to produce the needed 

magnetic field strengths, the coil and the capacitor network are water 

cooled. The current and the frequency of the system are continuously 

measured. Temperatures throughout the heated region are taken with a 

Clini-therm Thermosentry 1200 optical thermometer or with multi-sensor 

thermocouple probes. This data is fed into the data acquisition system 

for storage and subsequent analysis. Since the operating frequency near 

94 kHz has not been set aside for scientific or medical uses, the 

Federal Communications Commission require all applications with field 

strengths above a minimal level to operate in a shielded room. This 

also prevents electromagnetic interference from effecting other 

electronic instrumentation. 
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Figure 1. Magnetic induction system for heating ferromagnetic 
impl ants. 
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Theory of the Magnetic Induction System 

Circuit Theory 

The equivalent circuit for the magnetic induction system is 

shown in figure 2. It consists of an RF source, an impedance 

transformer, and a load. The RF source is designed to supply power to 

a 50 ohm load through a RG-8 A/U coaxial cable having a surge impedance, 

Z0, and a loss resistance, R0. The transformer portion of the equiv

alent circuit[9] takes into account the winding resistances(Ri,R2), the 

leakage flux reactances(Xi,X2), the core 1oss(Rc), and the magnetizing 

current(Im). The load of the circuit is made up of a capacitor(C), in 

parallel with an inductor(L) which has some 1oss(R3). 

Figure 3 shows a simplified equivalent circuit where the 

transformer and load portions of the circuit have been lumped into the 

primary impedance(Zprim) and the secondary impedance(Zsec) which are 

defined as follows: 

Zprim = ^1 + J^l + Rc(j^m)/(^c + J^m) 

zsec = (r2 + JX2> + + (r3 + M)"1)"1. 

Knowing that resonance occurs in the RLC parallel circuit in the 

secondary, the approximate resonant frequency, <u0, can be calculated 

from the admittance of the load. 

y = jcuC + (R3 + jcuL)"1 

= jo£ + (R3-jcoL)/(R|+(uL)2) 

= R3/(R|+(d)L)^) + j {U£-(OL/{R3+(WL)^) 



a-c line 

C 

SOURCE TRANSFORMER LOAD 

Figure 2. Equivalent circuit for the magnetic induction system. 
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Figure 3. Simplified equivalent circuit for the magnetic 
induction system. 
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where to is defined as the angular frequency(2Trf). The desired resonance 

occurs when the admittance is real. Therefore by setting the imaginary 

portion of Y equal to zero and solving for the resonant frequency we 

obtain: 

(ID0C - A>0L/(R§+(OJ0L)2)) = 0 

TO0 = (LC)-°-5{I - R|C/L)0-5. 

Ignoring R3, which must be of the order of 0.01 n , and solving for the 

resonant frequency (using approximate values for L and C obtained using 

our Hewlett-Packard 4815A Vector Impedance Bridge which has a lower 

frequency limit of 500 kHz) we get: 

ui0 = 96.5 kHz 

for L = 4.0 JJH, C = 0.675 pF. 

The circuit actually has its resonant frequency at 93.6 kHz. This 

difference in values is due to the finite loss, R3, and the reactive 

energy that is coupled over to the secondary. 

From the manufacturer's specifications, the loss for RG 8 A/U 

coaxial cable is 0.66 dB/100 ft. @ 10 MHz. Attenuation due to conductor 

losses decreases with decreasing frequency. This decrease in attenuation 

is proportional to the square root of frequency[10]. Thus, at a 

operating frequency of 93.6 kHz, the cable loss is 0.064 dB/100 ft. 

For the 40 feet of cable that runs between the generator and the matching 

network the loss becomes: 

0.4 x -0.064 dB = 10 1 og P1/P2 

Pl/P2 = 0.994. 

This reveals only a 0.6% loss in power due to cable loss alone. 
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There are, however, significant losses in the transformer 

portion of the circuit. The winding loss can be determined using the 

relation: 

^ac = Fr Rdc 

where FR is a multiplication factor obtained from a figure in SnellingCll] 

which takes transformer winding parameters into account(fig. 4). The 

transformer is made up of two 18 gauge wires, with 71 turns wrapped in 

parallel around a stack of toroidal ferrite cores. A tap was taken 

off at 20 turns, and both the primary and secondary were grounded 

resulting in an autotransformer. The dc resistance of the two 18 gauge 

wires in parallel at room temperature is 3.19 ohm/1000 ft. An average 

turn on the core is 0.5 ft. long; the primary has 20 turns which leads 

to: 

Rac p = (8*3 x 10"3 C*r) • 

Similarly for the 71 turn secondary, Rac becomes: 

Rac s = {1.1 x 10"1 ohm)(FR). 

For this transformer, Fr » 20 resulting in: 

Rl = Rac = O-7? ohm (primary) 

r2 ~ Rac = 2*3 °hm (secondary). 

For 2000 watts supplied to a 50 ohm load: 

Ip « 6.3 A. 

Since Ip/Is = Ns/Np, 

Is « 1.8 A. 

Thus, the power losses in the primary and secondary windings become: 

(6.3)2(0.77) = 31 W (primary) 

(1.8)2(2.3) = 7.5 W (secondary). 
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10 F 

A 

Figure 4. Figure to obtain the multiplication factor, FR, 
for converting ac resistance to dc resistance, 
p = number of layers per winding portion 
h = b = 0.886 d 
d = winding diameter 
Ni = number of turns/layer 
bw = breadth of windings 
Fz = Nib/bw 
A = k(f)-0.5 
f = frequency in Hz at 20 °C or at 100 °C 
k = 65.5 @ 20 °C, 75 & 100 °C 
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Other transformer losses can be lumped into the total core 

loss. This is made up of two parts: the hysteresis loss and the eddy 

current loss. The latter tends to be very small as compared to the 

former and is assumed to be negligible. The empirical formula which 

approximates the hysteresis loss in a typical power ferrite is[ll]: 

Ph = 0.748 x 10"6 f%2-5 yW/rnm3 

where B = peak to peak flux density in tnT 

f = frequency in kHz between 10-100 kHz 

m = 1.1 for 10 kHz, 1.5 for 100 kHz. 

Using a typical operating flux density of 200 mT: 

« 0.168 mW/mm3. 

For a cylindrical approximation of the transformer cores: 

Core power loss « 39 W. 

Thus the total power loss in the transformer at a typical operating power 

of 2000 W is about 77.5 watts. Alternatively, this represents a 3.9% 

loss, or 0.17 dB. This is added to the cable loss(0.6%) to obtain a 

total loss from the generator to the tank circuit of 4.5%. 
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Spiral Sheet Theory 

The problem of solving for the magnetic fields everywhere in 

space for a multi-turn spiral sheet coil is extremely complex. There 

is no easy way mathematically to deal with the spiral geometry of the 

coil. As a result, a simplified concentric cylinder problem is used to 

approximate the fields in the axial and radial directions(see figure 5). 

To attempt this problem the following assumptions have been made: 

1) the concentric coils are made of infinitesimally thin 

copper surrounded by air, and 

2) artificial walls, set at ± D (where D >> i.), are used in 

these calculations. The value of 0 is selected so that the 

axial magnetic field variations inside the coil approximate 

those measured experimentally{i.e. Hz/H0 = 0.91 at z = ±&, 

see figure 15 on page 59). 

Assuming rotational symmetry(3/3(J>=0), for region I the fields can be 

defined: 

= I AmIo('YmP)cos(Kmz) 

with Km = nm/2D 

where Am = constant for a given m( = 0,1,2,...) 

t/2 _ v2 = i/2 
Km Ym K 

K = 2ti/Ac 

Ac = free space wavelength 

Ym = propagation constant. 



P *  b  

p = Q  

IT 

ARTIFICIAL 
WALL 

Z Z=£ 
-*»Z 

Zs D 

Figure 5. Diagrams for the spiral sheet theory problem. 
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At the frequency of interest(93.6 kHz), 

Ac = c/f = (3 x 108)/(93.6 x 103) = 3200 m 

which leads to K = 0.002 m"1. Thus, K is small compared to Km, 

and is neglected. Thus Ym - ± Km = ± mw/2D. 

