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ABSTRACT 

Accurate knowledge of the spatial and temporal temperature distribution within 

the myocardium would be of value in predicting lesion size and shape during 

radiofrequency (RF) catheter ablation. Finite difference solutions of the Laplace 

equation, which models power delivery by the RF catheter, and the Bioheat equation, 

which predicts temperature rise within the myocardium, were developed to accurately 

model lesion generation during RF ablation. This model included the effects of tissue 

and electrode heat conduction, tissue perfusion, and the convective losses within the heart 

chamber. Results indicated that the convective effects of blood flow within the heart 

chamber over the catheter were significant. More power could be applied before reaching 

lODOC when these convective cooling effects were included than without them. 

Electrodes of higher thermal conductivity were determined, by both numerical 

simulations and in vitro experiments, to promote more heat flux away from the electrode

tissue interface. Consequently, more power could be delivered resulting in larger lesions. 

The effects of tissue perfusion on intramyocardial temperatures and lesion size were 

investigated. Perfusion was found to decrease both of these compared to non-perfused 

tissue. This was particularly evident with longer energy delivery times. 

The power density model was used to characterize the power density relationship 

for both single and arrays of mUltiple catheter electrodes. The results from this model 

were used to design and implement a multipolar ablation technique. In vitro and in vivo 



experiments proved this technique was useful for generating longer, deeper lesions than 

traditional techniques and holds promise for treating atrial fibrillation and flutter. 

This technique may offer insight into the effects of thermal transfer properties on lesion 

formation. Furthermore, this model may be useful as a tool to design more effective 

catheters and energy delivery procedures to produce lesions of desired size and shape. 
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Heart disease is the number one cause of death and disability in all industrialized 

nations. In the United States it accounts for 40% of the total mortality, approximately 

700,000 to 750,000 deaths each year. This is almost twice the total number of all cancer 

deaths combined. About one third of these fatalities are sudden, presumably due to 

ventricular arrhythmias. Thus, we are dealing with a significant public health problem. 

Cardiac arrhythmias encompass a wide variety of mechanisms. However, 

generally and perhaps overly simplified, arrhythmias classified into two groups: reentry or 

focal arrhythmias. Focal arrhythmias are caused by ectopic electrical impulses that 

interfere with the normal spread of electrical activation. These types of arrhythmias are 

more common in the peri-operative or peri-infarction period. For example, the majority 

of spontaneous tachyarrhythmias occurring 24 hours after coronary occlusion are thought 

to be due to ischemically injured Purkinje fibers that demonstrate increased automaticity 

[Scherlag et al. 1974]. Hypokalemia, hypoxia, hypercalcemia, catecholamines, or drugs 

may exacerbate the situation. 

Reentry arrhythmias, on the other hand, are more likely to be associated with 

chronic ischemic heart disease or due to the presence of an accessory atrial-ventricular 

pathway. Patients with arrhythmias due the latter are said to have the Wolff Parkinson 

White (WPW) syndrome that occurs at a frequency of 1 in 1000 people. There are 
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several different mechanisms proposed for this type of conduction defect. One example 

is the "ring model" that is illustrated in Fig. 1.1. For a reentry arrhythmia to occur, two or 

more pathways must be present that are connected both proximally and distally. A 

pathological unidirectional block must be present in one of the pathways that will allow 

electrical conduction in only one direction. The alternate pathway must involve an area 

of slowed conduction. In this scenario, an impulse travels down the area of slowed 

conduction but is stopped from traveling down the limb with the unidirectional block. If 

conduction through the alternate pathway is slowed enough so that the refractory period 

of the first pathway is exceeded, reexcitation of the pathological limb may occur. The 

wave front then returns along this limb to reenter the circuit. 



Alternate Pathway 
Slowed Conduction 

Area of unidirectional block 

Figure 1.1 The ring model of cardiac arrhythmias. Described in 
text. 
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The "leading circle" model involves an interface between excitable and refractory 

tissue that forms a barrier for encirclement. This is illustrated in Fig. 1.2. This interface 

may be, for example, scar tissue from a previous infarction. In this scenario, an 

approaching electrical wavefront meets tissue that is absolutely refractory to stimulation 

(i.e., tissue cannot generate an action potential regardless of the stimulus intensity). The 
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wavefront then travels around the barrier and ends up parallel to the initial wavefront but 

moving in the opposite direction. The interface still exists because the side that was 

originally stimulated is now refractory. Finally, the wavefront travels around the other 

edge of the tissue interface to reenter on the side that was originally stimulated thus 

completing the circuit [Sanjeev and Goldschlager 1990]. 

Figure 1.2 The leading circle model. The top figure illustrates 
the activation of the circuit with an initial stimulating wavefront. 
This wavefront meets a refractory interface and travels around it. 
The bottom figure demonstrates the maintenance of the reentry 
circuit. 
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In many of these models of arrhythmia generation there are abnormal areas of 

myocardium that display slowed conduction velocity. The most common cause of this is 

ischemic injury secondary to coronary artery disease, an event that affects hundreds of 

thousands of people each year. Buildup of atherosclerotic plaques leading to partial or 

total occlusion of coronary arteries is the most common mechanism. Infarction may occur 

if there is rupture of the plaque resulting in acute thrombosis of the vessel. Due to 

decreased pressure gradients in the endocardium and subendocardium, these regions are 

most likely to infarct. Electrophysiological studies have demonstrated that depression of 

the fast sodium channels, those responsible for the rapid upswing of the action potential, 

occurs during ischemia. Since conduction velocity of the action potential is proportional 

to the upstroke velocity, it too is depressed, thus leading to a potential zone of slowed 

conduction [Lazzara and Scherlag 1984]. 

Treatment strategies for arrhythmias are many and varied. Antiarrhythmia 

drugs have been used for years and act by modification of the electrical properties of the 

circuit either by slowing conduction or increasing refractoriness or both. The principal 

drawbacks to these medications are that they may cause numerous side effects, some of 

which are int~~erable. Lack of patient compliance and loss of effectiveness over time due 

to a changing substrate are also problems. Additionally, they are not always reliable due 

to the complex interactions with the autonomic nervous system. Finally, the drugs 

themselves may induce arrhythmias. 
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Implantable defibrillators and cardioverters have also been used to treat 

arrhythmias. These devices send a single shock or a series of electric shocks to interrupt 

the arrhythmia and "reset" the heart after the arrhythmia has occurred. Cost, complexity, 

and risk of infection due to implanted foreign bodies are some of the problems with these 

devices. 

With the development of cardiac mapping techniques to precisely localize the 

arrhythmogenic substrate, methods such as surgical interruption of the arrhythmia can 

permanently prevent the cardiac arrhythmia. Before surgery is attempted, electrical 

stimulation via an electrode catheter is performed to induce the reentrant arrhythmia. 

This is performed in order to localize the pathway by either intraoperative electrical 

mapping or electrode catheter mapping. Once the arrhythmogenic area is located several 

surgical techniques may be used. For example, excision of an accessory bypass tract may 

be performed for treatment of WPW. Additionally, removal of the arrhythmogenic 

substrate itself may be accomplished using encircling endocardial ventriculotomy, simple 

ventriculotomy, or subendocardial excision [Sealy et al. 1981, Guiraudon et al. 1978, 

Fontaine et al. 1984, Harken et al. 1979, Fontaine et al. 1987]. It must be noted that there 

are serious risks of morbidity and mortality with this open heart approach, particularly in 

patients with markedly decreased left ventricular function due to coronary artery disease. 

Cryoablation was one of the first ablation techniques used during surgery. The 

device consists of a hand held probe through which pressurized liquid nitrogen flows. 

The evaporation of nitrogen at the tip of the probe cools it to below minus 60°C. In 1977, 
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Gallagher et al. (1977) first reported on the successful interruption of an atrio-ventricular 

bypass pathway for the treatment of Wolff-Parkins on-White syndrome. It has also been 

used successfully for the treatment of ventricular tachycardias [Gallagher et al. 1978]. 

One of the advantages of cryoablation is that by lowering the tip temperature to only O°C 

a temporary interruption of conduction may be obtained. Use of this technique with 

persistence of conduction would indicate that the tip is not directly over a conduction 

pathway. The major drawback to this approach is that it currently involves an open heart 

procedure and carries with it all the associated risks. Another disadvantage is that the 

periphery of the cryo lesion may be at a temperature higher than that causing cell death 

and the arrhythmia may return after surgery. 

Significant advances in electrode catheter mapping techniques and use of energy 

sources that could be delivered through a catheter stimulated development of 

nonoperative localization of arrhythmogenic cardiac tissue. A high-voltage, low

frequency shock applied directly to the endocardium (henceforth referred to as DC 

ablation) was the first of the energy sources used to effectively treat cardiac arrhythmias. 

Scheinman et al. (1982) created complete A V block using this technique to interrupt 

conduction from the atria to the ventricles. This was used for treatment of refractory 

supraventricular tachycardia. Subsequently, the technique has been used to treat Wolff

Parkinson-White (WPW) syndrome, atrial tachycardia, A V nodal reentrant tachycardia, 

atrial flutter and ventricular tachycardias [Trappe et al. 1992]. 
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Energy from a DC defibrillator was directed to electrode catheters placed on or 

near the conduction pathway. Until recently, most applications involved the delivery of 

high cumulative doses of energy ranging from 100 to 1,000 Joules with a standard 

defibrillator and a damped sinusoid as the voltage waveform. These high energy levels 

were thought to be required to successfully ablate an accessory pathway, ventricular 

ectopic foci or the A V node. High current density, barotrauma, electrolytic dissociation 

of tissue fluids and desiccation of the myocardium were some of the theories proposed to 

explain the success of this type of ablation. Unfortunately, side effects were associated 

with the use of these energy levels. One of these was the formation of large gas bubbles 

at the tip of the electrode that led to barotrauma. Two mechanisms have been proposed 

to explain the gas bubble formation. The first was described by Bardy et al. (1986), in 

which the gas bubbles were thought to form initially as a result of simple electrolysis of 

the bathing fluid thereby creating a small insulating layer around the electrode. This 

insulating layer caused an abrupt rise in impedance that lead to the defibrillator's inductor 

generating immense voltages. These high voltages caused an arcing resulting in a larger 

gaseous bubble formation. A second mechanism was proposed by Boyd et al. (1987), in 

which initial bubbles were formed around the electrode as a result of the large 

temperatures causing vaporization of the local fluid medium. This led to ionization of the 

area around the electrode, plasma arc formation and a further increase in bubble 

formation. 
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The extreme pressures generated by the formation of these gas bubbles could 

exceed 30 atmospheres. This could result in excessive barotrauma to the myocardium and 

rupture of myocardial structures such as the thin walled coronary sinus. Other problems 

noted include initiation of arrhythmias, hemolysis, thrombosis and impaired ventricular 

function. This decrease in left ventricular function, while often temporary, may lead to 

shock and death. Bardy et.al. (1988), observed that above a certain threshold there was a 

linear increase in gas bubble volume with increases in energy delivery. Furthermore, 

anodal pulses were found to result in bubble formation at lower energy levels as well as 

more gas formation at each energy level as compared to cathodal pulses. No bubble 

formation was observed with cathodal pulses below 42 J and anodal pulses below 6 J. 

These results led to the suggestion that lower energies should be used for ablation. 

Cunningham et al. (1986), investigated the effects of low energy DC pulses in the 

treatment of arrhythmias. They used the NHH ablator that consisted of a modified 

standard defibrillator. The primary distinguishing feature of this unit was the removal of 

the series inductor. This resulted in a waveform that is a simple resistive-capacitive (RC) 

discharge with a significantly higher peak voltage and current than a standard 

defibrillator. In two out of three patients, success was achieved with a cumulative energy 

of less than 8 J, while the third required a total of 39 J. 

The use of higher frequency (100Khz - IMhz) energy has a long history in 

electrosurgery [McLean 1929]. Several different modes or waveforms are used to 

achieve the desired effect. All of these modes operate in the biterminal mode that 
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involves an active electrode as well as a dispersive electrode on a remote high

conductivity tissue region. A cutting mode involves a high voltage distorted sinusoidal 

waveform in which the probe is held slightly above the tissue. The resulting spark 

formation causes a large current density to be developed under the probe that results in 

rapid boiling and separation of the tissue. The cutting action is relatively bloody. The 

bleeding may be reduced by using a fulguration or coagulation mode that uses an 

intermittent high voltage damped sinusoid and an electrode also placed above the tissue. 

This too causes sparking to occur which coagulates and chars the underlying tissue. 

However, the damped sinusoid allows for hemostasis and dehydration to occur between 

the sinusoidal pulses. Finally, desiccation involves a direct contacting electrode with 

lower voltages. This method produces deep coagulation by causing a resistive 

temperature rise that drives intracellular and extracellular water out of the tissue resulting 

in necrosis of the coagulative type [Harris]. This last mode of operation is the one used 

for ablation of arrhythmias because it avoids gas bubble formation and resulting 

barotrauma possible with the other modes. Furthermore, there is less low frequency 

spectral energy in this mode as a result of non-linear rectification known to take place due 

to the high-voltage sparking. This is important because low frequency energy is capable 

of stimulating the cardiac tissue [Foster and Geddes 1986, LaCourse et al. 1988]. 

Most of the devices used for high frequency cardiac ablations have been 

electrosurgery units. These typically operate over a 300khz to IMhz range and produce a 

distorted unmodulated sine wave. This range of frequencies is commonly referred to in 
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the medical literature as radio frequency (RF). The voltages used are less than 100 V 

RMS and currents are below 1.5A RMS with resulting power levels ranging from 4 to 50 

Watts depending on electrode size, contact impedance, and tissue electrical and thermal 

characteristics. A distinctive advantage for RF ablation over DC is that at the frequencies 

used, the cardiac cell's impedance is primarily resistive with little capacitive component. 

[Schwann and Foster 1980]. Therefore, there is little polarization of the cardiac cells with 

resulting activation of the myocardium and risk of fibrillation. As a result, general 

anesthesia is not required for this procedure. Furthermore, the integrity of the catheter 

electrode is usually preserved. In contrast, during high voltage DC ablation the catheter 

may undergo a dielectric breakdown. 

The first application of RF involved successful ablation of the canine A V node to 

achieve total heart block [Huang et al. 1987]. (Note - The AV node is an anatomical area 

of cardiac tissue located between the right atrium and ventricle. It serves to delay the 

atrial electrical impulse before sending it to the ventricles. This allows for coordinated 

pumping of the blood from atria to ventricle to lungs and body.) Since that time, the use 

of RF has expanded to include ablation of accessory pathways in WPW syndrome with a 

success rate of 50-99% of the cases reported. Ablation of the A V node for drug resistant 

supraventricular tachycardia has been successful in 60-99% of cases reported [Huang 

1991, Jackman 1991]. Current clinical research is investigating two approaches to 

overcome the necessity of implanting a permanent pacemaker in patients who have had 

total ablation of the A V node. The first is aimed at only modifying A V nodal function 
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without inducing complete heart block. This has been attempted successfully in dogs 

[Marcus et al. 1988] as well as human beings. The other approach is ablation of the slow 

conduction pathway that is part of the A V nodal circuit. This too has been successfully 

performed and appears to hold much promise. Finally, RF ablation has been performed 

for the treatment of ventricular tachycardia(VT), with good results for right ventricular 

outflow tract VT. However, ablation of less focal VTs have been less successful. This is 

thought to be due to current limitations in mapping of the circuit, the depth of the circuit 

within the myocardium, and the small size of the lesion produced with current RF 

techniques. DC ablation on the other hand has the advantage of producing larger lesions 

at the expense of more complications as previously noted. 

Lasers have been used successfully for ablation of cardiac arrhythmias in the 

operating room [Svenson et al.] but suffer from a major problem in controlling energy 

delivery. As detailed by Derbyshire (1986) the absorption of laser energy is a function of 

the tissue optical properties that can vary with tissue temperature. Therefore, it is 

difficult to control and predict the size of lesion generated. Another energy source that is 

under investigation for ablation is ultrasound. [He, et. al. 1992]. 



1.1 Technical Consideration 

The ultimate goal of myocardial catheter ablation is the elimination of the 

arrhythmia through modification, removal, and/or destruction of the arrhythmogenic 

substrate. Low power lasers, lower energy DC and RF ablation may modify small 

discrete areas of the myocardium creating a well circumscribed scarred area. This may 

result in a non-conductive homogeneous area of fibrosis. 
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The cellular response to ablation energy varies with the type of energy delivered 

as well as the delivery parameters. Radiofrequency energy as applied to the myocardium 

through either a single active electrode and distal return pad or, through two active 

bipolar electrodes, is thought to produce most of its effects through heating. This is due 

to an increase in mobility of ions thereby raising their kinetic energy with a resultant rise 

in temperature. The net effect is a conversion of electrical energy to thermal energy. As 

will be discussed, very high temperatures can result near the electrode-tissue interface. 

This produces blood and tissue coagulation, protein denaturation and boiling and 

evaporation of fluids with consequent destruction of the tissue. These effects are all 

related to the power density. At low levels protein denaturation and blood coagulation 

occur, while at increased levels evaporation of fluids and finally charring of tissues 

results. The changes observed in the damaged tissue appear as a white flesh color due to 

protein coagulation, shrinkage of nuclei, distortion of the cell architecture and destruction 

of the cell membrane. Fibrotic tissue subsequently replaces the destroyed tissue. 
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Knowledge of the cellular effects of energy still leaves the question of how to get 

the energy to the desired depth of myocardial tissue and how to ablate a sufficiently large 

area to eliminate the arrhythmia. Energy has to pass through several layers of cells to 

reach the deeper tissue. Typically the arrhythmogenic substrate lies within a few 

millimeters of the surface and under ideal circumstances, can be mapped accurately. 

Unfortunately, the current mapping techniques are far from ideal and furthermore there 

are situations in which the substrate lies deeper in the myocardium. The type of energy 

delivered has to match the target of interest. One of the simplest methods is the 

application of a heated catheter tip or probe to the myocardium. The probe may be heated 

by electric current through a resistance or by laser irradiation. Heat passes from the 

endocardium to deeper tissues by conduction. As all the heat is deposited on the surface, 

large periods of time may be needed for temperatures in the underlying tissues to 

increase. 

In both high frequency and DC ablation the generation of heat occurs within the 

myocardium and the heating profiles will, therefore, depend on the patterns of current 

distribution as well as the thermal properties of the tissue: conduction, perfusion and 

convection. The patterns of electrical currents have been modeled extensively for simple 

probes in ablation and electrosurgery. A spherical or hemispherical electrode is most 

typically used. In this instance, with a perfectly homogenous tissue and ignoring 

boundary effects, the current density and electric field strength lEI will decrease at 
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1 
Since power density PD = 0'IE21 where 0' is the electrical conductivity of the 

Radius2 
• 

1 
tissue, it can be seen that the power density decreases as 4 • This results in most 

Radius 

of the power deposited near the electrode with higher temperatures near the electrode 

[Honig 1975]. This distribution of power density, along with the thermal properties of 

the tissue, are the primary factors in determining the size and distribution of the lesion 

generated. 

As previously described, the goal of catheter ablation is to destroy or modify the 

arrhythmogenic substrate while leaving the "normal" myocardium unharmed. This is 

illustrated in Fig. 1.3, in which an electrode catheter is in contact with myocardium. The 

pathological tissue is outlined hy the heavy line. A narrow pattern of destruction would 

produce the darker pattern and would necessitate repositioning of the catheter to ablate all 

the abnormal tissue; a practice very difficult to achieve. A broader pattern of destruction, 

on the other hand, might ablate all the arrhythmogenic tissue without repositioning, thus 

making the procedure more efficacious. 



Ablation Catheter 

Border of "ITr1IVTnrnnn,"nI" 

Figure 1.3 lllustration of tissue destruction with different heating 
profiles. The darkly shaded area would be produced by a narrow 
pattern of destruction while the lightly shaded area represents a 
broader heating distribution. 

In reality, the ablation procedure, whether RF or DC will produce gradients of 
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tissue damage. The success of the procedure will largely depend on the patterns of energy 

delivered to the tissue. To illustrate, assume that the critical temperatures (whether 

absolute temperatures or a product of time and temperature) are known. Ti (60°C) would 

represent irreversible damage while temperatures between Ti and Tr (44°C) represent 

reversible damage. Temperatures above Tu (100°C) would represent undesirable effects 

such as charring while temperatures below Tr would produce no effect. This is illustrated 

in Fig. 1.4. 
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Figure 1.4 lllustration of the effects of broad vs. narrow damage in 
cardiac tissue. The narrow pattern would be typical of RF ablation 
with a small hemispherical electrode. The wide pattern could be 
seen with ultrasound or RF using a large electrode.(Redrawn from 
Bogen and Derbyshire (1987)) 
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The objective of any ablation procedure is to produce temperatures in 

arrhythmogenic tissue that are between Tr and Tu while minimizing those temperatures 

above Tu. Temperatures between Ti and Tr in arrhythmogenic tissue should also be 

avoided as this produces reversible damage. The implication is that if tissue containing a 

conduction defect were subjected to these temperatures, the tissue may become 

temporarily electrically inactive. This can mislead the clinician to believe that a 

successful ablation had been done. Given sufficient time for the tissue to recover, its 

arrhythmogenic potential could return necessitating another procedure. 

For short periods of time, RF ablation has a narrow temperature distribution. 

However, as time increases and heat transport mechanisms playa more dominant role, the 

temperature profile broadens. Heating by DC ablation as well as laser ablation also has a 

relatively narrow pattern of heating. Ultrasound heating, on the other hand, produces a 

much broader heat distribution. Two patterns of heating, one narrow and the other broad, 

are shown in Fig. 1.4. The electric field effects of DC ablation, using a hemispherical 

electrode, could be similarly mapped spatially and would correspond to a broader energy 

distribution as it decreases at I? rather than 1 4' From these figures it can be 
Radius- Radius 

seen that the narrow temperature distribution produces a smaller area of charred tissue as 

well as smaller areas of reversible damage to the myocardium. On the other hand the 

broader temperature distribution produces a larger lesion but at the expense of more 

charred tissue and reversible damage. 



The goal of this dissertation is to properly assess the radiofrequency ablation 

technique through a better understanding of the ablation process. The following steps 

will be taken to secure this goal: 

1) Development of a computer model to accurately predict two and three dimensional 

electric fields, current density and power density distributions in cardiac tissue that are 

generated by typical ablation catheters. 
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2) Development of a computer model to accurately predict two and three dimensional 

temperature profiles in cardiac tissue given thermal properties of cardiac tissue and power 

density distribution as determined in 1). 

3) Development and construction of an "ideal" RF ablation unit. 

4) Use computer models to optimize ablation parameters. 
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CHAPTER 2 

DEVELOPMENT OF THE ENERGY DELIVERY SYSTEM 

2.1 RF Generator Design 

Devices currently used to deliver RF energy to electrode catheters for purposes of 

ablation are non-ideal for several reasons. Firstly, all the instruments used are designed 

for the electrosurgery market. The requirements for electrosurgery differ from those of 

ablation. In electrosurgery, it is desirable to maintain a constant power delivery into the 

tissue to maintain a constant rate of cutting. However, constant power delivery may not 

be the best choice for catheter ablation. This is illustrated by the following scenario. As 

the power is delivered to the catheter and tissue, the temperature will rise. This can lead 

to a rise in impedance of the tissue as desiccation occurs and electrolytes, providing 

electrical conductivity, are "driven out" of the cells. A constant power generator, when 

confronted with this situation, will increase its voltage output to maintain a constant 

power delivery. This will, in turn, cause the desiccation to increase leading to further 

increases in voltage from the electrosurgery unit. This rapidly results in coagulation of 

blood and tissue at the electrode tip, an undesirable condition for ablation leading to 

possible thrombosis. This may also lead to cardiac tamponade if the catheter becomes 

adhered to the heart wall during the process and causes rupture during manual removal. 
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A constant voltage source will prevent this "runaway effect". As the impedance 

increases, the current will decrease leading to decreases in power delivery thereby helping 

to reduce rapid coagulum formation. 

Another problem with current devices is that they produce a moderately to highly 

distorted sinusoidal waveform. This waveform has low frequency spectral energy that 

could potentially cause stimulation of myocardial cell. Additionally, it is more difficult to 

characterize tissue from a frequency versus impedance perspective if a pure sine wave is 

not used. Lastly, higher frequency harmonics are also produced which may result in 

power losses through capacitive coupling and the inductive impedances of the catheter 

and interconnecting cables. This will lead to errors in the amount of energy thought to be 

delivered to the tissue. 

Due to these limitations it was determined that a constant voltage, wideband 

amplifier would be most desired. The device would need to be able to deliver 40 Watts 

RMS into a 120n. This is typically the largest impedance driven with conventional 

catheters. This leads to an output of: 

V2 
P = - --> V =.J PR = .J120*40 = 69Vrms. 

R 

Peak voltage is 

J2 * Vrms = 98Vpk 
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The amplifier would need to operate well above the frequency threshold for 

stimulating myocardial cells that could lead to possible fibrillation. Unfortunately there is 

a lack of information regarding the stimulation current versus frequency in the heart. In 

other muscles it is known to follow a log-linear shape. Therefor, an arbitrary value of 

400Khz was chosen because this frequency has been used in commercial electrosurgery 

units without apparent complication due to myocardial stimulation. It is of additional 

concern to measure the electrical tissue characteristics at frequencies ranging from 20Khz 

up to the ablation frequency of 400Khz. This will be accomplished by injecting a low 

level (up to lOY RMS) sine wave and measuring the impedance. (This low level signal 

has been found to be below the threshold of stimulation in our previous investigations -

unpublished data.) This additional requirement precludes the use of a high power 

oscillator that would be simpler to design and construct. Therefore the bandwidth of the 

amplifier is set at 20Khz to 400Khz. Passband flatness is not a major consideration and 

is set at no more than 6dB variation. 

Load impedance of the electrode is a function of both the intrinsic conductivity of 

the blood and tissue as well as the contact impedance of the electrode, which will 

decrease as the electrode surface area increases. In our previous work in both canine and 

human tissues we have demonstrated that the lowest impedance typically seen with a 

single electrode is 80n [unpublished material]. To insure an adequate safety margin, the 

amplifier will be specified to deliver an undistorted sine wave into 50n. For patient 

safety short circuit protection limiting the current as well as output capacitive coupling to 
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prevent delivery of direct current (DC) will be implemented. The final specifications may 

be summarized as follows: 

Voltage Peak - 95V 

Current Peak - I.5A 

Minimum Load - 50n 

Bandwidth - 20-400Khz ± 6dB 

Output Impedance < In 

Several initial designs were tried before finalizing on the one that follows. The 

final circuit is given in Fig. 2.1 a,b and is described as follows. An EXXAR 2206 

(EXXAR Semiconductor) Function Generator chip was chosen to provide the sine wave 

output. This chip is the major component of many low-end commercial function 

generators and is ideally suited for this application for the following reasons. It produces 

low distortion «1 %) sine, square and triangle waves. Additionally, it provides for 

amplitude and frequency modulation via a DC bias applied to two separate pins. This 

will allow for remote (i.e. computer) control of both amplitude and frequency. 