The magnetic field variation in the z direction becomes: 

Hz = I AmIo(Kmp)cos(Kjj,z). (1) 

From this the magnetic field in the p direction can be calculated[12]: 

H p  = -(1/Ym ) ( 3 H z / 3 p )  

" I iAmIi(Kmp)cos(Kmz). (2) 

Similarly for regions II and III, we obtain: 

region II 

Hz = I {BmIo(KmP)+CmKo(KmP))cos(^mz) 

Hp « I KBmlitKmpJ-CmKitKmpJJcostKmz). (4) 

region III 

Hz = I DjjiKotKmpJcosfKjflZ) (5) 

Hp 55 £ -iDjnKl(^mP)cos(Kmz). (6) 

Using the definition of the current density on a metal strap defined by 

Butler[13] and applying the boundary conditions, we obtain: 

J(z) = j0/(l-(z/*)2)0*5 z < i 

0 z > l 

Eqn. (1) - Eqn. (3) = J(z) for p = a 

Eqn. (3) - Eqn. (5) = J(z) for p = b 

Eqn. (2) = Eqn. (4) for p = a 

Eqn. (4) = Eqn. (6) for p = b. 
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Substituting into these equations, we get: 

1 AmIo(Kma)cos(Kmz) ~ 1 (BmIo(^tna)+^m^o(^nia))cos(Kmz) = J(z) (7) 

1 )cos(Kmz) - £ D[nKo(Kmb)cos(KmZ) = J(z) (8) 

I iAmIi(Kma)cos(Kmz) = I i(BmlxfKmaJ-CmKifKmaJJcosfKmz) (9) 

1 i (Bm^l(Kjnb)-CmKi(K^b) )cos(KpiZ) = £ -iDmKi(Kmb)cos(Kmz). (10) 

These equations can be solved by making a "fast Fourier transformation" 

out of (7) and solving for Fm: 

I Ffncos^z) = J(z). 

Thus 

AmIo(Kma) " BmIo(Kma) ~ CmKofK^a) = Fm 

AmU(Kma) - BfnIi{Kma) + Cp,Ki(Kma) = 0 

Bm^oCW5) + ^m^oC^m®5) " tynKo(Kmb) = ^m 

Bml^Kmb) - CmKi(Kmb) + DmKi(Kmb) = 0. 

Since there are four equations and four unknowns, A^, Bm, Cm, and Dm 

can be solved for a known Fm in terms of the modified Bessel functions 

above. However, this must be done numerically, since the number of 

terms, m, needed to obtain a good approximation is unknown. 
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Design of the Magnetic Induction System 

Coil Design 

The design of the present magnetic induction system was centered 

around the design of a new coil. The system uses a spiral sheet design 

similar in principal to the one designed by Stauffer, et al.[5]. There 

are two major reasons for choosing this design. First, the spiral sheet 

has a lower resistance and a lower inductance than a solenoid of 

comparable size, making its high frequency impedance lower. This in 

turn, requires a lower driving potential to achieve the same field. 

Second, by its very geometry, no significant axial electric field 

exists within the coil so a Faraday shield is not required[5]. 

For the design of a new coil it is important to be able to 

predict its inductance in advance theoretically. Grover[14] has 

developed relations which combine theoretical equations with tables of 

measured values to produce a close approximation to the true inductance 

of the coil. The design equations give inductance as a function of 

five coil parameters: the number of turns, the distance between turns, 

the conductor thickness, the width of the coil, and the average radius 

{See appendix for design equations). 
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Capacitor Network Design 

From the experimental data presented in Stauffer et al.[5], 

the magnetic field strength for ferromagnetic implant treatments should 

be approximately 800 A/m @ 1.9 MHz. The power absorbed by the implant 

can be approximately given by the expression: 

Pj s (TTa{2r0*5 ) ( (ou/o)° '5H2. 

In order to keep the power absorbed by the implant constant at a new lower 

frequency: 

PIA/PIB " <A/B)°-S(HOA/HOB)2 

where A denotes 1.9 MHz and B denotes 100 kHz. 

For equal power: 

1 = (1.9/0.1)°*5((800 A/m)/(HoB))2 

HoB = 1670 A/m. 

Using a planar circular loop to approximate the magnetic 

induction coil, the magnetic flux density becomes: 

B = N(p0Ia2)/2(a2+z2)1,5. 

Evaluating this at the center of the loop(z=0): 

B = y0I/2a 

where a = coil radius 

I = current 

B = magnetic flux density 

" H = magnetic field strength 

ji0 = permeability of free space 

N = number of turns. 
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By solving this equation for the magnetomotive force, NI, we obtain: 

NI = 2Ha 

= (0.6m)(1670 A/m) 

NI = 1000 A*turns. 

For a two turn coil, this gives 500 Amperes flowing in the circuit. 

With this approximate value for the current in the tank circuit 

the capacitors can be selected. Assuming the inductance value measured 

at 500 kHz is the same at 100 kHz(L » 3.75 pH), a value can be obtained 

for the capacitance necessary for resonance at 100 kHz: 

ui = 1/(LC)0'5 

C = 6.75 x 10-7 F# 

Twenty-five capacitors, rated at 0.0375 pF and 60 A each, were obtained 

for use in a parallel configuration. This allowed a fifty percent safety 

factor in the capacitance value and a factor of over two in current 

handling capability. 
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Matching Transformer 

A matching transformer was needed to match the tank circuit, 

consisting of the magnetic induction coil and the parallel capacitors, 

to the 50 ohm generator and feed cable for efficient operation. An 

approximate value for the required turns ratio was calculated by 

considering the circuit in figure 6. Assuming the current in the tank 

circuit to be about 500 amps for 5000 watts of power applied, we obtain 

(500)2Rac = 5000 watts 

where Rac is the ac resistive losses in the circuit. Thus, 0.02 ohms 

is the maximum ac resistive loss. From the section on circuit theory, 

the quality factor of the circuit is: 

Qmin " ^^acmax^'"^^ 

= (1/0.02)(3.75 x 10"6/6.75 x 10"7)0*5 

= 120. 

Thus 

Iin = 500 A/ Qmin 

= 4.2 Afnax. 

Ideally power is conserved across the transformer: 

*inR1n = ^00° watts 

(4.24)2R in = 5000 watts 

-»• R-in = 280 ohmsfmin. looking in) 

zp - (Np/Ns)2Zs. 
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Rin Rac 

500A 

Figure 6. Equivalent circuit for the magnetic induction 
system load. 
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Since there is a 50 ohm impedance looking back from the transformer 

to the signal generator: 

50 ohms = (Np/Ns)2(277.8) 

(Np/Ns)2 = 0.18 

<Np/Ns) = 0.42 

(Ns/Np) = 2.4. 

Assuming that Rac will actually be smaller than 0.02 ohm, Ns/Np should 

be made a little larger. Ns/Np was assumed to be approximately 10/3. 
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Description of Source 

An ENI EGR-9600B solid state generator will supply up to 8000 

watts of power to a 50 ohm load over the frequency range of 8 to 111 

kHz. The unit is powered from a three phase 120/208 volt AC supply 

with a 80 ampere capacity. Through the use of a remote control panel, 

tuning is accomplished by simply adjusting the operating frequency with 

course and fine control knobs. The remote control unit also has a true 

average power meter which measures the power leaving the generator as 

well as the power absorbed by the load. The reflected power reading is 

the difference between these two readings. The source has BNC outputs 

for measuring the operating frequency and power. The power signal is a 

voltage that varies non-1inearly with the amount of power supplied hy 

the generator. 
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Cooling Requirements 

Due to the high currents necessary to produce the desired fields 

for this system, liquid cooling of the tank circuit components(coil, 

capacitors, coupling transformer) is necessary. Since the maximum 

design power level for system usage is 5000 W, this cooling system 

must dissipate 10,000 W. As a result, a heat exchanger was sought to 

dissipate this power through the hospital chilled water lines. The 

temperatures of the incoming chilled water and the permitted return 

water were estimated to be about 60 °F and 81 °F respectively for the 

worst case. The total flow of the water through the chilled water and 

return water sides of the exchanger were estimated to be 17 and 15 gpm 

respectively, which were lower than expected. From these numbers and 

the fundamental heat transfer relation, the needed heat exchanger area, 

A, can be calculated[15]: 

q = UAAT 

where q = the energy to be transfered in BTU/hr 

U = overall heat transfer coefficient 

AT = average effective temperature difference 

in °C for the entire heat exchanger 

From this, the area was estimated to be 5.6 x ft2, assuming that 

U = 300 BTU/hr-ft^OF. A 4" diameter, 4-pass, shell and tube heat 

exchanger with baffle spacings of 2" (manufactured by Bell and Gossett) 

was chosen for this application. It is made from cast iron with a 
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pressure rating of 150 psi on both the shell and tube sides. It has a 

heat exchanger area of 5.7 ft2. Thus its capacity provides a significant 

safety factor for the design. The entire unit is about 6 feet long and 

weighs 92 pounds when empty. The weight of the water running through 

this unit adds another 23 pounds. 
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Theory of Implant Heating 

Implant Heating 

In order to obtain an expression for the power absorbed in a 

cylindrical ferrous implant, it is assumed that the cylinder, with 

conductivity(a), permeability(n), and permittivity(e), is infinitely 

long and is heated in a uniform magnetic field, Hz. For this case, in 

terms of cylindrical cobrdinates(p,$,z), the only component of the 

magnetic field is Hz. Within the sample, for this quasi-static case, 

Hz satisfies the Helmholtz equation[16i): 

(V2-Y2)HZ = 0 

where y2= i auto 

o = conductivity of the cylindrical implant 

u = permeability of the cylindrical implant 

with e1(Jjt = time factor. 