This stage is followed by a preamplification stage consisting of an op-amp (LF356 

National Semiconductor, Mt. Prospect, 11.) in the non-inverting configuration. This 

amplifier is set for a gain of 2 and has sufficient bandwidth and slew rate to amplify the 

signal from the EXXAR chip. The output from the preamp is AC coupled to the input of 

the main amplifier. This consists of two stages: a voltage amplifier and a current 

amplifier. Voltage amplification is provided by an APEX PA85 (Apex Microtech, 
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Tucson, AZ), a high voltage, high bandwidth op-amp capable of providing 200ma current 

at +/- 250V with a full power bandwidth of 500Khz. An op-amp such as this has many 

advantages over a discrete design (which was initially successfully implemented). Firstly, 

transistor component values may be more closely matched. Second, temperature 

variations will be more uniform across the op-amp as opposed to a discrete 

implementation. Lastly, the device met all specifications required thereby shortening 

final design time significantly. 

The output of the PA85 fed a Vbe multiplier that provides gate bias to a class AB 

MOSFET current amplification output stage. This configuration was chosen to reduce 

the output distortion in the class B stage while preventing the high quiescent power 

dissipation present in the class A output stage. The gate bias was set to result in a 

quiescent current of lOOmA in the Nand P channel MOSFETS (IRF 232 and 9232 

respectively). The final design of the amplifier exceeded all the previous specifications. 
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2.2 Software Design/Computer Control 

The RF generator was designed for computer control from the outset. This allows 

flexibility in changing the operating parameters as well as storage and later analysis of 

ablation data. 
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At the time of this writing Microsoft Windows 3.1 is a graphical operating 

environment that runs on top of DOS. It offers significant advantages over strictly DOS 

based control programs. It offers true multitasking that allows several operations to be 

time sliced by the CPU, therefor allowing several applications to run concurrently. 

Windows allows accessing of up to 16MBytes of memory, permitting manipulation of 

large data sets. Finally, it is a graphical user interface (GUI) which offers an easy to use 

environment and display of data. It was for these reasons that Windows 3.1 was chosen 

as the environment to control the RF ablation system. 

Microsoft Visual Basic (VB) was used to write the actual control code. VB 

permits easy development of Windows based programs and is ideal for instrumentation 

control. The functions of the control program are to: 

1) Prompt the user or clinician for a unique file name to store the experimental data. At 

each test, the file name would be automatically incremented and each data set stored in a 

file. 

2) Allow user to choose between several modes of operation. These are 

a) Constant Voltage 

b) Constant Power 



c) Constant Temperature 

3) Set time of duration for ablation 

4) Upon start of ablation, a graphical representation of measured current and voltage is 

displayed as well as calculated power and impedance. 
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5) Automatic emergency cutoff is provided in the event it is needed. Additionally, if the 

impedance rises above a user preset value, the generator will automatically cutoff. 

6) Impedance vs. frequency sweeping is provided for frequencies ranging from 20Khz-

420Khz. 

7) High quality printout of all data runs is possible. 

An example of the control screen is presented below in Fig. 2.2. 



Figure 2.2 • Computer screen showing main control panel for 
computer control of ablation system. 

The constant power and constant temperature modes were implemented in 

software using a proportional integral derivative (PID) control scheme. This is 

represented below in the discrete time equivalent [Katsuhiko 1987]. 

43 
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m(kT) = K{e(KT) +2:. t e((h-l)T)+e(hT) + ~[e(kT)-e((K -l)T)]} 
7; h=1 2 T 

Where: 

m(kT) = Control output deviation 

K = Proportional gain 

Ti = Integral Time 

T d = Derivative Time 

Values for the above parameters were obtained using standard step-response techniques. 

This system was used for all the following experiments involving RF ablation. 
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CHAPTER 3 

DEVELOPMENT OF THERMAL MODELS 

3.1 Development of Model 

Radio frequency ablation of tissue causes lesions predominantly through thermal 

injury. To understand these effects, one needs to know the temperature within the tissue 

during ablation. Power distribution, tissuelbloodlcatheter thermal properties and duration 

of delivery are the key determinants of the temperature distribution and the resulting 

thermal damage. Therefore, appropriate modeling of these effects should give insight as 

to the best energy delivery method and the delivery parameters. Several models have 

been developed in attempt to give a better understanding. 

Haines et al. (1989, 1990) developed a thermodynamic model to describe the 

steady state radial temperature gradient during radiofrequency heating of a hemispherical 

electrode in contact with perfused and superfused myocardium. He based his model on 

the concept of a constant temperature source or constant electrode-tissue temperature to 

derive the following relationship: :Ii = t- T where fi is the electrode radius, to is the 
r tt,-T 

electrode-tissue interface temperature, and T is the tissue ambient temperature. In this 

model thermal conductivity cancels in the deriving equations and therefore does not play 

a role in the relationship. Furthermore, Haines lumped all perfusion effects into the 

conductivity term thereby allowing those effects to "drop out" as well. The model is 
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appealing in its simplicity and yielded good correlation between theoretical and 

experimental values. This study however does not investigate the transient or time 

dependent behavior of the temperature gradients that may be as, or even more important 

than, the steady state situation. Furthermore, Haines model does not lend itself to 

extension to a transient solution as the fundamental principles it is based on assume a 

steady state. Lastly, this model assumes a hemispherical model and does not allow 

prediction of temperatures with other electrode geometries or with multipolar electrodes. 

Shitzer( 1985) developed an analytical model to investigate electrocoagulation 

using a completely embedded spherical electrode. Unlike Haines model Shitzer did 

include the effects of perfusion on the tissue. Furthermore, he investigated the steady 

state as well as transient effects of electrocoagulation. Unfortunately, his model is too 

simple in that it does not allow for the convective cooling effects inside the chamber of 

the heart. There is also no method for extending this model to include geometries other 

than completely imbedded spherical electrodes; a situation not found in catheter ablation 

techniques. 

I chose to develop a model based on the Bioheat transfer equation (BHTE) 

proposed by Pennes(1948). The Bioheat transfer equation is a parabolic partial 

differential equation describing the effects of tissue conductivity, perfusion, convection, 

and applied input power on temperature in a temporally and spatially varying field. It is 

essentially a variation on the standard heat transfer equation with an additional term that 



represents the effects of perfusion; the perfusion is a lumped scalar quantity that 

represents a heat sink. This equation is represented as: 

dT \72 
pc, - = kv T-whc,T+q 

dt 

T == Time dependent temperature (C) 

. . 3 
P == tIssue densIty (kg/m ) 

c, == specific heat of tissue (J/kg/C) 

ch == specific heat of blood (J/Kg/C) 

k == thermal conductivity of tissue (W/rn/C) 

wh == blood perfusion (kg/m
3
/s) 

3 
q == power deposition (W 1m ) 

t == time(sec) 

(3.1) 

As mentioned above, the BHTE describes the effects of conduction, convection 

and perfusion on the temperature field distribution within tissue. These effects all 

describe mechanisms in which heat is transferred from a region of high temperature to 

one of low temperature. The first of these mechanisms is conduction, which in solid 

tissues is due to diffusion of free electrons and vibrational motion of lattices. It is best 
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thought of as a diffusion process with the rate of heat flux proportional to the temperature 

difference between the two regions, the cross-sectional area of the tissue (in the normal 
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direction), and a proportionality constant K known as "thermal conductivity" with typical 

units of W/m K. The equation is often written in differential form as 

dT 
q=-x:-

dr 

where q = Heat transfer rate (Watts) 

T = Temperature (oq 

r = Radius 

and is known as Fourier's law of conduction. 

While conduction requires two contacting systems, radiation does not. Thermal 

energy is emitted from the surface of a solid as electromagnetic waves and is proportional 

to the 4th power of temperature. Radiation does not playa significant role in RF ablation 

and will not be discussed further except in the measurement of temperature by infra-red 

camera. Convection is the process by which heat is removed by the bulk movement of a 

fluid and is the most important mechanism of heat transfer between a solid and fluid in 

motion. This process is often described by Newton's law of cooling 

q = h(~T) 

where Iz represents the convection heat transfer coefficient. Blood perfusion is one 

process by which heat is removed from one local tissue region to another. It is due to 

blood flow through vessels, primarily capillaries and is often modeled as a convective 

process with the following equation: 

q = pwc(T art - T) 
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where 

Tart = Arterial temperature (OC) 

While analytical solutions to the bioheat equation have been found for very simple 

geometries, none exist for more complex situations-those found inside the human heart 

for instance. For this reason, a numerical solution to the bioheat equation was sought. A 

finite differencing approach was used to solve this equation in a 3-dimensional cylindrical 

coordinate system with rotational invariance. The absence of rotational variance implies 

that there is no lateral heat or power "flow". With this restriction the problem is 

essentially reduced to a 2-dimensional one while yielding 3-dimensional (3-D) 

information. This may be achieved by restricting the geometry of the electrode so that it 

is rotationally symmetric about the z axis. Fig. 3.1 illustrates the geometry of the 

problem. 



theta 

z 

Figure 3.1 illustration of cylindrical geometry used for numerical 
modeling of BHTE. "r" represents the radial direction while "z" is 
the depth into the tissue. This model assumes a rotational symmetry 
about the z axis or constant theta. 

With this geometry the bioheat equation may be rewritten, with its spatial and time 

dependencies, as: 

t72T( ) q(z, r, t) _ ill hCh [T( ) _ T ] = 1 aT(z, r, t) 
v z, r, t + z, r, t a ]:. :l 

k k ~ dt 
(3.2) 
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with the additional terms defined as: 

~ =.!.. aThermal diffusivity of tissue 
pc 

Ta = ambient temperature(C) 

Cardiac tissue, being composed primarily of water as most body tissues are, has 
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thermal properties very close to that of water. The values used for the thermal constants 

are given as: 

. Tissue Blood . . Clltli,eter Elel:trode 
., 

, 

c( joules J 3.930 4.18 0.133 

gm-OC 

P(n~:3 ) 1.0XlO-J 1.0XlO-J 21.0 

k( watts ) 5.4XlO-4 5.2XlO-4 73 
mm-oC 

Table 3.1· Thermal constants used for computer simulations. 

Equation 3.2 may be further simplified by defining P = ox!> for all interior points. 
k 

Furthermore, 1'" is set to zero initially and is later restored to its actual value before 

plotting data. Writing V 2T in cylindrical coordinates yields: 

n2r _ (J2I; 1 CJI; 1 (J2I; (J2I; 
v , --;-:;-+--;-+-? -a 2 + :\..2 

ar- r ar r- (J u(. 

(3.3) 
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By defining the geometry to be independent of e, as described previously, the third term 

on the right hand side of the equation becomes zero. This leaves the conduction term of 

the bioheat equation as: 

(3.4) 

Finally the simplified bioheat equation may be written as: 

V2T( ) q(z,r,t) _ PTe ) = 1 dT(z,r,t) T . B· hE· (35) z,r,t + k z,r,t g at ranSlent 10 eat quatlOn . 

The above equation is referred to as the transient or time dependent version of the bioheat 

equation. By simply setting the time dependent term to zero (Le. ~ (z,r,t) = 0) one 

obtains the steady state representation of the bioheat equation: 

V 2T(z,r,t) + q(z,r,t) PT(Z,r,t) = 0 
k 

Steady State Bioheat Equation 

3.2 Finite Difference Approximation to Bioheat Transfer Equation 

3.2.1 Transient Solution 

Finite differencing is a numerical technique that allows reduction of the 

(3.6) 

derivatives of an equation to a simpler discrete form readily solvable by today's high 

speed computers. Assuming a function U and its derivatives are continuous, single 

valued and finite functions of x, then through use of Tay lor's theorem: 
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(3.7) 

1 1 
U(x - &) = U(x) - &U'(x) +-&2U"(X) _-&3U"'(X)+ ... 

2 6 
(3.8) 

where & is the nodal spacing. Adding Eqns. 3.7 and 3.8 yields 

U(x + &)+U(x - &) = 2U(x)+ &2U"(X)+ 0(&4) (3.9) 

where 0(&4) reflect terms containing & to the fourth and higher powers that are 

assumed to be negligible in comparison with the lower powers of &. It follows then, 

from rearranging Eqn. 3.9, that: 

U"(x) = (d2~ )::::: ~{U(x+ &)-U(x- &)}. 
dx & 

(3.10) 

This equation has an error of order &2. Subtracting Eqn. 3.8 from 3.7 and neglecting all 

terms with power greater than three yields: 

U'(x) = (dU )::::: _1_{U(x + &)- U(x - &)} 
dx 2& 

(3.11) 

with an error on the order of &. 

From a geometrical point (Fig. 3.2) this equation approximates the slope of the curve at 

point S by the slope of the chord PQ and is referred to as the central-difference 

approximation. 



U(x) 

p 

x-.1X x x+.1X 

Figure 3.2 Graph illustrating the approximation of the derivative of 
the curve at point S by the chord PQ. From this graph central, 
forward and backward difference approximations may be 
demonstrated. 

Other approximations may be made by using the slope of the chord PS or SQ. 

These are referred to as the backward difference and forward difference methods 

respectively and are given in equation form as: 
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U'(x):::;: _1 {U(x + Llx)- U(x)} 
Llx 

Forward Difference (3.12) 

U'(x):::;: _1 {U(x)-U(x - Llx)} 
Llx 

Backward Difference (3.13) 

Equns. 3.12 and 3.13 may be written directly from Eqns. 3.7 and 3.8 respectively 

if one ignores second and higher order terms of Llx. Unfortunately, the disadvantage of 

the forward and backward difference techniques is that the error is proportional to O(Llx) 

and not to the square of the term as in the central difference method. Consequently, the 
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errors in the central difference method decrease much more rapidly with decrease in the 

nodal spacing than the other methods. 

Decreasing the nodal spacing is one way of decreasing the error between the 

numerical solution and the true value of the bioheat equation. The consequence of this is 

to increase the time needed to compute the solution as well as the array size. Usually a 

tradeoff is reached in which the investigator first defines an acceptable error. The nodal 

spacing is then set at a very low value to insure that this level of error will not be 

exceeded and the solution is calculated. Finally, the nodal spacing is gradually increased 

until the error level is reached. This value is used for all subsequent trials. This method 

will only work for those situations in which an exact solution is known - usually from an 

analytical solution to an equation. In this case, with no known analytical solution to the 

problem, another method is used. The nodal distance is set very high and the solution is 

calculated. The nodal distance is then gradually decreased and the solution compared to 

the previous solution until there is minimal change in the solution. At this point the 

errors are assumed to be negligible. 

The finite differencing techniques are now applied to the transient bioheat 

equation. The first and second order derivative are replaced by their finite difference 

equivalents. The conduction term may be treated term by term as shown: 

(3.14) 
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V 2T = T,[i,j + l,k]+ T,[i,j -1,k]-2T,[i, j,k] + T,[i,j + l,k]- T,[i, j -1,k] 
, tl2 r2tl 

T, [i + l,j,k]+ T,[i -1,j,k]- 2T,[i,j,k] 
+ tl2 

(3.15) 

The nodal spacing has been defined as tl with tl = tlr = & .The variables i, j, and k are 

defined from: 

Zi = itl (i=0,1,2, ... ) Depth 

(j=o, 1 ,2, ... ) Radial Distance 

tk = ktlt (k=0,1,2, ... ) Time 

Simplification of the above equation results from combining terms: 

V2T, = ~{T, [i + 1, j,k]+ T, [i -1, j,k]+(1 +~)T, [i,j + l,k] 
tl 2r 

+(1-~)T, [i,j -1,k]- 4T, [i, j,k]) 
2r 

(3.16) 

Using the central difference approximation for ::; results in: 

aT, = _1_[T,(i,j,k + 1)-T,(i,j,k -1)] 
at 2tlt 

(3.17) 

Furthermore, defining R" = 1 + ~ and R; = 1-~ and substituting the above finite 
2r 2r 

difference representation for V2T, into the bioheat equation yields the following: 

aT, = _1_ [T,(i, j, k + 1) - T,(i, j, k -1)] 
at 2tlt 

= ~ {R"T,[i, j + 1, k] + R;T,[i, j -1, k]+ T,[i + 1, j, k] 
!Y. 

+T,[i-l,j,k]-(4+tl2p)T,[i,j,k]+ tl
2 

q[i,j,k]} 
k 

(j~0) (3.18) 
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This finite difference approximation does not apply at the radial nodes 0=0) because 

R"and R; are not defined as r -70. One method to solve for the axial nodes is to do it in 

a rectangular coordinate system. Using this approach, the finite difference approximation 

for axial nodes becomes: 

aT, =_l_[T,(i,j,k+l)-T,(i,j,k-l)] 
at 2/).t (j = 0) 

= ;2 {T,[i,l,k]+T,[i+l,0,k]+T,[i-l,0,k]-(6+/).2p)T,[i,0,k]+ ~ q[i,O,k]} 

The above two equations represent the finite difference approximations for the bioheat 

equation for off-axis and on-axis nodes respectively. 

As mentioned previously, the finite difference approximation of the first order 

derivative of temperature with respect to time is first order accurate in time while the 

second order derivatives representing the conduction terms are second order accurate in 

space. This implies that one generally has to take /).t much smaller than /). to obtain the 

desired accuracy-usually by a factor of at least 5 [Press et al. 1988]. One method to 

overcome this is to use a finite difference approximation that has a higher order accuracy 

in time. The fourth-order Runge-Kutta method is one way to accomplish this. It involves 

evaluating the derivative four times: once at the initial point, twice at trial midpoints, and 

once at a trial endpoint. From these derivatives, the value of the final function is 

calculated. In equation form [Press et al. 1988]: 



Runge-Kutta Method 

I( = ~if'[T,] 

12 = ~if'[T, +i] 
2 

~ = ~if'[T, + ~] 

14 = ~if'[T, + ~] 
2 

T[i,j,k+ 1] = T, +i+!.L+~+ 14 +O(~t5) 
6 3 3 6 
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The development of the preceding finite difference approximations to the bioheat 

equation is referred to as an explicit scheme. This means that each step in the 

temperature distribution, both in time and space, can be calculated explicitly from the 

values that are already known. Before the start of each calculation, the temperature in the 

tissue is assumed to be constant. The material properties are assumed to be uniform, 

isotropic and time-invariant. The power distribution, however, may vary with time as 

well as space such as pulsing on and off or feedback control of the RF energy. The 

calculation is then started and repeated until the end of the power delivery and cooling 

phase of the ablation. 

A stability check is applied to ensure that the time step chosen for the prescribed 

grid spacing is not so large as to result in an unstable solution. A standard Von Neuman 

analysis was performed on the BHTE that resulted in the following criterion for the time 

step: 
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Unfortunately for the inhomogeneous case, which will be discussed later, the influence of 

the high thermal conductivity in the metal catheter tip necessitates time steps < 10 

microseconds for grid spacing ofO.lmm. Simulation of the transient BHTE typically 

required one to several weeks of CPU time on a 80486 based computer. This was 

reduced by a factor of 5 on a Pentium system. 

3.2.2 Steady State Solution 

The steady state or time invariant solution of the bioheat equation represents the 

temperature distribution in tissue at a time t ~ 00. It is commonly categorized as an 

elliptic partial differential equation and is of the form when a;; = o. 

V 2T(z,r,t)+ q(Z,r,t) - PT(Z,r,t) = 0 
k 

(3.19) 

Applying the same finite differencing techniques to this form yields the following 

approximation for non axial nodes: 

(Please note - the symbol that appears after the i as in T[i+1... is in error. It is caused by 

the equation editor.) 

RoT, [i, j + 1]+ R;T, [i, j -1]+ T, [il+ 1, j]+ T, [i -l,j] - (4+ ~2 P)T, [i, i]+ ~2 q[i, j] = 0 

Solving for T, [i, j]: 
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T, [i, j] = 1 2 {RoT, [i, j + 1] + R;T, [i, j -1] + T, [il+ 1, j] + T, [i -1, j] + tl,2 q[i, j]} 
(4+8 P) k 

for (j -:f:. 0) (3.20) 

For the on-axis nodes: 

T,[i,0] = 1 2 {4T,[i,I]+T,[iI+l,0]+T,[i-l,0]+ tl,2 q[i,O]} 
(6+8 P) k 

for (j = 0) (3.21) 

Solving the finite difference Eqns. 3.20 and 3.21 may be performed in an iterative 

fashion until the solution converges. This is referred to as the Jacobi method and, while 

capable of yielding accurate results, requires many iterations to converge. One method to 

improve the rate of convergence is to use the Gauss-Seidal method. This may be 

implemented by first rewriting equations 3.20 and 3.21 to include the rth iteration step. 

For example, equation 3.20 would be written as: 

T,'[i,j]= 12 {RoT',[i,j+ 1]+ R;T',[i,j-l]+ T',[iH-l,j]+ T',[i-l,j] 
(4+ tl, P) 

tl, 
2 

[ . ']} + -q l,J 
k 

(3.22) 

The Gauss-Seidel method uses the previously calculated nodal values to update the 

current node. This is written as: 

T,'[i,j]= 12 {RoT',[i,j+ 1]+ R;T,-I,[i,j-l]+ T',[iH-l,j]+ T,-I,[i-l,j] 
(4+ tl, P) (3.23) 

tl, 
2 

[ . ']} + -q l,J 
k 

The advantage to this method is that it is actually easier to program than the 

Jacobi method and requires less storage space. Additionally, it is exactly twice as fast in 
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the rate of convergence as the Jacobi method. Unfortunately it is still too slow for large 

problems. 

One method used to obtain a dramatic increase in the rate of convergence is the 

successive overrelaxation method (SOR). This method uses an overcorrection to the 

value of I;'[i, j] at the rth iteration, thereby anticipating future corrections. For Eqn. 3.20 

the SOR method is given by: 

~'[i,j] = m 

12 {R"T',[i,j+l]+R;T',[i,j-l]+T',[i+l,j] 
(4+ ~ P) 

+T',[i-l,j]+ ~2 q[i,j] 
k 

+(1- m) * ~'-I [i,j] 

(3.24) 

where co=overrelaxation parameter and 1<00<2. If 00=1 the equation becomes the Guass-

Seidel method. For small problems the convergence rate is relatively insensitive to the 

value of co. However, as the grid sizes become larger, proper choice of co is important as 

the solution becomes very sensitive to small changes. The improvements in convergence 

speed are impressive and an example is given in Fig. 3.3. 
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Figure 3.3 Chart demonstrating the effects of omega(ro) on the 
convergence of the finite difference equations. The maximum 

number of iterations, 7966, occurred at 00= 1 (degenerates to Guass

Seidel method). The minimum occurred at 00=1.975 and required 
only 368 iterations, an increase of over 21 times in speed of 
convergence. 

The SOR calculation process for the steady state finite difference approximation 

proceeds in an iterative fashion until the solution for the temperature distribution 

stabilizes. The termination point of the iterative process is reached when the residual is 

less than lXlO-6. The residual is defined as: 
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R 'd I 1 {R r' [.. 1] R T' [.. 1] T' [. 1'] T' [. 1'] tJ.2 q[i, j] eSl ua == ? "I I,} + + j I I,} - + I I + ,} + I 1 - ,} + 
(4 + tJ.- P) k 

(3.25) 

Obviously, the same restrictions on material properties apply as in the transient 

solution. Additionally, there is an additional power distribution restriction in that the 
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power is assumed to be non-varying during the ablation; there is no cooling phase. The 

steady state form is useful in testing the accuracy of the transient solution. Under the 

same power delivery circumstances, the solutions to the two forms should give the same 

results if the transient solution is solved for a very time (Le. as t --7 00). Additionally, the 

steady state solution is useful when the time dependent behavior of the system is not 

required. 

3.3 Finite Difference Approximation to BHTE with Variable Conductivity 

The BHTE previously developed works well for domains that have homogenous 

or non-varying thermal conductivity. However, it does not handle variable conductivity 

situations such as those commonly encountered during RF ablation. Two of these 

situations include the effect of a temperature dependent myocardial thermal conductivity 

and the influence of the ablation electrode on thermal transport. With this in mind, the 

standard BHTE will be extended to include variable conductivity. 

The standard BHTE with constant k is written as: 

kt72T()) dT(z, r, t) 
v Z,r,t + q(Z,r,t - wc,T(z,r,t)= pc, at 

(3.26) 

Rewriting the equation with variable conductivity yields: 
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() 
CJT(z,r,t) 

'V. k(z,r,t)'VT(z,r,t) +q(Z,r,t)-(i)CtT(z,r,t) = pCt at (3.27) 

Solving for the steady state condition implies that the term on the right hand side of the 

equation equals zero. 

Only the first term in the equation will be handled differently than the standard BHTE. 

Expanding the first term in cylindrical coordinates yields: 

( ) 
1 a { CJT(z,r)} 1 a CJT(z,r) a CJT(z,r) 

V· k(z,r)'VT(z,r) = -; ar k(Z,r)r ar +-; ae k(Z,r) ae + az k(Z,r) az 

(3.28) 

Assuming rotational symmetry implies that the second term equals zero. Initially, I 

attempted to finite difference (FD) the first term by using the chain rule: 

a aw av au 
-(uvw)= uv-+ uw-+ vw
ax ax ax ax 

This leads to an expansion the first term into: 

(3.29) 

.!.~ CJT(z,r) _.!.[ a
2
T(z,r) CJT(z,r) ak(z,r) CJT(z,r) * ] 

a k(Z,r)r a - rk(z,r) a 2 + r a a + k(Z,r) a 1 
rr r r r r r r 

a 2T(z,r) CJT(z,r) ak(z,r) k(z,r) CJT(z,r) 
= k(z,r) ar2 + ar ar + r ar 

(3.30) 
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Equation 3.30 could then be finite differenced in a conventional way. Unfortunately, this 

method leads to an unstable solution. It was discovered that in order to maintain 

J 

conservation of energy within the PDE, it would have to be FD intact. Therefore, finite 

differencing the first term directly leads to: 

1 a dT(z,r) 1 [ (.1 I a ) (.1 I a ) ] --k(z r)r =-- k r+- - -k r---
rar' ar .1*r i.j+~ 1 2 dTi.)+~ i.)-~ 1 2 dTi.)_~ 

1 [ (.1 17;.)+1 -7;.) ) (.1 17;·)+1 -7;.) J~ =-- k r+- -k r--
A * . '+ 1/ 1 2 A . • II 1 2 A L.l r I.) 12 L.l ")-/2 L.l 

(3.31) 

k represents the value of the thermal conductivity between two nodal points. 
i.)+~ 

Typically it is represented as the geometric mean of these nodal values: 

k. '+1 + k .. k = I.) I.j 

.. 1/ 2 I.j+ /2 

However, Patanker (1980) showed that a better representation is the harmonic mean of 

the nodal points: 

2(k. '+1 * k . . ) k = I.j I.j 

i.)+~ k * k - i.)+1 i.) 

(3.32) 

Equation 3.32 is essentially a summation of the thermal resistances. 