For this idealized equation: 

Hz = AI0(YP) (p<a) 

where I0 = modified Ressel function of argument YP 

A = constant 

a = radius of the implant. 

From Maxwell's Equations: 

E+ = -(l/o)dHz/dp 

= - A(Y/O)II(YP) (p<a) 

where II(YP) = I0 '(YP). 
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Thus, the impedance, Zc, of the cylinder becomes: 

Z c  = C-E+/Hz] (p=a)  

= nIi( Y a )/I0(Ya) (1) 

where n = Y/O - (i 

= the intrinsic or wave impedance 

of the sample material. 

The Power, P, in watts per unit length that are supplied by the external 

field is [17]: 

P = 0.5(Re Z)|HQ|2(2ira) 

= 0.5(Re {iiWY)(I!(Ya)/10(Ya))IHQ|^(2ira). (2) 

An equivalent form is: 

P = ira2u0(D|H0|^a (3a) 

where a is the real part of: 

a + i 3 = i{M/MoYa)(Ii(Ya)/I0{Ya))-

a simplifies to the expression: 

a = (2) -°-5 (u/uoa){o liu))-0-5(I1(Ya)/Io (Ya)) .  (3b) 

In the l imit ing case: 

(Il(Ya)/I0(Ya)) + 1. 

Therefore, the expression for the power reduces to: 

P = (2)"°*57ra(jWo)0*51H012 (watts/m). (4) 

By multiplying through by the unit length, L, of the implant, we obtain 

p = (2)"°*5iraL( uw/o)0*5 |HQ|2 (watts) (5) 

which is the expression quoted by Stauffer et al.[18]. 



30 

Relative Power Absorbed by the Tissue and Implants 

The absorbed power density in biological tissue, Pt, due to 

dielectric heating from magnetic-field induced eddy currents, can be 
i 

calculated under certain simplifying assumptions[18]. Firstly, 

V 
the biological load must be homogeneous and isotropic, with cylindrical 

symmetry to the heating field of the coil. Secondly, the magnetic 

induction field within the coil and tissue load is uniform, i.e. the 

field has complete penetration[19]. Finally, no axial electric field 

exists within the coil. With these assumptions, it can be demonstrated[20] 

that the power deposited per unit volume at a distance r from the center 

of the dielectric is: 

Pt = (u>rp0H0)2ot/8 x 10"6 W/cm3. (1) 

For the sake of comparison, the power deposited in a 1 cm seed(eqn. 5, 

page 30) is divided by 1 cm3 of tissue, which is equivalent to assuming 

that the power absorbed by this seed is distributed in one cm3 of tissue. 

This results in the following expression: 

P] = (7ra)(o)u/2a)°-5H0
2 x 10~2 W/cm3. (2) 

Thus, we are assuming the theoretical power density(per cubic centimeter 

of tissue) that is absorbed directly in tissue(eqn. 2) can be compared 

graphically to that induced by a 1 cm long cylindrical implant in 

figure 7[18], following Stauffer et al. These were carried out for 

various distances(r) from the center of the homogeneous mass and for 

different implant radii and permeabilities. The log-log plot emphasizes 



FREQUENCY (MHz) 

Figure 7. Changes in absorbed power density with frequency-
tissue versus ferromagnetic implant generation. 
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the significant differential implant heating obtained at a frequency 

below approximately 4 MHz for small diameter subjects (r * 8cm), while 

the predominance of direct tissue heating is apparent at higher 

frequencies. For larger radius subjects (r = 15cm), this point of equal 

heating drops to about 2 MHz. Setting an arbitrary requirement that 

Pi/Pt > 10» ^ can be seen that t0 heat a subject with an average radius 

greater than 15 cm, the operating frequency must be less than about 500 

kHz. On the other hand, two factors determine the minimum frequency 

that can be used. First, since Pj is proportional to the system 

efficiency reduces with frequency. Thus more power is wasted in coil 

losses. Second, if the frequency becomes too low, stimulation of the 

nerves and muscles can occur[21]. From the results of [21] and the 

recommendations of [18], the frequency should be well above 10 kHz. A 

frequency of 100 kHz was selected, due to the availability of economical 

high power generators. 
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Approximate Temperature Distribution around Implants 

In order to obtain an indication of the temperature distribution 

about a ferromagnetic implant, an approximate thermal model was 

developed. In the case of the ferromagnetic implant heating system, 

thermal conduction from the heated seeds is the only mechanism for 

raising the temperature of the surrounding tissues. A two-dimensional 

computer program (developed by Miller et al .[22] and refined by Chen 

et al.[23]) predicts temperatures in the vicinity of the implants for 

various levels of blood flow. The problem for the more difficult, 

three-dimensional case is currently under investigation. 

Using the two-dimensional analytical model which was solved by 

computer program, temperatures were predicted for a typical implant 

coated with teflon, which is placed in tissue with a constant blood 

perfusion(see model in fig. 8). This program is based on the steady 

state bioheat transfer equation: 

-kV2T + Wcp(T-Ta) = Q. 

The solution of this equation for the temperatures Tj, on the implant 

surface, and T2, on the surface of the teflon coating, are given in 

figure 8. The temperature, T2, was maintained constant throughout all 

the tests. As various other parameters were altered, such as the blood 

perfusion rate, W, the energy input, Q, had to be changed in order to 

maintain T2 constant at 13°C (table 1). This increased perfusion also 

caused an increased gradient between the implant temperature, T^, and 



Tmax ' Ti + QRf/4kI 

Tx = T2 + QC(In R2/R1)Rf/(2k2)3 

T2 = [0.5Q(Rf)k3R2/S[K1(R2S)]]Ko(R2S) 

S = (WC/k3)0-5 

Figure 8. Model for two-dimensional computer program. 



Table 1. The effect of increased perfusion on the heating 
of tissue for T2 constant 

W(kg/m3/s) Q(W/m3) Ti (°C) Tl-T2(°C) 

0.05 4.5 x 106 13.45 0.45 

0.50 6.7 x 106 13.66 0.66 

5.00 11.6 x 106 14.15 1.15 

50.00 24.8 x 106 15.46 2.46 

Constants 

Rl = 0.001 m 

R2 = 0.002 in 

*1 = 14.00 W/m/°C 

k2 = 3.50 W/m/°C 

k3 = 0.60 W/m/°C 

T2 = 13.00 °C 
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T2. The thermal gradient between Tj and T2 became even larger (5 times) 

when the thermal conductivity of the teflon, k2> approached that of the 

surrounding tissue (table 2). This was done to determine what effect the 

air gaps between the implant and the coating and/or catheter would have. 

The ratio of the radius of the implant to the radius of the insulation 

was also varied. As this ratio was increased, the amount of input 

power that was necessary to maintain the constant temperature at T2 

dropped. The thermal gradients were also diminished (table 3). These 

results have also been verified experimentally by J.S. Chen in dynamic 

phantom tests(dissertation). 