Finite difference approximations to the above terms are shown below. The last term in 

Eqn. 3.28 may be handled similarly: 
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(3.33) 

Combining the terms in Eqns. 3.31, 3.32 and 3.33 yields: 

( ) 
1 a dT(z,r) a dT(z,r) 

V· kVT(z,r,t) = -;: ar k(z,r)r ar + az k(Z,r) az 
1 r (~I7;·j+1 -7;,j J (~I7;,j+1 -7;,j J~ =-lk r,+- -k r,-- II 

~ * r ;.j+~ 1 2 ~ ;,j-~ 1 2 ~ U 

k II [T, I 0 - T, 0] - k I/[T, 0 - T, I 0] ;+ /2,j 1+ ,j I,j ;-/2 I,j 1- ,j 

+ ~2 

(3.34) 

So, the final steady state BHTE in cylindrical coordinates with rotational symmetry is: 

V . (k(z,r,t)VT(z,r,t»)+q(z,r,t)-coc,T(z,r,t) = 0 

= _1 [k 0 0 (r. + ~)( I;,j+1 - I;,j ) _ k 0 0 (ro _ ~)( I;,j+1 - I;.j )] 
~*r I,j+~ 1 2 ~ I.j-~ 1 2 ~ 

k 1/ [T I 0 - To] - k 1/ [T 0 - T I 0] ;+ 72. j t+.j I,j ;-72 I.j 1- .j • • 

+ - ~2 +q;.j+COC,Tl,j 

(3.35) 
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Solving for Ti,j yields: 

1';,j = 1. [1';,j+1 (k i ,j+Ji2 + (:, ) * ki ,j+Ji2 ) + 1';,j-1 (k i,j-Y2 - (:, ) * ki ,j-Y2)] (3.36) 

denolTIlnator * * 2 +1';+1)' k. 1/ . + 1';-1)' k. J/ . + qi jl1 , 1+ 72') , 1-72') , 

where: 

denominator = k. 1/ . + k. 1/ . + k. . J/ + k. . J/ + (~)(k.. 1/ - k. . 1/) + 112 ax:, 
1+ 72') 1-/2') 1,)+ 72 1,)-72 2r 1,)+ 72 ")-72 

The transient solution follows similarly from the above derivation and may be solved in 

the same fashion as the homogenous solution discussed before. 

3.4 Modeling of Blood Flow in Cardiac Chamber 

During RF catheter ablation, the catheter is positioned within the cardiac chamber 

with the electrodes partially in contact with tissue and partially in contact with the 

flowing blood pool. The blood flow may cause significant heat to be transferred from the 

tissue to the blood through convective heat loss. This heat loss may occur through either 

convective losses from the tissue directly to the blood or from heat conduction from the 

tissue to the metal catheter and then convective losses from the catheter to the blood. 

Convective losses may be modeled using two methods. 
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One method, and certainly the most accurate, is to define the convective losses in the 

BHTE as: 

where u is the velocity vector and the other variables and constants are defined as before. 

The difficulty in implementing this form of the BHTE is that the velocity vector within 

the heart chamber varies considerably in both time and space. In addition, the flow in the 

heart has both laminar and turbulent components. This contrasts with blood vessels 

elsewhere in the body that demonstrate measurable, laminar flow properties. 

Consequently, solving the BHTE in this form is a considerable effort and was not 

attempted. 

We instead will assume use the average values for the velocity of blood within the 

heart to solve for the convective heat transfer coefficients across the blood-tissue and 

catheter-blood interfaces. We also assume that the blood can be considered completely 

mixed always. In other words, we will assume that the blood pool is at a constant 37°C. 

Any heat that is transferred from the tissue or electrode is immediately transferred to and 

equilibrated with the surrounding large volume of blood. 

This simplification allowed us to define the convective heat flow across the 

boundaries as: 

(3.37) 
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A boundary condition is obtained by setting this convective heat flow at the tissue-blood 

and catheter-blood interfaces equal to the conductive heat flow at that interface. In the z 

direction the finite difference representation of this boundary condition at steady state is: 

k I.j r+ .j = h t - f . 
(

t .. -t. I') ( ) 
!J. "t.j 

(3.38) 

while in the r direction the boundary condition is: 

(3.39) 

where f" is the blood temperature and is set to 37C. 

The values used for the convective heat transfer coefficient will be discussed in 

Chapter 5. 

3.5 Modeling of Thermal Damage to Myocardial Tissue 

One of the central issues in myocardial ablation deals with the "critical 

temperature" required to produce a lesion. Haines et al. (1989, 1990) has proposed a 

single temperature (48°C) or a small range of temperatures as a threshold for cellular 

death of myocardial tissue. These temperatures are time invariant functions. Other 

researchers have proposed more elaborate relationships in which there is a time-

temperature dependent cell killing. Gerner (1987) has proposed that there is a time-

temperature product that is predictive of cell killing. Three mechanisms to explain 



thermal injury include: 1) thermal denaturation of proteins, 2) changes in kinetics of 

metabolic processes and 3) non-protein induced changes in the cell such as metabolite 

diffusion. 

The method used in this model is a concept base on thermal dose and was 

proposed by Sapareto and Dewey (1984). Thermal dose gives a value in equivalent 

minutes at a reference temperature for a given time-temperature relationship. It was 

chosen due to its simplicity in programming and its excellent agreement with 

experimental data [Damianou, Hynynen, 1993]. This model is based on the time

temperature thermal activation of cells given by: 
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(3.40) 

Where: 

t = time (seconds) 

T = absolute temperature 

R = function of activation energy 

= 0.5 for T > 43°C 

= 0.25 for T < 43°C 

The thermal dose is then calculated by summing over the (r,z,t) domain: 

t
43 

(r, z) = I R(43-T<r.z.l» /),t I (3.41) 



where: 

t43(r,z) = thermal dose of 43°C equivalent minutes 

T(r,z,t) = average temperature(OC) at (r,z) at time step ~t(s) 

For these studies, a thermal dose value of 240 minutes at 43.0°C was considered 

sufficient to produce irreversible myocardial tissue damage [Meshorer, et. aI. 1983] 

[Martinez, et. aI., 1983]. 

71 

While the concept of thermal dose as a quantitative indicator of cell death is based 

on a larger body of work than a single temperature value, both measurements will often 

be reported throughout this dissertation. Thermal dose requires analysis of the transient 

solution to the BHTE. This is computationally intensive and, consequently, requires 

several days to weeks to simulate an ablation experiment. The 48°C value, on the other 

hand, is amenable to the steady state solution that completes in minutes to hours on 

present computer systems. Where qualitative comparisons between experimental 

conditions are desired, the 48°C will be used. However, when accuracy is a more 

important factor, thermal dose will be calculated. Finally, this dissertation will not 

attempt to validate the concept of thermal dose in myocardial lesion production. This 

awaits future investigation. 



CHAPTER 4 

DEVELOPMENT OF POWER FIELD MODEL 
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Determination of the temperatures in cardiac tissue requires knowledge of the 

spatial distribution of power density with respect to electrode configuration, distribution 

of tissue and blood resistivity, and applied voltage. To determine the power density 

Q(r,z) in a conductive medium, it is necessary to solve Laplace's equation for the electric 

potential distribution. 

V 2V(r,z) = 0 

The electric field (E(r,z» may be found from the potential distribution. 

E(r,z) =-VV(r,z) 

Finally the power density is calculated as: 

PD(r, z) = IE(r, z)12 
<1 

where cr=electrical conductivity of tissue or blood. 

(4.1) 

(4.2) 

(4.3) 

These equations assume a cylindrical model with constant theta (8), or in other words, 

there is rotational invariance. 

This model also sets limits on the frequency range that may be modeled with the 

Laplace equation. This can be illustrated by the following model. If one assumes a 

rectangular parallelepiped of tissue with electrodes on opposing faces then there will be a 

resistance (R) and capacitance (C) associated with this model. The resistance and 

capacitance may be given as: 
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(4.4) 

where 

E = Dielectric constant (F/cm) = KEo 

K = relative dielectric constant 

-14 
Eo = dielectric constant (vacuum) = 8.85XlO (F/cm) 

a = surface area of electrodes (cm2
) 

d = distance between electrodes (cm) 

P = resistivity (n - cm) 

By modeling our problem with the Laplace equation we are assuming a static model. For 

this to hold true the capacitive component of the current should be less than the resistive 

component of current. In other words, the phase angle should be small. This requires the 

condition that 

1 
R<me 

or substituting in the value from equation (4.4) yields the condition: 

pE{J)<l 

(4.5) 

(4.6) 

Problems arise in calculating this inequality in that the values for p and E vary with 

frequency in biological tissue. However, over the frequency range of interest (i.e. 

200Khz -> 450Khz) there is not much change. The frequency of particular interest is 
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400Khz as this is the frequency used in our modeling and ablation experiments. 

Unfortunately there are no tabulated values for p and E at this specific frequency. Values 

do exist at 100Khz and IMhz and will be used to test the static fields' condition [Schwan 

and Foster], [Stuchly and Stuchly]. 

At IMhz: 

p = 190 n -cm 

K= 2000 (estimated value from skeletal muscle) 

-10 
E = EoK = 1.77XlO F/cm 

This yields: 

pEW = 0.21 

Using values for 100Khz yields very similar result. This lends justification for use of the 

static model. 

Another condition that must be satisfied with regard to the electrode dimensions is that 

the dimensions of the heated tissue are less than the wavelength. The wavelength(A,) in a 

dielectric medium such as tissue is given by: 

1_~_1f 
I\, - .Jk - .Jk 

= 335cm 

(4.7) 

This is significantly larger than the several millimeter sizes of the electrodes used for 

clinical ablation. 
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4.1 Finite Difference Approximation of Laplace Equation 

Direct analytical solutions to Laplace's equation exist for only a few limited cases. 

It is possible to obtain accurate results to complex geometries and boundary conditions 

using numerical techniques such as finite difference approximations. These techniques 

have been previously described in detail Chapter 3. Fortunately, the finite differencing of 

the Laplace equation has already been accomplished in the BHTE. This is achieved by 

setting all terms to zero except for the Laplacian of the temperature field and then 

substituting potential for temperature. 

The finite difference equations then follow as previously described. For interior points: 

V[i][j]= (V[i- l][j]+ V[i+ l][j]+ R; : V[i][j- 1]+ R" * V[i][j+ 1]) (4.8) 

and for axial points (r=O): 

. . (V[i- l][j]+ V[i+ l][j]+ 4*V[i][j+ 1]) 
V[I][J] = 6 (4.9) 

where: 

Ri = 1 - 0.5/j and Ro = 1 + 0.5/j as before. 

Both the Dirichlet and Neuman conditions may be specified on the boundary and are 

handled similarly to the finite differencing of the BHTE. 

Referring to Fig. 4.1, the following conditions must be met. 



JJ..a = JJ..c 

Ella =Ellc 

Equation 4.10 may be met by requiring: 

(Va - VJ (Vh - VJ 
Po Pc 

Where p = 1/0' = tissue resistivity. 

Solving for boundary potential Vb yields: 

tl _ Pc Y., + PaVe 
Y h -

Pc+ Po 
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(4.10) 

(4.11) 

(4.12) 

(4.13) 

Equation 4.13 also satisfies equation 4.10 for the continuity of parallel electric fields at 

the boundary. This holds true over distances where there is no significant change in the 

magnitude of the normal current. 



Va • 

Tissue a 

O'a E a 
Ella 

Vb --.......... • 
• 

• Ellc 
ere Ee 

Tissue c 

Figure 4.1 illustration of interface between tissues of different 
conductivities and permitivities. Boundary conditions with must be 
met at the interface include continuity of normal currents and 
tangential electric fields. 

As in the BHTE, the finite difference equations for the Laplace equation are run 

iteratively until the solution converges. Convergence is defined as residue < lXlO-6. 
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4.2 Calculation of Electric Field, Power Density and Total Power 

The electric field is calculated from the potentials derived from solving the 

Laplace equation. 

E(r,z) = - VV(r,z) 

Finite difference equations approximating equation 4.14 may be written as: 

~(V[i+ 1][j]- V[i- 1][j]} 
2 + (V[i][j+ 1]- V[i][j- 1])2 

E[i][j]= -'---------2-*-.1--------

The power density Q(r,z) is then calculated as: 

Q[i][j]= IE[i][jt * a[i][j] 

Q[i][j] is then used in the BHTE to solve for the temperature fields. 

The total power in the domain may be determined by integrating the power 

density over the area and multiplying by 21[. This is represented below: 

TOlalPower = 2rr If Qi.jdrdz 

4.3 Analytical Solution to Hemispherical and Cylindrical Electrode 
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(4.14) 

(4.15) 

(4.16) 

While direct analytical solutions to the Laplace equation exist for only a few 

limited cases, these may be used to validate the numerical solution and justify its use for 

inclusion in the BHTE. Two such canonical forms for which direct solutions are known 

are the hemispherical and cylindrical electrodes. These two geometries are appealing due 

to their similarity to the actual catheter electrode configuration. For instance, a typical RF 



ablation catheter may be modeled as a cylindrical electrode with a hemispherical cap. 

(See Fig. 4.5 for photo of typical ablation catheter). 

In the first case the geometry consists of a spherical or hemispherical electrode 

within a lossy medium of conductivity cr (Fig. 4.2). 

Figure 4.2 lllustration of model used for analytical solution to 
spherical electrode. A spherical (or hemispherical) electrode of 

radius a is within a spherical domain of tissue with conductivity cr. 
The electrode has a voltage Vo applied and at r=b the voltage 
V(b)=OV. 
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The boundary conditions are as follows: 

for r=a 

V=O for r=b 

where: 

a == radius of sphere 

b == radius of spherical domain 

Vo == applied voltage 

The power density may be written as [Ziolkowski 1994]: 

Pd = a[~1 b _1 J2(a)4 
a b-a r 

(4.17) 

It is seen that the power density is proportional to radius·4 as expected. 

The power density for a cylindrical electrode is handled in a similar fashion. Fig. 

4.3 illustrates the geometry modeled. It consists of a cylindrical electrode within a lossy 

medium of conductivity cr. 



cr 

V(b) = 0 

r=b 

V(a) =Vo 

Figure 4.3 lllustration of model used for analytical solution to 
cylindrical electrode. A cylindrical electrode of radius a and infinite 

length is within a cylindrical domain of tissue with conductivity cr. 
The electrode has a voltage Va applied and at r=b the voltage 
V(b)=OV. 

The boundary conditions are: 

for r=a 

V=o for r=b 

where: 

a == radius of cylinder 

b == radius of cylindrical domain 

Va == applied voltage 
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Using the above boundary conditions, the power density is found to be [Ziolkowski 

1994]: 

2 
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PD=o (4.18) 

In this equation the power density is proportional to the radius-2 again as expected. 

Equations 4.17 and 4.18 may be used to compare the results with the finite 

difference solutions of the same geometries. 

4.4 Analytical vs. Finite Difference Solution - Spherical and Cylindrical Electrodes 

Fig. 4.4a and 4.4b illustrate the results of modeling the power density distribution 

for a cylindrical and hemispherical electrode. In both instances the size of the electrodes 

and the tissue conductivity were chosen to represent typical values used in ablation. A 

voltage of lOY was applied to each electrode. The radius for both the cylinder and 

hemisphere were 1mm. Incidentally, it should be noted that the peak power density for 

the spherical electrode is significantly larger in magnitude than the cylindrical electrode. 

This point will be returned to later. For now it is seen that the results demonstrate 

excellent agreement between the analog and finite difference solution in both scenarios, 

thereby verifying the finite difference model and justifying its use in the BHTE. 
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4.5 Power Density Simulations of RF Ablation Catheters 
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This section covers the results obtained from the three dimensional axisymmetric 

computer simulations of the RF ablation catheter. These simulations were used to obtain 

the spatial power density (PD) from typical ablation catheters used in clinical practice. 

Fig. 4.5 is a photo of the end of a typical multipolar catheter used in clinical practice. 



elll II I III 
Figure 4.5 Photo of the end of a Webster quadripolar 
electrophysiology catheter with a 4mm distal tip and 2mm ring 
electrodes. 

I 

The objective was to gain a better understanding of the distribution of this power field 

and to use the simulation results to design or optimize the power density profile for 

clinical use. 

4.5.1 Power Density Simulation Single Electrode 

The 3-dimensional axisymmetric program was used to obtain PD distribution 

from the distal tip of a RF ablation catheter. The orientation of the catheter was as 

84 

follows. The simulations were run with a 50J..lm grid size and a domain of 1.25cm in the 

radial direction and 2.00 cm in the axial direction. The catheter was placed in a 
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homogenous lossy medium with a conductivity of O.2S/cm. This is comparable to cardiac 

tissue at 400Khz. This was done to separate any effects of the varying electrical 

conductivity of tissue and blood from impacting on the spatial PD. The catheters were 

driven in a monopolar fashion in which the catheter electrode acts as the active electrode 

and the grounded boundaries simulate the dispersive electrode. Four catheters with 

varying lengths of electrodes were simulated. All had a Imm radius, as well as a Imm 

hemispherical end. The total lengths of the catheter tips were 2mm, 4mm, 6mm and 

lOmm. Proximal to the catheter tip was an insulating plastic material of infinite electrical 

resistivity and having the same radius. Fig. 4.6 and 4.7 illustrate the effects of electrode 

length on the spatial PD. These PD plots are normalized against the peak power density 

present in all four of the catheters. This peak power density always occurred at the edge 

of the catheter. As each catheter was driven with the same voltage, the normalized power 

density may be used to compare the spatial PD distribution from catheter to catheter. 

Slices of the axial and radial PD distributions were obtained and plotted in the insert. 

Lines in the contour plots represent radial and axial slices through the catheter. 
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Figure 4.6 Power density distribution along the axial plane for a) 
2mm and b) 4mm electrode. The electrode was driven at 400Khz 
and the conductivity of the medium was 0.20 S/cm. Each electrode 
has a Imm radius in the radial direction and a Imm hemispherical 
cap. In each plot inset is a graph of PD versus distance from the 
electrode in both the axial and radial directions. The slices taken are 
represented by lines in the contour plot. Due to radial symmetry, 
only one-half of the axial contour plot is shown. 
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Figure 4.7 Power density distribution along the axial plane for a) 6mm and 
b) lOmm electrode. The electrode was driven at 400Khz and the conductivity 
of the medium was O.200S/cm. Each electrode has a Imm radius in the radial 
direction and a Imm hemispherical cap. In each plot inset is a graph of PD 
versus distance from the electrode in both the axial and radial directions. The 
slices taken are represented by lines in the contour plot. Due to radial 
symmetry, only one-half of the axial contour plot is shown. 
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It is noted that the PD profile along the axial direction is the same in all the 

lengths as expected. These distributions follow the radius-4 relation as predicted by the 

analytical relationship given by equation 4.17. The peak PD is approximately 115 that at 

the edge boundary. However, this relationship between the edge value and the peak value 

at the hemispherical tip should only be used as an approximation due to the singularity 

that exists at the edge. As the electrode length is increased from 2mm to 4mm to 6mm 

and finally to lOmm, there is a gradual decrease in the peak power density along the 

radial direction. This reaches a minimum value at the lOmm catheter. At this length the 

radial peak power is approximately 1120 the value at the edge and 114 less than the peak 

PD at the hemispherical cap. Additionally, the profile becomes more typical of the 

radius·
2 

relationship predicted by equation 4.18. At the smaller electrode lengths, the 

profile is much steeper due to the charge crowding introduced by the catheter edge and 

the hemispherical cap. 

The sharp boundary at the edge of the electrode causes a singularity resulting in 

large electric field intensities and therefore large concentrations of power. Several 

methods exist to reduce this edge effect. One method is to use a high resistivity coating 

at the edge to help dissipate the power there. Ideally this coating would have a high 

thermal conductivity to couple any temperature increases in the coating to the electrode 

that acts as a large heat sink to the surrounding blood pool. Figure 4.8 illustrates the 



effect such a coating has on the edge potential. Using a O.lmm layer of a 5000Q-cm 

coating, a reduction of a factor of 3 was seen compared to the non-coated catheter. 
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Figure 4.8 Results of high resistivity coating along edge. 
Power density distribution along the axial plane for a 4mm 
electrode. The electrode was driven at 400Khz and the 
conductivity of the medium was O.200S/cm. Each electrode 
has a Imm radius in the radial direction and a Imm 

hemispherical cap. A O.lmm layer of a 5000Q-cm coating 
was applied to the edge. It extended O.lmm on either side of 
edge. In each plot inset is a graph of PD versus distance from 
the electrode in both the axial and radial directions. The slices 
taken are represented by lines in the contour plot. Due to 
radial symmetry, only one-half of the axial contour plot is 
shown. This figure may be compared with Fig. 4.6 - note 
scale change. 
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4.5.2 Discussion/Significance 

Clinical use of RF catheter ablation dictates that the peak temperatures at the 

electrode interface not exceed 100ce. Since at or above this temperature there is 

formation of a coagulum which raises the surrounding impedance and prevents any more 

power delivery to the tissue. Additionally, the possibilities of thrombus formation as well 

as the adherence of the catheter to the myocardial wall exist under these circumstances. 

Adherence of the catheter would necessitate forceful removal and the potential for tearing 

the tissue. This can lead to cardiac tamponade. Consequently, it is advantageous to keep 

the peak temperatures well below this threshold. 

Several conclusions can be drawn from the preceding results. Firstly, the RF PD 

does not have a relationship of radius·
4 

everywhere along the catheter. It is an 

oversimplification to promote this concept. In actuality, the power density does have this 

relationship along the hemispherical cap as well as over much of the 2mm electrode. 

This is due to the charge crowding from the edge and the hemispherical cap. However, as 

the electrode increases in length, the radial PD begins to approach the radius·
2 

relationship 

predicted by the analytical expression for a cylindrical electrode. Additionally, the peak 

PD is always associated near the edge. Consequently, the peak temperature will always 

occur there (assuming uniform contact of the electrode with the tissue). Also, due to the 

steeper PD profile associated with the hemispherical section, the temperature will 

increase there to a greater extent than at the cylindrical portion of the catheter. It would 

therefore be advantageous to have a catheter that presented a more uniform power density 
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profile. Ideally this profile would represent that of the cylinder and its radius·
2 

relationship. This would permit more power to be delivered before reaching IOOee and 

promote larger lesion formation needed to terminate certain arrhythmias. 
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CHAPTERS 

THERMAL COMPUTER SIMULATION RESULTS 

5.1 Effect of Varying Convective Cooling 

Values for the convective heat transfer coefficient h are not currently published 

for blood flowing in the cardiac chamber and around a catheter during ablation. 

However, considerable research has been performed to determine h with fluids and gasses 

flowing over flat plates and over cylinders in a cross-flow configuration. I chose to 

model the convective losses from the catheter electrodes as a cylinder in cross-flow. 

Additionally, the convective heat losses from the tissue to the blood would be modeled as 

a flat plate. Due to the small scale over which the domain of the problem is defined (i.e. 

2cm diameter cylindrical tissue), these are reasonable assumptions. 

[Zukauskas and Ziugzda] modeled many cylinders in crossflow, as well as 

reviewed the current and past literature on the subject. They fitted this data to the 

following equation: 

Where: 

{ 

P jO.25 
Nu = 0.26 Re 0.6 Pr 0.3 ..!..!.... 

f f f Pr 
IV 

Ref = Reynolds number of fluid 

NUf = Nusselt number of the fluid (blood) 

Prf = Prandtl number of the fluid (blood) 

(5.1) 
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Prw = Prandtl number of the fluid (blood) near the wall of the cylinder (catheter) 

This equation applies to Reynolds's numbers in the range of 1000 to 200,000. The 

following range was used for the Reynolds's number: 

Ref= 630 - 5800 [West, lB. 1985, Shitzer and Eberhart 1985] 

The low end of this range is found in the venae cavae while the high end is present in the 

ascending aorta. The actual values of these numbers for ablation purposes will depend 

on where the catheter is positioned in the heart. 

The other constants used are less variable: 

PrJ = pC,) = (0.035)(4180) = 28.1 [Shitzer and Eberhart 1985] (5.2) 
k 0.52 

Where: 

Jl = dynamic viscosity of blood (37°C) 

C p= specific heat capacity of blood (37°C) 

k = thermal conductivity of blood (37°C) 

The value for Pr is not documented because the values for the viscosity, heat capacity 
w 

and thermal conductivity of blood have not been measured at the typical ablation 

temperatures (50 - 100°C). However, using the values for water, it is found that Prw is 

approximately 2.5 times larger than Prr. As this factor is raised to the 0.25 power, this 

term contributes little to the final value. 

Using the before mentioned values yields a range of Nusselt numbers: 

NUf = 53.7 - 203.6 
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h may then be determined from the non-dimensional Nusselt number as follows: 

(NUt )(kt ) 2 
h = = 13,972-52,930 WIM _DC L = diameter of cylinder = 0.002 meters 

L 

(5.3) 

A large body of work also exists for the determination of the convective heat 

transfer coefficient for flow parallel to a flat surface. [Welty, Wicks, Wilson] reviewed 

this material and presented the following relationships for the Nusselt number for a 

laminar boundary layer as well as a turbulent boundary layer. 

For a laminar boundary layer: 

NUt = 0.664 Re /- Pr/ (5.4) 

While for a turbulent boundary layer: 

NUt = 0.360 Re /l Pr/ (5.5) 

Using these relationships and equation 5.3 yields the following range of values for the 

convective heat transfer coefficient for flow over a flat plate: 

(5.6) 

using L = length of tissue simulated = 0.02 meters 

The effects of varying the convective heat transfer coefficient may also be likened 

to varying the velocity of blood within the cardiac chamber. This may be illustrated by 

Eqn. 5.1. Assuming constancy of the geometric and materialistic tissue, blood and 

catheter properties, then h depends only on the Reynolds's number which, using these 
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assumptions, is dependent only on the blood velocity. Therefor, a value of h=O W/M2_oC 

would correspond to a condition of no blood flow within the heart. While at first this 

may not appear plausible, it may be applicable under certain conditions during catheter 

ablation. For instance, if the catheter was either in the apex of the heart or under a valve 

leaflet, it is possible that the catheter tip would be entirely covered by tissue. 

Consequently, locally there would be no blood flow to cool the catheter tip or the adjacent 

myocardium, thereby simulating a condition of a stagnant blood pool. 

A wide range of values for the convective heat transfer coefficient were simulated 

to investigate the effects on the temperature profile and lesion size. Fig. 5.1, which 

illustrates some of these effects, is a graph of the axial (r = Omm) temperature versus 

depth at values of h ranging from 0 to 100,000 W/M2_oC. At the low values of h (Le. 

2 
from 0 to 1 W/M _oC, the resulting peak temperatures are very high and the peaks occur 

at the catheter-tissue interface. As the value for h is increased, the peak temperatures are 

lower. Additionally, the peak temperatures are found deeper in the tissue. At these 

higher values of h the metal catheter tip is acting as a conduit for significant heat transfer 

from the tissue to the blood pool. 
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depth (radius = Omm) for various convective heat coefficients. 
Applied power equals lOWatts. The curves for h = 100,000 and 
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1,000 W/M _oC overlap as well as the curves for h = 0.1 and 0 
W/M2_0 c. 

Fig. 5.2 is similar to Fig. 5.1 except that it displays tissue temperatures versus 
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depth at a radial distance of 2mm away from the axis. This was done to more effectively 

illustrate the influences of convective heat transfer directly from the tissue to the blood 

pool while reducing the influences of the catheter. 
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2 
1,000 WIM _DC overlap as well as the curves for h = 0,1 and 0 
WIM2

_0 C. 

2 
For h values beyond 1,000 W 1M -°C there is very little effect on the final peak 

temperatures or on the temperature profiles, At these higher h values, the heat transfer 

') 

process becomes conduction limited, In other words, at values of h above 1,000 W IM--
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DC, the rate limiting step in the transfer of heat away from the tissue is due to conduction 

of heat through the tissue, It is not limited due to convective heat transfer either at the 
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blood-tissue interface or the catheter-blood interface. A very important result follows 

from this. While we do not know what the exact values for the convective heat transfer 

coefficients are at the blood-tissue or the catheter-tissue interfaces, as long as they are 

2 
above approximately 1,000 W/M _oC, they will not have any significant influence on the 

results for tissue temperature. Fortunately, the previous analysis of the range of possible 

values of h led to a worst case minimum value of 1,317 W/M2_oC. Therefor, those 

results, combined with these simulation results lend support to the notion that we can 

pick any value of h within the previously determined range without concern for 

significant loss of accuracy. 