From these parametric calculations, it has been demonstrated 

that high perfusion rates can greatly affect the temperature 

distributions obtained with this technique. The thermal conductivity 

of the implant's coating can also affect this heating pattern. It is 

best to maintain a tight fit between the implants and their coatings or 

catheters(better thermal conductivity). It is also beneficial to 

minimize the coating thickness. However, adequate heating with air 

gaps can be .achieved with increased implant temperature. 
-4 

While'these calculations assist us in the design of the implants, « 
« 

it is important to determine the temperature distributions that result 

in tissue volumes implanted with a number of these seeds. As was 

mentioned earlier, a two-dimensional computer program has been developed 

and is being used to evaluate our experiments and to optimize the overall 

treatment protocol. A three-dimensional computer program is currently 

under development by Z.P. Chen. 



The effect of the thermal conductivity of the 
biocompatible coating on the heating of tissue 
for T2 constant 

k2 = 0.70(W/m/°C) 

Q(H/m3) T^QQ TrT2(°C) 

4.5 x 106 15.25 2.25 

6.7 x 106 16.32 3.32 

11.6 x 106 18.75 5.75 

24.8 x 106 25.28 12.28 

Constants 

Rl = 0.001 m 

R2 = 0.002 m 

^ = 14.00 W/m/°C 

k3 = 0.60 W/m/°C 

T2 = 13.00 °C 



Table 3. The effect of increasing R1/R2 on 
of tissue for T2 constant 
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the heating 

Rj = 0.002 m, R2 = 0.003 m 

W(kg/m3/s) Q(H/m3) T^C) TrT?(°C) 

0.05 1.3 x 106 13.31 0.31 

0.50 2.0 x 106 13.46 0.46 

5.00 3.7 x 106 13.86 0.86 

50.00 8.5 x 106 14.97 1.97 

Rl = 0.001 m, R2 - 0.002 m 

0.05 4.5 x 106 13.45 0.45 

0.50 6.7 x 106 13.66 0.66 

5.00 11.6 x 106 14.15 1.15 

50.00 24.8 x 106 15.46 2.46 

Constants 

kl = 14.00 W/m/°C 

k2 = 3.50 W/m/°C 

k3 = 0.60 W/m/°C 

T2 = 13.00 °C 

1 
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Summary 

This system was designed to have handle more .power than 

that needed for ordinary operation. This was done so that the system 

could be optimized experimentally. In this way, design changes in both 

the magnetic induction system and the implants could be incorporated 

as necessary. This also gives us the opportunity to do feasibility 

studies for system usage in regions of high blood flow, such as the 

brain or kidney. 



CHAPTER 3 

SYSTEM CONSTRUCTION 

Introduction 

This chapter gives specific details about the construction of 

the entire system. Physical descriptions are given for the coil, the 

capacitor network, the transformer, and the heat exchanger. Experimental 

results have also been included to further characterize these system 

components. Included in these results are the inductance measurements. 

A description of a non-perturbing circuit to indirectly measure the 

current in the tank circuit is also given. The physical layout is 

sketched in figure 1. 

40 
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Coil Construction 

The magnetic induction coil was constructed using copper sheet 

and copper tubing which have good electrical properties as well as good 

thermal conduction properties. Two identical spiral coils were 

constructed using one-half inch(0.D.) copper refrigeration tubing. 

These coils were constructed with an inner diameter of 60.5 cm and were 

spaced 15 cm apart. Copper sweat fittings,silver-soldered together, 

were used to interconnect the two coils in order to minimize I^R losses. 

Due to the small skin depth of copper at 100 kHz, cold water could be 

run through the copper tubing network for cooling purposes without 

affecting the current distribution on the tubing surface. A copper 

sheet was soldered onto the tubing framework to produce a more uniform 

field distribution. The dimensions of the resulting coil are shown in 

figure 9. 

Using a Hewlett-Packard 4815A vector impedance bridge, the 

magnitude and phase angle of this coil were measured at various 

frequencies from 500 kHz to 5 MHz. This measurement was started at 

500 kHz because this was the lower limit of the vector impedance bridge. 

From these magnitudes and phase angles, the resistive and the reactive 

parts of the impedance of the coil were calculated. The reactive part 

was assumed to be equal to oiL and was used to calculate the inductance 

at each frequency of measurement see table 4). 
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FRONT VIEW 

cm 

605 cm 
(inner diameter) 

SIDE VIEW 

4 i  

^16 cm ^ 

T 

Figure 9. Magnetic induction coil dimensions. 
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Table 4. Inductance measurements of the treatment coil 

DATA TAKEN WITH HEWLETT-PACKARD 4815A VECTOR IMPEDANCE BRIDGE 

Frequency(MHz) Maqnitude(Jl) Phasefdeg.) Inductance(uH) 

0.5 11.75 87 3.735 

0.55 13.0 87 3.757 

0.6 14.25 87 3.775 

0.65 15.25 87 3.729 

0.7 16.5 87 3.746 . 

0.8 19.0 87 3.775 

0.9 21.25 87 3.753 

1.0 23.75 87 3.775 

1.5 36.0 88 3.817 

2.0 49.0 88 3.897 

2.5 62.0 88 3.945 

3.0 77.0 88 4.082 

3.5 95.0 87 4.314 

4.0 108.0 83 4.265 

4.5 125.0 82 4.378 

5.0 137.0 84 4.337 
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With the utilization of this magnetic induction coil, the 

patient's implants must be oriented in the axial direction for 

efficient heating. It is often difficult for the physician to satisfy 

this requirement due to clinical considerations. Thus, two new coils 

have been designed to be electrically interchangeable with the first coil, 

but with magnetic field strengths oriented in either the horizontal or the 

vertical directions respectively. Grover's design equations were used to 

guide the design such that the inductances of the three coils matched to 

within ten percent. These two new coils are currently being tested. 
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Capacitor Network Construction 

The capacitor network is made up of 18 capacitors placed in 

parallel. Each capacitor has a capacitance of 0.0375 yF and has a 

current rating of 60 amperes at room temperature. The capacitors are 

cylindrical in shape with a length of 25 cm and a radius of 3.1 cm. 

They are oil-filled capacitors, manufactured with an upper temperature 

limit of about 55 °C. The capacitors are mounted on two copper plates 

using brass nuts for good electrical contact. These plates are water 

cooledfsee figure 10). The capacitance network is mounted under the 

treatment table, within a couple feet of the coil, to keep the lead 

distance and resistance minimal. Nevertheless, to avoid eddy current 

heating in the capacitors from the magnetic field, they must be a 

minimal distance away. We determined this distance empirically to 

be about 60 cm. The matching transformer is housed in the same box and 

is encased in a water cooled chamber. 



46 

3-*— COPPER PLATES 
(WATER COOL 

•CAPACITOR 

ED) 

BRASS 
NUTS 

Figure 10. Capacitor network construction. 
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Transformer Construction 

The construction of the impedance matching transformer for this 

system was based upon some high permeability ferrite cores that we had 

on hand. These toroidal cores have an initial permeability of about 2000. 

The cores have dimensions of 0.5 in. high, 3.0 in.(0.D.), and 2.0 in.(I.D.) 

each. Four such cores were stacked together to increase the volume and 

hence decrease the likelihood of magnetic core saturation and core heating. 

Since the core dimensions were already fixed, the only design 

parameter that could be modified was the transformer windings. This 

freedom was also limited by the relatively low temperature handling 

capability of the capacitors, thus forcing a temperature restriction on 

the transformer due to their close proximity. A autotransformer, 

constructed of a single coil of wire, wrapped around a ferrite core, 

was chosen for this application(figure 11). Both sides of the transformer 

share a common ground, thus eliminating the isolation of typical two-coil 

transformers. 

The primary current in the autotransformer, I|_, is equal to the 

sum of the currents in the common coil, Ic, and the series coil, IH» 

This common coil requires as many turns as the low-side coil of the two-

coil transformer, but it may be made of thinner wire because it has to 

carry Ic amperes which is less than the current I|_ carried by the low-

side coil of the two-coil transformer[24](see figure 11). The current 
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Step-up autotransformer 

Step-up two-coil transformer 

Figure 11. Circuit diagrams for auto and two-coil transformers. 
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ratio for the autotransformer is: 

IH/IL = NC/(NS + Nc). 

The series coil of the autotransformer carries as much current as the 

high-side coil of the two-coil transformer, but it consists of fewer 

turns. This is due to its voltage, VH - VL, being less than VH of the 

two-coil transformer. As a result, the tv/o coils of an autotransformer 

are smaller and lighter than those of an equivalent two-coil transformer. 

Autotransformers also allow the construction of transformers with 

additional turns for a given size core, which will give increased 

coupling. This was the primary reason for utilizing an autotransformer 

in this application. 

The transformer was wound with #18 teflon-coated wire, which 

allows more turns on the core, due to its small insulation thickness. 

Two #18 teflon-coated wires were connected in parallel and used to wind 

the transformer, in order to minimize the winding resistance. The 

resultant auto-transformer has 71 parallel turns, with a primary tap 

at the 20 turn point. 

A thermographic camera was used to observe the losses of the 

transformer. The transformer heating, primarily due to winding loss, 

was minimal for low applied power, but became quite noticeable for 

powers above 3 kW. For this reason, the transformer was placed in a 

small PVC container and set in line with the coil and capacitor cooling 

water circuit. Now the system can be evaluated and used at high applied 

powers without any limitations due to transformer heating. 
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Cooling System Construction 

The cooling system consists of a shell and tube heat exchanger, 

a reservoir, and a pump(see figure 1). Hospital chilled water, which 

varies in temperature from 45 to 60 °F, continuously circulates through 

the shell side(primary) of the heat exchanger. The closed circuit 

cooling system for the magnetic induction system consists of a 120 V, 

7.5 A Dayton Pump, rated at 20 gpm with a head pressure of 30 ft, which 

pumps cool water through the magnetic induction system, including the 

transformer housing, the capacitance network, and the coil, to the tube 

side(secondary) of the heat exchanger. A reservoir, made of a 4 inch 

PVC 1T' with a sight glass mounted on top, provides for expansion and 

contraction of water and traps any air bubbles. It also gives an 

indication of the amount of water in the system and provides a place 

for adding distilled water. Two water shut off valves have been mounted 

on the wall in the treatment room to allow for easy drainage of the 

tube-side water supply and to simplify equipment changeover. Also, a 

small fan has been mounted on the capacitance network chassis to aid in 

the cooling of the capacitors and to help reduce condensation problems 

due to the circulated chilled water. 
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Current Measurement 

In order to obtain a value for the magnitude of the magnetic 

field strength produced within the coil, the current through the coil 

must be known. Since the current in this tank circuit is of the order 

of hundreds of amperes during normal operation, a measurement technique 

had to be developed. A transformer circuit using a high permeability 

ferrite core was developed for this purpose(figure 12). 

The matching network and the coil are connected together using 

copper tubing. The copper tubing served as a one turn primary of a 

transformer constructed from a high permeability ferrite core with a 

130 turn secondary wound from magnet wire. A teflon spacer was placed 

between the tubing and the core to prevent the primary and the secondary 

turns from shorting together capacitively. A resistor then was connected 

to the 130 turns of magnet wire so that the current could be calculated 

from the potential drop across the resistor. 

There are two major concerns in the development of such a 

measurement technique. First of all, the measuring circuit might have 

an adverse effect on the quantity to be measured; i.e. it may "load" 

the tank circuit. This can be minimized by ensuring that the resistance 

of the transformer secondary referred to the primary is only a small 

fraction of the existing resistance in the primary portion of the circuit. 

For this circuit the loading resistance becomes: 



G 
HIGH PERM. FERRITE CORE 

•WITH 130 TURNS OF WIRE 

•COPPER TUBING 

•TEFLON SPACER 

Figure 12. Current measurement circuit. 
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Zp = (Np/Ns)2Zs 

= (1/130)2(0.686 ohm(0° phase)) 

= 4.06 x 10"5 ohm 

which is small in comparison to the primary resistance which is of the 

order of 10 mn. 

The second area of concern is the coupling efficiency of the 

current measuring transformer. A coupling coefficient, 1/f, was 

determined experimentally by passing a known current at 100 kHz 

through the transformer primary, and measuring the output voltage, Vs, 

across the standard resistor, Rs(see figure 13). The average value for 

the current ratio, Ip/Ig* was 117.65. For the ideal case, this should 

have been equal to the turns ratio, 130.0. Thus the coupling coefficient 

becomes 0.905 for this circuit, which gives a correction factor(reciprocal 

of the coupling coefficient) of 1.105 to determine the current in the 

tank circuit: 

Itank = (f)(Ns/Np)(V5/R5) 

= (1.105)(130)(Vs/(0.686)) 

= 209.4 Vs 

This current measurement circuitry was used to measure the high 

currents in the tank circuit for the system operating at 93.6 kHz for 

various levels of applied power. The results are listed in table 5 on 

page 61. The applied power versus the coil current squared is plotted 

in figure 14. 

Assuming about a 4.5% total power loss from the coax cable and 

the impedance transformer together (as determined in chapter 2), the 
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ac resistance of the coil can be calculated using the value of the 

current measured for 3 kW of power applied. 

Power = Ip^Rac = 2865 

+ Rac s 11.2 mn. 

From this value of Rac, the Q of the circuit can be estimated: 

Q = (RqC)—1(L/C) 

= (10.6 x 10~3)—1(3.75 x 10-6/6.75 x 10-7)0.5 

= 210. 

This shows a high Q resonance circuit, as was expected. 



CHAPTER 4 

SYSTEM CHARACTERISTICS 

Introduction 

In this chapter, the magnetic fields produced by the magnetic 

induction system are characterized. The relative field strengths are 

plotted in both the axial and radial directions. Using the current 

probe measurements from Chapter 3, a plot of versus applied power is . 

constructed. Biomedical engineering safety considerations are also 

discussed. 
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Relative Magnetic Field Strengths 

In order to properly characterize this magnetic induction 

system, the magnetic field strengths in the region of the coil must be 

known. Unfortunately, we do not have a calibrated magnetic field probe 

for use at 100 kHz. To obtain an approximate mapping of the magnetic 

field strengths of the coil, the coil was connected to Stauffer's 

magnetic induction system[18], which was tuned to operate at 3.3 MHz. 

At an applied power of 200 W, a magnetic field probe developed by Eugene 

Gross[25] was used to map out the relative field strengths in both 

the axial and the radial directions. These results are shown in figures 

15 and 16. Figure 15 shows that the axial fields within the coil are 

relatively constant. It also shows that the magnitude of the fields drop 

to about 56% of the value at the coil center at a distance of about one-

half of a radius from the edge of the coil. Figure 16 also shows fairly 

constant fields within the coil. The fields are only about 30% higher 

at distances of ± 20 cm from the center of the coil. 

Since there was had no manner to accurately measure the field 

strengths of the coil at 93.6 kHz, approximate values of the magnetic 

field strength in the coil center were calculated from the measured 

current values in table 5. The spiral coil was approximated by a 

two-turn circular loop. Thus: 

H = 2(I/d) 

where d = average diameter(m), I = calculated current (A). 
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Table 5. Approximate values for magnetic field strength 
calculated from measured currents 

Power 
Applied(W) 

Measured 
Voltage(V) 

Calculated 
Current(A) 

H-fi el d 
Strength(A/m) 

(H-fi el d)2 

<A/m)2 

200 0.72 150.3 438.8 1.93E5 

400 0.93 194.9 569.1 3.24E5 

600 1.12 233.7 682.3 4.66E5 

800 1.35 282.2 823.9 6.79E5 

1000 1.40 292.8 854.9 7.31E5 

1200 1.62 339.2 990.4 9.81E5 

1400 1.67 349.6 1020.7 1.04E6 

1600 1.78 372.7 1088.2 1.18E6 

1800 1.89 395.7 1155.3 1.33E6 

2000 1.98 414.4 1209.9 1.46E6 

2200 2.08 435.5 1271.5 1.62E6 

2400 2.17 454.4 1326.7 1.76E6 

2600 2.23 467.0 1363.5 1.86E6 

2800 2.33 487.9 1424.5 2.03E6 

3000 2.41 504.7 1473.6 2.17E6 

3200 2.46 515.0 1503.7 2.26E6 

3400 2.53 529.7 1546.6 2.39E6 

3600 2.61 546.5 1595.6 2.55E6 

3800 2.66 556.9 1626.0 2.64E6 

4000 2.72 569.5 1662.7 2.76E6 
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The plot of H2 versus power applied is shown in figure 17. This plot 

is linear as expected. Using the corresponding slope, an expression 
O 

for the ratio of n /Papp can be found: 

H^/papp = 721-15 (A2/m2W). 