These conclusions can also be obtained by investigating the Biot number for this 

system. The Biot number is given by: 

where: 

Bi = (h)(%) 
k 

v = Volume of the body 

A = Surface area of the body 

(5.7) 

The Biot number is a measure of the relative importance of thermal resistance within a 

solid body. It is a ratio of the heat transfer due to convection to the heat transfer due to 

conduction. The magnitude of the Biot number has the following physical significance. 

A large Biot number indicates that the heat transfer process is dominated by convective 

transfer and limited or controlled by conductive heat transfer. Conversely, a small Biot 
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number occurs when the internal thermal resistance is small and there is a larger transfer 

of heat by conduction than by convection. In transient analysis of heat transfer 

phenomena, one can assume a lumped-parameter model when the Biot number is < 0.01. 

A lumped-parameter model implies that the temperatures within a body are assumed to 

vary only in time and not in space. Using Eqn. 5.7, the range of Biot number for the flat 

surface of the heart is: 

Biflat = 37.5 - 841 (5.8) 

while the range for the cylindrical catheter were found to be: 

Bicyl = 0.76 - 2.9 (5.9) 

This clearly demonstrates that the heat transfer process in cardiac tissue during ablation is 

conduction limited. This is not to imply that convection does not playa role in the heat 

transfer during ablation. It simply means that the process is controlled by conduction and 

that larger values of h will not have an impact on heat transfer. Only by increasing the 

value of k can one obtain larger heat transfer from the tissue to the blood. This fact will 

be useful later in the analysis of the effects of varying the thermal conductivity of the 

catheter tip. 

The effect of a variable h on the spatial temperature distribution is further 

demonstrated in Fig. 5.3a-f. These six graphs represent the steady state temperature 

distribution within the cardiac tissue. Several observations can be made from these 

graphs. The shape of the temperature contours changes as the value of h is increased. The 

shape of the temperature contours change as the value of Iz is increased. For low values 
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of h the contours are hemispherical. However, as h increases, the shape appears as a tear 

drop. Additionally, as h increases, the catheter "cools off' as expected and draws heat 

away from the electrode-tissue interface. This results in decreased intramyocardial 

temperatures, particulary near the surface. Finally, once h is equal to and above 

approximately 1,000, there is no change in the intramyocardial temperatures. This 

demonstrates again that tissue is conduction limited at these values of h. 
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Figure 5.3a-b Simulated steady state spatial temperature variation 
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Figure 5.3a represents h = 0 W/M _oC. Figure 5.3b is for h = 10 
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Figure 5.3c h = 100 WIM-_oC. Figure 5.3d is for h = 1,000 WIM _oC 
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5.2 Perfusion Effects 

Tissue perfusion is the rate at which a quantity of blood is replenished within the 

capillary network. It can playa significant role in heat transfer at the local level. This 

section uses the numerical models developed to investigate the influence of tissue 

perfusion on the temperature distribution within the heart during ablation. 

Fig. 5.4 illustrates the steady state computer simulation results generated with 

perfusion rates varying from 0-30kg/mm3 -sec. Steady state rates were increased from 0 

to 30kg/m3 -sec. Left ventricular perfusion rates vary significantly during the cardiac 

cycle and are highly dependent on depth. However the average perfusion rate is relatively 

independent of depth. As a typical ablation occurs over several cardiac cycles, we are 

justified in using an average value (l5kg/m3-sec) [Duck, F.A. 1990]. In order to 

appreciate the effect perfusion has on lesion depth, the depth at which the temperature 

equals 48°C has been plotted against the perfusion rate. This is shown in Fig. 5.5. Again, 

it is seen that the perfusion has a significant impact on the lesion depth. The lesion depth 

is reduced by almost one-half from the non-perfused state to a value of 30kg/m3 -sec. 
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Depth at which Temperature = 48C versus Perfusion 
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As previously discussed, the 48°C isotherm may not be a satisfactory method to 

determine lesion depth as it does not consider the time-temperature dependence on tissue 

death. Thermal dose is a more accurate measure of lesion size but requires knowledge of 

the transient tissue temperatures. Figure 5.6 is a contour plot of thermal dose versus 

width and depth for several ablation times ranging from 15 to 200 seconds of energy 

delivery. It also contains an additional 30 seconds of cooling time. Only the iso-thermal 

dose line of 240 equivalent 43°C minutes is plotted as that is the minimum considered to 

cause tissue death (see Section 3.5). The data supports the same conclusions reached 

using the 48°C temperature as the point of tissue death. (Figs. 5.5 and 5.6 are not directly 

comparable as they are from simulations that used different catheter sizes and energy 

delivery parameters) Perfusion does act as a significant heat sink and, consequently, 

decreases lesion size. Using thermal dose as an indicator and comparing perfused vs. 

non-perfused myocardium, the lesion depth is decreased from 6.3mm to 4.lmm at 200 

seconds of energy delivery with 30 seconds of cooling. Lesion width is similarly 

affected. Of particular note however is that perfusion only exerts its influence with 

longer ablation times. The curves for a 10 second energy delivery are approximately 

equivalent to each other. As the energy delivery time is increased, the difference in lesion 

size increases between the non-perfused and perfused tissue. 
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Figure 5.6 Contour plot of the iso-thermal dose line of 240 equivalent 43°C 
minutes versus tissue depth and width for energy delivery times of 10, 30, 45, 60, 
100, and 200 seconds. Additionally, a 30 second cooling off period is included. 
Curves are plotted for both the perfused (l5kg/m3 -s) and non-perfused (Okg/m3 -s) 
conditions. Catheter radius is 2mm. Applied voltage was 20.0V. The 
hemispherical cap of the catheter starts at the 8mm marking and extends to the 
10mm point. Tissue is outside this region. For depth, or axial direction, the 
dimensions given are for the domain simulated, not the actual depth into tissue. 
Blood-tissue interface at the 8mm point. In this discussion, tissue depth is from 
the tip of the catheter (lOmm mark) down. The solid and dashed lines represent 
perfused and non-perfused tissue respectively. Several of the iso-thermal dose 
lines for perfused and non-perfused overlap. To better distinguish between them, 
the ablation times are written on the curves directly. The top line of durations is 
for non-perfl!sed tissue, while the bottom list of times is for perfused myocardium. 
See text for further discussion. 
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Figure 5.7a-d Plots of axial temperature vs. depth for perfused and 
non-perfused tissue. Each plot includes both the ends of the heating 
phase as well as a 30 second post ablation cooling phase. Electrode 
radius = 2mm, voltage = 29.0V. Note vertical scale changes between 
graphs. 
Dashed line = non-perfused tissue(O kg/m3 -sec) 
Solid line = perfused tissue( 15 kg/m3 -sec). 
Figure 5.7a - 10 second energy delivery, 30 seconds cooling 
Figure 5.7b - 30 second energy delivery, 30 seconds cooling 
Figure 5.7c - 100 second energy delivery, 30 seconds cooling 
Figure 5.7d - 200 second energy delivery, 30 seconds cooling 
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This time dependent nature is further illustrated in figure 5.7a-d. These four 

curves are plots of temperature versus depth for perfused and non-perfused tissue at four 

different energy delivery times with a 30 second cooling period. For example, in figure 

5.7a, the top two curves represent a 10 second energy delivery for the perfused and non

perfused tissue. The bottom two curves in that figure are after a 30 second cooling 

period. Similarly, figures 5.7b,c, and d are for energy delivery times of 30, 100 and 200 

seconds respectively, with associated 30 second cooling periods. The following 

observation may be made from this data. As with the data presented in figure 5.6, the 

effects of perfusion become more pronounced with increased energy delivery time. 

Furthermore, peak temperatures in the non-perfused tissue were significantly higher than 

in the perfused tissue. Lastly, even after 30 seconds of cooling the temperatures in the 

non-perfused tissue were not only higher than in the perfused tissue, they were still 

elevated enough to continue lesion formation in the deeper tissue. 

Finally, figure 5.8 is a plot of axial (r=Omm) temperature at Imm and 5.1mm 

depths versus time for both perfused and non-perfused tissues. For comparison, the 

steady state temperatures at 1 mm depth are also plotted. As before, the peak temperature 

for the non-perfused tissue is higher than that for the perfused tissue (117°C vs. 99°C for 

Imm and 75°C vs. 55°C for 5.1mm respectively). The steady state value of temperature 

is reached sooner with the perfused than the non-perfused tissue. 



Defining steady state time as that time required to reach 95% of the final temperature 

value, the following times are required to reach steady state: 

1 mrn Perfused - 45 seconds 

1mm Non-Perfused - 88 seconds 

5.1 mrn Perfused - 104 seconds 

5.lmm Non-Perfused - 158 seconds 
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From this data it can be observed that, near the surface of the tissue, the steady state 

temperature is reached relatively quickly for the perfused tissue and almost twice as long 

for the non-perfused tissue. Additionally, temperatures deeper in the tissue require 

significantly longer times to reach steady state. This is particularly true for the non

perfused tissue. Lastly, the steady state values predicted by the transient solver show 

excellent agreement with those of the steady state solver. 

In conclusion, myocardial perfusion exerts a significant influence on 

intramyocardial temperatures and lesion size. It has the effect of reducing the peak 

temperatures, increasing the rate of tissue cooling after ablation and decreasing lesion 

size. Therefore, lesions produced in vivo can not be directly compared with those 

produced in a non-perfused in vitro model. 
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Axial Temperature (At Depths 1 mm and 5.1 mm) vs. Time 
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Figure 5.8 Plot of axial temperature at Imm and 5.1mm depths vs. 
time for perfused (15 kg/m3 -s) and non-perfused (0 kg/m3 -s) tissue. 
Steady state values are also plotted as predicted by the steady state 
BHTE solver. 
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Chapter 6 

MULTIPOLAR CATHETER ABLATION 
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One of the limitations of RF ablation is the small lesion size that is restricted to 

the area in contact with the 2-4mm distal electrode. The limitation in lesion size is a 

disadvantage since it requires precise localization and mapping. This may require several 

hours and result in excessive radiation to both patient and medical personnel. The 

success of RF ablation to treat some arrhythmias may be improved by increasing the area 

of ablated tissue. I hypothesized that this could be accomplished by delivering RF energy 

to multiple catheter electrodes simultaneously. This effectively increases the electrode 

surface area in contact with the cardiac tissue. 

The purpose of this section is to explore, both in vitro and in vivo, whether larger 

lesions can be produced by applying RF energy simultaneously to all four electrodes of a 

conventional quadripolar catheter using a unipolar mode as compared to application of 

RF energy to only the tip electrode. 

6.1 Computer Simulations 

Figs. 6.1 and 6.2 represent the results from the computer simulation of a four 

pole (quadripolar) catheter. All four poles were driven with the same potential with the 

edges of the domain acting as the grounding dispersive electrode. Fig. 6.2 illustrates the 

effects of decreasing the interelectrode spacing from 2mm to 1 mm. 
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Figure 6.1· Normalized power density distribution along the axial plane 
for a quadripolar catheter. The electrode was driven at 400Khz and at 
equal potential. The conductivity of the medium was O.200S/cm. The 
electrodes are numbered #1 through #4 with #1 at the farthest right (also 
referred to as the distal electrode). The distal electrode is 4mm in length 
with a Imm hemispherical cap. Electrodes #2-4 are 2mm in width. The 
radius is a constant 1 mm. Between each electrode is a plastic insulator. 
Interelectrode spacing is 2mm. In the plot inset is a graph of PD versus 
distance from the electrode in both the axial and radial directions. The 
slices taken are represented by lines in the contour plot. Due to radial 
symmetry, only one-half of the axial contour plot is shown. 
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Figure 6.2 - Normalized power density distribution along the axial 
plane for a quadripolar catheter. The electrodes were driven at 
400Khz at the same potential. The conductivity of the medium was 
O.200S/cm. The electrodes are numbered #1 through #4 with #1 at 
the farthest right (also referred to as the distal electrode). The distal 
electrode is 4mm in length with a Imm hemispherical cap. 
Electrodes #2-4 are 2mm in width. The radius is a constant Imm. 
Between each electrode is a plastic insulator. Interelectrode spacing 
is 1 mm. In the plot inset is a graph of PD versus distance from the 
electrode in both the axial and radial directions. The slices taken are 
represented by lines in the contour plot. Due to radial symmetry, 
only one-half of the axial contour plot is shown. 
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It is noted that as the electrode distance is decreased, the magnitude of the power 

density at the edge decreases. This is due to the charge crowding present from the 

adjacent electrodes and may be advantageous in order to decrease the edge effects 

present. Furthermore, this charge crowding may be seen by comparing the radial power 

density slices of electrodes #3 and #4. Electrode #3 which is bounded by electrodes #2 

and #4 has a smaller peak power density than electrode #4 which is only bounded on one 

side. This crowding of the charges from adjacent electrodes results in a relative increase 

in the impedance in the local area around the electrodes and a subsequent decrease in the 

power density. 

Fig. 6.3 demonstrates attempts at "focusing" the power to obtain more precise 

control of where the lesion is produced. This is not focusing in the conventional sense of 

a phased array. This is not possible at the frequencies used for RF ablation as the 

wavelength is on the order of meters. Rather, it is an attempt to focus the power by 

applying different potentials to the individual electrodes to achieve a power density 

pattern that results in a peak at a desired location. In this method of focusing, there is no 

destructive interference, only constructive summing of the magnitudes. Electrodes #1 

and #4 were driven at a potential of lOV while electrodes #2 and #3 were driven at 14V. 