As can be seen, this plot does not pass through the origin. This is 

due to the finite current that runs through the coil when the power 

meter shows no power applied. This current was calculated to be 12.3 

amperes for zero applied power displayed on the power meter. 
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Biomedical Engineering Safety Considerations 

There are two areas of concern when dealing with the electrical 

safety of this system. The first of these is the prevention of hazardous 

current flow through the patient. The threshold of perception for a 

person, with partially moistened hands, holding a #8 wire carrying a 

current at 60 Hz, is about 1.0 mA (figure 18). For the operating 

frequency of this system (94 kHz), the value of perception is about 

94 mA. This is extrapolated from physiological data obtained by 

Dalziel and Massoglia[26] that has some scatter. Thus, safety 

precautions must be taken so that leakage currents are well below these 

macroshock levels. 

In the clinical setting where the skin impedance is often 

bypassed with probes and catheters, only a small fraction of these 

macroshock current levels is needed to produce a hazard to the patient. 

As a result, the treatment table for this system is made entirely out 

of wood, isolating the patient from ground. The treatment coil, which 

is grounded on one side, is covered with layers of three dielectrics: 

styrofoam, mylar, and fiberglass. This is to prevent any patient 

contact with the high currents of the system and to keep the patient 

isolated. In the case of one layer being compromised in some manner, 

there are two additional layers remaining to protect the patient. 

The second area of concern is the presence of electromagnetic 

leakage fields within the room. The magnitude of the magnetic fields 
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generated by this device are high(of the order of 1200 A/m). 

Unfortunately, very little is known about the effect of magnetic fields 

on the human body in this frequency range. There are not even standards 

issued either by the Federal Government or by voluntary standard agencies 

such as ANSI(American National Standards Institute) for this frequency. 

The standards at the present time extend down to 300 kHz, recommending 

the maximum leakage magnetic field to be 1.6 A/m averaged over any six 

minute duration of exposure. This is based on the presumption that the 

only source of deleterious effects is that of tissue heating. To 

obtain an equivalent standard at 100 kHz, the reduction of the 

absorption efficiency of the radiofrequency fields must be taken into 

account. This drops with the square of the frequency, as shown by 

Stauffer et al.[18](figure 7). Thus, the standard would be set at about 

15 A/m. In addition, the standard set at 300 kHz has a safety factor 

of at least 10 built into it. 

Recently, Borrelli et al., 1984,[21], discussed direct 

physiological sensing of alternating magnetic fields in relation to the 

use of hysteresis heating of ferrous fluids as a means of inducing 

hyperthermia. Their data compares quite well with that of Dalziel and 

Massoglia[26]. Borrelli et al. extend the data taken by Dalziel and 

Massoglia up to 60 kHz where the field strengths required for 

sensibility are shown to be of the order of 10,000 to 30,000 A/m. 

These fields strengths are an order of magnitude greater than those 

produced in the center of this magnetic induction coil. Although a 

calibrated magnetic field probe for use at 100 kHz is not available, 
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it would be expected, from the relative field mappings of our coil, 

to have fields within the shielded room which are two to three orders 

of magnitude below those indicated for sensation by Borrelli, et al. 

A calibrated magnetic field probe, for use at 100 kHz, is 

currently being designed to be used with this system. However, 

until that is accomplished, the number of personel in the treatment 

room when this equipment is being operated will be kept to a minimum. 

It is hoped that areas in the treatment room will be found that will 

have low enough ambient magnetic fields for treatment personel. 

Alternatively, the patient may be able to be adequately monitored f .jm 

outside the room with the use of electronic monitors of blood pressure, 

heart rate and temperature, as well as video and audio monitors. 



CHAPTER 5 

CHARACTERISTICS OF FERROMAGNETIC IMPLANTS 

Introducti on 

The relative heating characteristics of NISI ferromagnetic 

implants are discussed in this section. The general characteristics 

of the implants are given. This is followed by a phantom test 

comparison of the 100 kHz magnetic induction system with that of 

Stauffer's operating at 1.8 MHz. The results of a series of phantom 

tests comparing the relative heating efficiency of NISI and #430 

stainless steel implants are discussed. The relative efficiencies of 

NISI implants are also compared for different lengths, orientations 

and applied power levels. 
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Description of Implants 

Two types of implants were used in the evaluation of the system 

heating characteristics. Constant power implants were made from a 

ferromagnetic stainless steel, type #430. These implants, will continue 

to heat in a magnetic field until their thermal losses balance the power 

absorbed. Increasing the field strength(applied power) thus increases 

the implant temperature. As a result, careful thermometry is required 

to prevent very high temperatures(above 50 °C), which may lead to burns 

and other complications. 

Thermally regulating implants, made of a NiSi alloy, overcome 

this problem. These implants become non-magnetic above their magnetic 

"Curie temperature". In other words, as the implant temperatures 

approach the Curie temperature they begin to regulate thermally at a 

stable temperature. The mechanism that causes these NiSi implants to 

regulate is their change in permeability with increased temperature. 

Values of permeability for changing implant temperature were measured 

by J.S. Chen. These permeability values were in turn used to calculate 

the power absorbed by the implants, which was plotted versus temperature 

(figure 19). Equations for implant permeability versus temperature, as 

well as the magnetic field strength squared for a given applied power 

(figure 17), were incorporated into the equation for the power absorbed 

by the implants defined by Wait(page 29). The results, for power 

absorption versus temperature for increasing applied power, are plotted 

in figure 20. 
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Figure 20. Power absorption of NiSi implants versus temperature(theory). 
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The thermal regulation of the NiSi Implants is beneficial in 

two ways. It provides a safety mechanism in case the thermometry is 

improperly placed, preventing the overheating of the region(implants 

will not go beyond this preset maximum temperature). It also helps to 

reduce temperature variations in tumor regions with differing rates of 

blood perfusion. In areas where there is low blood flow, the implants 

will reach a stable temperature and will regulate, while in high blood 

flow regions the implants continue to absorb energy. In fact, the 

power could be turned up to a very high level to insure that all the 

implants were regulating. This would provide a relatively homogeneous 

heating of the tumor volume. 
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System Comparison 

In order to make a direct comparison of this new system 

operating at 100 kHz and the previous one which operated at 1.9MHz 

(which is discussed by Stauffer et al.[5]), phantom tests were conducted 

on the same sixteen-implant phantom using identical applied power 

levels. Initially, the temperature of the implants rise rapidly, and 

shortly thereafter, the temperature of the media between the implants 

begins to rise due to thermal conduction. After about two minutes, 

the entire volume contained within the central four implants is warming 

at the same rate{i.e. dT/dt is constant throughout the volume, AV). 

It is assumed that one-quarter of the energy of the central four 

implants for a 4 x 4 cm, sixteen implant grid is conducted into the 

volume AV, bounded by the four implants. The power absorbed per implant 

is given by: 

Pi = CpAVdT/dt  

where p and c are the density and specific heat of the phantom media, 

respectively. This is used to derive the heating efficiency: 

nL = PI/L/PT 

where L = implant length 

Pj = power applied. 

By using this heating efficiency term, the relative efficiencies of the 

two systems could be compared, using dT/dt measurements obtained with 

thermocouples placed between the 4 seeds and between 2 seeds. 
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The results of this phantom test are shown in table 6. As can be seen 

here, the system of Stauffer et al., operating at 1.8 MHz, was about two 

times more efficient than the present system operating at 93.6 kHz. 

However, this was much less than the expected factor of four, because of 

the drop in the operating frequency. 

This more efficient operation may be due to the better 

penetration at this lower frequency, thus allowing operation of the 

implants closer to their optimum. At higher frequencies, the depth of 

penetration is very small and thus the power absorbed per unit area of 

implant will also be small. As the operating frequency is lowered, the 

power absorbed per unit area of implant will increase. For a given 

frequency, the product of the conductivity and the permeability for the 

implant can be varied to obtain its optimum operation[17]. 



Table 6. Comparison of Stauffer's system and the 
new system using a 16-seed phantom 
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A phantom test test was conducted using an array of 16-seeds, 

each 6 cm. long. The power absorbed per unit length was calculated 

according to the expression derived by Stauffer et al .[5]: 

Pi = cpAVdT/dt 

where c = specific heat(for muscle phantom c = 3600 J/kg°C) 

p = density s 103 kg/m3 

AV = volume enclosed by the #430 stainless steel implants 

= 0.01m x 0.01m x 0.06m = 6 x 10"® m3 

System 

New 
@ 500W 

New 
@ 1000W 

Stauffer 
@ 500W 

TEMPERATURE MEASUREMENT SURROUNDED BY 4 IMPLANTS 

dT/dt(°C/s) PT(W) n| (%/cm) 

0.0336 

0.0750 

0.0600 

0.726 

1.619 

1.296 

0.0242 

0.0270 

0.0432 

System 

New 
@ 500W 

New 
0 1000W 

Stauffer 
@ 500W 

TEMPERATURE MEASUREMENT BETWEEN 2 IMPLANTS 

dT/dt(°C/s) PT(W) n| (%/cm) 

0.0330 

0.0775 

0.0625 

0.713 

1.674 

1.350 

0.0238 

0.0279 

0.0450 
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NiSi Phantom Tests 

Stauffer et al.[5] describe another procedure for comparing 

the heating efficiency of ferromagnetic implants. A large phantom, 

with implants placed near its surface and covered with Handywrap, was 

subjected to a magnetic field of about 850 A/m(l kW applied power) for 

one minute. This provided a sufficient period of time for the phantom 

to absorb enough energy to heat the implanted region by several degrees. 

The magnetic field then was removed, allowing fifteen seconds for 

significant thermal diffusion to occur. From the thermographic image of 

the phantom surface, knowing the specific heat(c) and the density(p) 

of the medium, it was possible to compute the total energy, Q, which 

was absorbed by the implant and thermally conducted into a volume, V, 

of phantom. Using the equations of Stauffer et al.C5], the 

semicylindrical volume of tissue heated by an implant needle of length 

L becomes: 

Qj/L = TTPCATqR2/6 

where R = radius of thermal diffusion 

AT0 = temperature rise in the phantom. 

The overall heating efficiency per unit implant length is obtained by 

dividing the above equation by the total applied energy(heating time x 

applied power). By using this technique, relative heating measurements 

were made for various types and orientations of implants. 
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The single implant phantom test discussed above was used to 

compare the relative heating efficiency for NiSi and #430 stainless 

steel implants. These were compared for various lengths and diameters. 

The results are given in table 7. The #430 stainless steel implants 

were found to be much more efficient(two times more) than the Ni Si 

implants, especially for the longer implant trials. 

Although the Ni Si implants are less efficient than #430 stainless 

steel implants, they are preferred due to their ability to thermally 

regulate at a preset temperature. Thus any further efficiency losses 

of the implants must be avoided. One such source of efficiency loss is 

caused by implants not being oriented parallel to the magnetic fields of 

the coil. A single seed phantom test was done with implants being 

positioned at 15° intervals between parallel (0°) and perpendicular(90°). 

The results are plotted in figure 21. As can be seen, for implants 30° 

out of line with the magnetic field, over 30% of the applied power is 

lost. On the other hand, for implant orientations within about 15-20%, 

the loss of efficiency is less than 20%, thus showing that orientation 

requirements are not very strict, in comparison to other interstitial 

techniques. 

Another area of interest is the relative efficiency of various 

length implants. The results of a single seed phantom test at one kW 

for one minute are located in figure 22. The relative efficiency of 

heating for implants longer than 3 cm was fairly constant. This compares 

quite well with the data of Stauffer et al.[5]. The efficiency drops 

off substantially below 1.5 cm. More data is needed to adequately 

characterize this region. 



Table 7. Relative efficiency for NiSi and #430 stainless 
steel implants 

(Applied Power 1 kW for 1 minute) 

Length(cm) Efficiency {%/cm) 

NiSi 2.0 0.00853 

430 SS 2.0 0.01673 

NiSi 3.0 0.01066 

430 SS 3.0 0.02087 

NiSi 4.0 0.01341 

430 SS 4.0 0.05424 

(Implant Length 2.54 cm) 

Diameter (inches) Efficienc,y(%/cm) 

NiSi 0.055 0.0124 

NiSi 0.061 0.10179 

430 SS 0.062 0.0207 
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For all of the above efficiency comparisons, the applied power 

was maintained constant at one kW for one minute. The applied power 

level will effect the NiSi implants as well. This is demonstrated in 

figure 23, where the relative efficiency of two cm implants is compared 

for applied power levels ranging from 500 W to 2000 W. The efficiency 

appears to be leveling off as the power approaches 2000 W. The reason 

for this is unclear. Perhaps this model is invalid for such high levels 

of applied power. 
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Biocompatibil ity of NiSi Implants 

Another area of concern is the biocompatibility of the seeds 

to be placed in the tumor region. For temporary implants(implants left 

in only during the course of treatment-about 4 weeks) teflon heat shrink 

appears quite satisfactory. For permanent implants, biocompatibility 

becomes a much more critical task. We are currently testing a special 

ceramic coating for use with permanent implants. This would allow us 

the ability to leave the implants permanently in critical areas and 

hence eliminate the need for a second surgical procedure to remove the 

seeds. This ceramic coating also has a much higher thermal conductivity 

than that of teflon. With time new coatings will be developed, which 

will help increase the heating efficiency of the tissue between implants, 

as well as guarantee their biocompatibility. 



CHAPTER 6 

ANIMAL TRIALS 

Introduction 

A number of animals trials were conducted in order to demonstate 

the effectiveness of the ferromagnetic implant heating system. The 

results from a preliminary study on pet animals with head and neck 

tumors are discussed. The results from both brain and kidney hyperthermia 

trials with the new system are also presented. 
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Preliminary Pet Animal Study 

The system described here has proven to be very effective in 

raising the implanted region to therapeutic temperatures. A number of 

animal trials were conducted in order to demonstrate this. The technique 

was shown to be effective in a pet animal study that was conducted from 

1982 to 1985. During this time period, 34 pet animals with spontaneously 

occuring tumors in the head and neck region were treated using Stauffer's 

system operating at 1.9 MHz, with both #430 stainless steel and NiSi 

implants. The results of these studies are shown in tables 8 and 9. 

Table 8 gives the tabulated results for the 34 animals treated. 

Of these animals, 14(41%) had a complete response(tumor dissappeared), 

six of which had no problems with reoccurence. The animals were heated 

for thirty minutes at therapeutic temperatures and then given radiation 

treatments immediately following hyperthermia. Ten(29%) of the animals 

had a partial response which is defined by a decrease in tumor size by 

fifty percent. Four of these animals have been stabilized(no further tumor 

growth). The remaining ten animals had no response. 

Table 9 gives a list of the toxicities from the animal trials, 

split into two periods of two years each. During the first two years, 

the protocol was being established. Normal antiseptic techniques were 

not used resulting in a high rate of infections(82%). The other 

toxicities had a high rate of incidence as well. In the years 1984-1985, 

the protocol was modified to correct for problems occuring in the first 



Table 8. Summary of spontaneously occuring 
tumors in pets 
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34 Animals (mostly T3, range Ti - T4) 

Response 

CR = 14(41%) 

PR = 10(29%) 

NR = 10(29%) 

Regrowth 

5 (36%) 

5 (50%) 

Metastasis 

4 (29%) 

4 (40%) 

Status 

NED = 6(43%) 

Stable = 4(40%) 



Table 9. List of toxicities occuring 
in treated animals 
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Infection 

Migration 

Edema 

Infarct 

Burn 

9/11 

4/11 

4/11 

8/11 

1/11 

Bone Necrosis 1/11 

ANIMALS TREATED - 1982, 1983 

Ferromagnetic Seed Heat 

TOXICITIES 

(82%) 

(36%) 

(36%) 

(73%) 

(9%) 

(9%) 

(69% of all Infections) 

(67% of all Migration) 

(57% of all Edemas) 

(67% of all Infarcts) 

(100% of all Burns) 

(20% of all Bone Necrosis) 

ANIMALS TREATED 1984, 1985 

Ferromagnetic Seed Heat 

TOXICITIES 

Infection 

Migration 

Edema 

Infarct 

Burn 

Bone Necrosis 

4/23 

2/23 

3/23 

4/23 

0/23 

4/23 

(17%) 

(9%) 

(13%) 

(17%) 

(0%) 

(17%) 
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eleven trials. The result was a substantial decrease in all toxicities, 

with the exception of bone necrosis(more animals were treated in which 

bone regions were involved, during this time period). This set of 

trials allowed us to demonstrate the efficacy of this procedure, as 

well as to establish a treatment protocol that will be carried over 

into further treatments. 
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Brain and Kidney Trials 

A number of other animal trials were conducted in 1985 in order 

to check the feasibility of using this technique in high blood flow 

regions such as the brain or the kidney. The data from one of the 

brain treatments is shown in figure 24. Nine NiSi implants coated with 

teflon were inserted into the brain through holes drilled in the skull. 

These implants, each of which was 1.0 cm in length and 1.5 mm in 

diameter, were placed in a 3 x 3 cm grid. Thermocouples were inserted 

at various positions within this grid as shown on the side of the plot. 

As can be seen from this data, the thermal regulating properties of the 

NiSi implants begin to take over at about 2500 watts of applied power. 

At higher power levels(3500 W, 4500 W) very little increase in temperature 

is seen. Temperatures between the implants(SI to S4) were heated to 

the therapeutic range of 42-43°C for applied powers of 2500 W or 

above(Curie transition region reached). The implant temperatures, S5, 

shown to be about 45°C, were being measured at the end of the implant 

instead of the center, which is the hottest point. These implant 

temperatures are estimated to actually be about 50°C. As can be seen, 

even high blood flow regions, such as normal brain tissue, can be 

heated adequately into the therapeutic region(above 42°C) with this 

technique, provided there is ample generator power. 

One problem that has shown up in these trials was the improper 

selection of the NiSi Curie point. Seeds designed for high blood flow 
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regions may produce temperatures that will be too high in low or 

moderate blood flow regions. The importance of the proper selection 

of the implants is clearly demonstrated in our kidney trials. The 

kidney was implanted in two regions with NiSi implants having different 

regulating temperatures. A multiple sensor thermocouple was placed in 

each region, to monitor temperatures continously throughout the 

treatment. The blood flow going into the kidney was measured using a 

ultrasonic blood flow meter and varied using a vascular occluder(figure 25). 

In this way, the performance of the implants can be observed for various 

perfusion rates, as well as for various levels of applied power. 

In figure 26, we see that when the power was increased, the 

implants in region A, with the lower Curie temperature, began to regulate 

before therapeutic temperatures were reached in that region. The 

implants with a higher regulating temperature in region B, under the 

same conditions, continued to heat at the same rate despite the increase 

in power. In figures 27 and 28, the effect of the blood perfusion rate 

is seen. For region A (figure 27), decreased blood flow did not show 

much change in temperature (the implants are operating in their Curie 

transition region). In figure 28, the implants in region B show an 

initial increase in temperature with decreased perfusion, followed by a 

leveling off of temperature as their Curie transition region is reached. 

Using the information gathered in these trials, we should be able to 

catagorize the different Ni Si implants into different application 

groups(i.e. determine which type of implant is best for each region to 

be treated: brain, head and neck, kidney, etc.). That data could then 

in turn be fed into our treatment planning program. 
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CHAPTER 7 

DISCUSSION AND CONCLUSIONS 

Summary of System Features 

The system that has been described here is an effective means 

of heating tissues, independent of type. It utilizes point source 

heating to raise the temperature of surrounding tissue by thermal 

conduction. Its power deposition depends only upon the geometry and 

the properties of the thermally regulating seeds. These seeds, which 

can be either temporary or permanent, are implanted using methods 

similar to brachytherapy techniques that already exist in the human 

clinic. The use of ceramic-coated, permanent implants is limited, in 

spite of their better thermal properties, by the biocompatibility which 

is required for the seed coatings. Since there is no real-time control 

during heating for this technique, treatment planning computer programs 

are being developed to help in the proper selection of implants for a 

given application. The extent of other problems, such as the presence 

of high electromagnetic leakage fields, has yet to be determined. 
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Comparison of Interstitial Techniques 

Although all the problems have not been solved for this system, 

it is comparable to the other interstitial techniques already in use: 

localized current fields and microwaves radiated from needle dipoles. 

All of the above techniques have the disadvantage of being invasive. 

The use of ferromagnetic implants for treating tumors has the further 

disadvantage of needing a higher density of implants, since it relies 

only on thermal conduction for tissue heating. However, the 

ferromagnetic implant technique has some definite advantages. Firstly, 

once surgically implanted, the temporary implants remain in the tumor 

for the entire course of the treatments, as opposed to the other 

techniques, which remove the needle applicators after each treatment. 

Permanent ferromagnetic implants need not be removed. Secondly, the 

ferromagnetic implants are thermally regulating. This provides a more 

homogeneous heating of non-homogeneous tissue regions. This is difficult 

to achieve using the other techniques because of the occurance of highly 

localized regions of elevated temperature. Since the implants are 

thermally regulating, extensive thermometry is not needed. Ultimately, 

this technique will probably be done without temperature probes for all 

treatments (or at least for all additional treatments). These other 

techniques rely heavily on the use of thermometry to determine the 

extent of the heating that is taking place. Finally, the ferromagnetic 

system is not as dependent on the orientation of the implants as the 
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other techniques. A 30° error in positioning of the ferromagnetic 

implants only causes a 30% reduction in the heating efficiency of the 

system without any effect on the heating pattern. On the other hand, 

errors in positioning of the applicator needles for the localized 

current fields or the interstitial microwave systems have a large 

effect on the heating pattern. 
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Possible Applications 

There are numerous applications for this technique in the human 

clinic. The regions of application will include the brain and the head 

and neck. Thirty-four animals with head and neck tumors have already 

been treated with this technique with a high rate of success. Animal 

trials have also been conducted by A.N, Guthkelch, M.D.,[27], where 

normal brain has been adequately heated to therapeutic levels. 

Another region of great promise is non-resectable tumors. A surgeon 

often cannot remove the entire tumor surgically. This technique will 

allow the surgeon to implant this non-resectable region to be heated 

later. This is an important option, since it is surgeons who in fact 

control many of the cancer patients. A final application is that this 

technique can be used in the concurrent heating and radiation of the 

tumor region. Using afterloading techniques, ribbons of radioactive 

and thermal sources can be implanted in the tumor region. These ribbons 

will remain there during the entire course of treatment, after which 

they are removed. 



100 

System Optimization 

Although the system has been shown to be effective in the 

heating of the implanted region to therapeutic temperaturesfphantom 

tests and animal trials), the system needs to be optimized for ease of 

operation, as well as for ease of implantation in the human clinic. 

Specific protocols are being worked out by the Department of Radiation 

Oncology., Radiation therapy can be applied internally with interstitial 

radiation sources, or by external means depending upon the clinical 

circumstances. The minimum number of thermometer probes to be used, 

if any, must be determined. The nature and level of anesthetics to be 

used with this procedure is still uncertain, since the animal patients 

that have been treated were completely anesthetized. 

In addition, the implants used for this technique must also be 

optimized. Utilizing the data obtained in the kidney trials, numerical 

programs will be used to predetermine the proper implant selection for 

a given application. The biocompatibility of the implants must also be 

checked, especially in the case of permanent implants. 
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Conclusion 

The system descibed here has undergone an extensive series of 

trials over the past year and has performed quite well. It has been 

used to treat animals with superficial tumors and has been used to heat 

regions of high blood flow, such as brain and kidney to therapeutic 

temperatures. Since this system has produced good results in the 

focused heating of tissue, the system will soon be introduced into 

the human clinic as an experimental device. An application for an 

investigational device exemption(IDE) has been submitted to the Food 

and Drug Administration. 



APPENDIX 

INDUCTANCE DESIGN EQUATIONS(GROVER) 

N - the number of turns 

p - the distance between the centers of adjacent turns 

C - the conductor thickness 

B - the width of the coil 

a - the average radius of the coil = (r-jnner + ^outer)/2 

c - the radial width = N*p 

L = Ls - 0.004TTNa(Gi+Hi) 

Ls = 0.001N2aP 

P = 4*((ln(8a/c) - 0.5) + (1/24){c/2a)2(1n(8a/c) + 3.583)) 

Gi = ln((B + C)/p) + In e 

Hx = H+2((N—1/N)1n k+(l/12)(32-Y2)(0.6449-((ln(N/2)+1.270)/N)) 

-(1/60)(P4+Y4-{2.5)BV)(0.0823-(0.2021/N)) 

where B = B/p 

Y = C/p 

A = C/B 

and where H, In e, and In k come from tables 
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