Comparison of the power density profiles of the individual electrodes suggests that 

focusing is possible using this amplitude modulation of the individual electrodes. 
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Figure 6.3 - Normalized power density distribution along the axial 
plane for a quadripolar catheter. The electrodes were driven at 
400Khz. Electrodes #1 and #4 were driven at lOV while electrodes 
#2 and #3 were driven at l4V. The conductivity of the medium was 
O.200S/cm. The electrodes are numbered 1 through 4 with #1 at the 
farthest right (also referred to as the distal electrode). The distal 
electrode is 4mm in length with a Imm hemispherical cap. 
Electrodes #2-4 are 2mm in width. The radius is a constant 1 mm. 
Between each electrode is a plastic insulator. Interelectrode spacing 
is Imm. In the plot inset is a graph of PD versus distance from the 
electrode in both the axial and radial directions. The slices taken are 
represented by lines in the contour plot. Due to radial symmetry, 
only one-half of the axial contour plot is shown. 
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It was not possible, with the current model, to predict the temperature profiles 

during RF ablation with the quadripolar catheter. This is because the axial symmetry is 

lost when the catheter is placed parallel to the cardiac surface for ablation. A full 3-

dimensional model is required and is beyond the scope of this dissertation. 

6.2 Experimental Methods 

6.2.1 Catheter and Energy Delivery System 

All experiments were conducted with the same steerable 7 French quadripolar 

catheter with a 4mm tip and 2mm ring electrodes and approximately 2mm intere1ectrode 

distance (Webster Labs, 5114 Commerce Drive, Baldwin Park, CA 91706). The catheter 

was a 6 French size but the tip electrode was 7 French. Radiofrequency energy was 

delivered using a custom built computer controlled RF generator operating in a constant 

voltage mode at 400Khz. This system was described in Chapter 2. During each ablation, 

RMS voltage and RMS current were measured. Impedance and RMS power values were 

then calculated from that data This data was dynamically collected and displayed. Data 

was written to disk for later analysis. The unit was programmed to stop power output 

when the impedance exceeded 200 ohms, indicating coagulation of blood and protein on 

the electrode. 

Maximum power without coagulation formation was delivered to the catheter in 

each electrode configuration. This was determined by preliminary experiments in which 
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power was increased in a stepwise fashion until the impedance rose abruptly above 200 

ohms. The final power value used was one in which an ablation could be performed 

consistently without coagulation formation on any electrode. 

6.2.21" vitro Studies 

Fresh bovine hearts were obtained within minutes of slaughter. Hearts were 

removed and placed in a chilled isotonic saline solution at approximately 4°C for 20 

minutes to one hour until used for the experiment. Concentric short axis sections one 

centimeter in thickness were sliced from the left and right ventricle and placed in a 

temperature controlled bath containing approximately one liter of fresh heparinized dog 

blood maintained at 37±0.5°C. The myocardium was superfused with heparinized blood 

maintained at 37±0.5°C using a peristaltic pump. This directed blood over the catheter at 

1450mllmin using a 0.25"id tube positioned approximately 1" from and perpendicular to 

the catheter and provided convective cooling effects designed to simulate blood flow in 

the heart. The maximum power that could be used without causing a rapid impedance rise 

was the same for both the in vivo studies as well as the in vitro studies with blood flow 

directed over the catheter. This suggests that the convective cooling effects of the 

peristaltic pump were comparable to the in vivo condition. 

In all cases the same catheter, previously described, was placed longitudinally on 

the flat, horizontal cut surface of the myocardium (Fig. 6.4). 



Comouter 

Figure 6.4 - Schematic of radiofrequency delivery system for the in 
vitro experiments. This consists of a computer controlled 
radiofrequency generator delivering energy to either the distal pole 
or all four poles of a quadripolar catheter. The catheter is placed in 
contact with coencentrically sliced cardiac tissue maintained at 37°C. 
A peristaltic pump directs blood over the tissue to simulate the 
effects of blood flow in the cardiac chamber. 
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Catheter-tissue contact pressure was maintained using a device that held the catheter 

firmly against the tissue. The force was evenly distributed across the catheter where the 

electrode contacted the surface of the heart since the device had a constant weight of 

40gm. The device did not obstruct blood flow over or around the portion of the catheter 

not in contact with the tissue. The catheter electrodes were connected to the RF ablation 

generator. At different sites RF energy was applied monopolar to the 4mm electrode tip 

alone, and to all four electrodes, as well as bipolar to all four electrodes. For the 

monopolar configuration the large metal container of the temperature controlled bath was 

the return electrode. In addition, lesions produced from the previously mentioned 

electrode configurations were compared with those obtained with a sequential bipolar 

mode of delivery [Oeff et al. 1992]. In this configuration RF energy was delivered in a 

bipolar fashion between electrodes #1 (distal) and #2, then between electrodes #2 and #3 

and finally between electrodes #3 and #4 without repositioning the catheter. 

Immediately before delivery of RF energy, an RF signal in the range of 0.5-1.0 

Watt (too low in power to cause visible damage) was delivered to the myocardium to 

measure impedance to determine the voltage setting to yield the desired power. 

6.2.3 In Vivo Studies 

In Vivo experiments were conducted on greyhound dogs. The studies conform to 

the guiding principles of the American Physiological Society. After the dog was 

intubated and anesthetized with halothane, the catheter was inserted into the femoral 
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artery or vein and guided fluoroscopically to the left ventricle or right ventricle 

respectively. Three to six separate lesions were made in each chamber at the 

predetermined maximum power settings for each electrode configuration. Power was 

applied for 90 seconds for each lesion. A diagram of voltage, current, impedance and 

power during delivery of RF energy in the monopolar mode using all four poles is given 

in Fig. 6.5. After euthanasia with an injection of potassium chloride, the heart was 

removed and lesions evaluated. 
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Figure 6.5 Plot of voltage, current impedance and current versus 
duration of ablation for a typical experiment in vivo in which RF 
energy was delivered with all four poles of catheter connected. 
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The length, width, depth and overall shape of the lesions were measured at the surface 

and at cross-sectional slices through the longitudinal axis. The perimeters of the lesions 

were clearly demarcated. Since the general shape of the lesion was that of a half 

ellipsoid, lesion volumes were calculated from the length, width and depth of the lesion 

using the equation for a half ellipsoid: 

V l 27r * Length * Width * D h o ume = - ept 
322 

The lesions that involved an impedance rise during ablation were included in the results. 

6.2.4 Statistical Analysis 

Lesion dimensions using all four poles connected were compared with just the 

distal electrode using Students t test. The tabular data are expressed as mean ± standard 

error. A P value of <0.05 was considered statistically significant. 

6.3 Results of Multipolar Ablation 

6.3.1 In Vitro Studies 

A total of 41 lesions was produced. Maximum power delivery was 12 Watts for 

the distal tip ablations and 35 Watts for the multipolar electrode ablation. The time of 

ablation was constant at 90 seconds. Using all four poles of the catheter connected in a 

unipolar fashion RF energy produced lesions that were longer than those lesions produced 

using distal tip ablation. A typical lesion generated using the multipolar configuration is 

shown in Fig. 6.6. 



Figure 6.6 Comparison of in vitro lesions produced by ablation with 
all four poles of catheter connected in unipolar fashion versus distal 
tip only. The mUltipolar lesion is toward the top right while the 
distal tip lesion is at the bottom center. 
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The results of the in vitro studies for distal tip and all four pole ablations are given 

in 6.1. Calculated lesion volumes increased from 104.8 ± 16.9mm
3 

with distal pole 
3 

ablation to 230.2 ± 28.9mm with all four pole ablation. This was statistically significant 

with a p < 0.001. 

Sequential multipolar bipolar delivery of RF energy was difficult to control. 

Impedances between electrodes were high and variable, ranging from 200 to 400 ohms, 

causing power delivery to the individual electrode pairs that were difficult to reproduce 

consistently. Only two lesions were produced yielding the following lesion sizes. For the 



first lesion the length was 12mm, width was 7mm and depth was 2mm. The second 

lesion measured 9mm in length, 9mm in width, and 2mm in depth. 

Table 6.1 In vitro studies of lesion size using distal tip and all 4 
electrodes simultaneously. 
# Significant difference between groups, p<O.OO 1 
Data presented as mean ± Standard Error 

6.3.21n Vivo Studies 
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There were 19 lesions produced in 5 dogs. Maximum power for the delivery of 

RF energy to the distal tip and the mUltipolar configuration was 12 Watts and 35 Watts 

respectively. Ablations performed with all four poles of the electrodes connected in the 

monopolar mode produced lesions that were longer and wider than the lesions produced 

with distal tip alone (Table 6.2). The shapes of the lesions were half ellipsoid. Calculated 

lesion volumes increased from 54.9 ± 17.7mm3 with distal pole ablation to 191.1 ± 

38.9mm3 with all four pole ablation. This was statistically significant with a p < 0.0 1. 
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There were no premature ventricular complexes during continuous ECG monitoring nor 

were there other arrhythmias either before, during or after delivery of RF energy. 

Table 6.2 . In vivo studies of lesion size using distal tip and 
simultaneous multipolar electrodes. 
# Significant difference between groups, p<O.OO 1 
* Significant difference between groups, p<O.O 1 
Data presented as mean ± Standard Error 

During several ablations in the mUltipolar configuration, coagulation formation 

was observed on the proximal electrodes with no detectable increase in overall 

impedance. Furthermore, during several of these ablations there was adhesion of the 

proximal electrode(s) to the myocardium. 

6.4 Discussion/Significance 

The use of simultaneous multipolar RF ablation produced significantly larger 

lesions both in vitro and in vivo. The length of the lesion was increased by a factor of 

approximately 2 in both the in vivo and in vitro experiments. There was a nonstatistical 
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trend toward an increased depth of the lesion by applying RF energy to all 4 electrodes 

simultaneously in a monopolar configuration. Lesion width was significantly increased in 

the in vivo studies. 

Recently, Oeff et. al. (1990, 1992) proposed delivering RF energy to adjacent 

electrodes using a bipolar mode. RF was delivered sequentially between poles #1 (distal 

electrode) and #2, then poles #2 and #3, and finally between poles #3 and #4 (proximal 

electrode), without repositioning the catheter. Large superficial lesions were produced 

using this method, but lesion depth was limited to approximately 2.3mm. Furthermore, 

the lesions produced included those with impedance increases in greater than 60% of the 

ablations. During our preliminary studies to determine the maximum power delivery 

possible before coagulation, multiple lesions measuring 8-12mm in depth were produced. 

However, the majority of these lesions involved impedance rises and were not included in 

the reported data. 

Several studies have suggested that the size of the electrode contact surface area 

influences the size of lesion [Hoyt 1986, Blouin and Marcus 1989, Jackman et al. 1991]. 

Recently, Langberg et al. (1993) showed that catheters with 8 to 12mm distal tip 

electrodes effectively increase the cross-sectional area in contact with the myocardium 

and as a result, produce larger lesions than 4mm tip electrodes. The use of a larger distal 

tip electrode increases its surface area, but this larger tip is stiff and may increase the risk 

of myocardial wall perforation. Other approaches to increase lesion size and depth 

include using a saline infused porous catheter [Huang et al. 1989, Wittkampf] to decrease 
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the tissue interface temperature and a two phase orthogonal electrode catheter array [Desai 

1991]. 

Simultaneous mUltipolar RF energy delivery in which the four poles of a 

quadripolar catheter are connected together increases the effective surface area for 

ablation. This enables more power to be delivered to the myocardium over a larger area 

and thereby generate a larger lesion. Calculations of the effective surface area of the 

catheter in the mUltipolar configuration compared with the unipolar configuration yielded 

a surface area approximately 2.5 times greater. The maximum power deliverable for the 

multipolar configuration was determined to be approximately 2.9 times greater suggesting 

that the greater power delivery was due primarily to the increase in surface area. It 

should be noted that, with multiple electrodes, the electric field effects tend to concentrate 

power density near the edges of the electrode. Also, there may be other effects of the 

electric field distribution due to the geometry of the electrode. Therefore, the electrical 

field distribution from several separate electrodes connected together cannot be directly 

compared to a single large electrode having the same overall dimensions. This was 

discussed in greater detail in Chapter 4. 

A decrease in impedance was observed soon after RF energy was delivered to 

cause ablation when there was firm catheter-cardiac tissue contact. This has been 

reported by other investigators [Harvey 1992] and has been proposed as a means of 

determining adequate contact, but the reason for this decrease in impedance is unknown. 
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Two possible mechanisms for this effect are as follows. First, at the frequencies used in 

radiofrequency ablation, the conductance of tissue rises by approximately 2% per DC 

[Schwann and Foster 1980]. This implies that the resistance of tissue will decrease as it 

is heated. When the catheter is in poor contact with tissue there may be only a thin layer 

of blood that is experiencing an elevated temperature. The majority of the blood and 

tissue near the catheter remains at body temperature and an impedance decrease is not 

observed. However, when sufficient catheter contact is achieved, the majority of the 

resistance is tissue that is being heated. With its negative temperature coefficient, the 

resistance will decrease. 

A second possible explanation for the effect observed is that when tissue is heated 

and cells lysed, their intracellular contents are released into the interstitial space. This 

potassium rich electrolyte contributes to an increase in the bulk conductivity of the area 

ablated and consequently a decrease in impedance is observed. These two theories may 

both be operating simultaneously to produce the impedance decrease noted. 

Multipolar catheter delivery of RF energy produces larger lesions. However, as 

noted in the in vivo experiments, there may be a rise in impedance on the proximal 

electrodes that is undetected by overall impedance measurements. This may be explained 

by modeling each electrode as a separate impedance in parallel with the other electrodes. 

An impedance rise at one of these electrodes does not result in an overall rise of the 

parallel impedances (Fig. 6.7 and 6.8). This impedance rise could cause adhesion of the 
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catheter to myocardial tissue that could be hazardous. Further studies are being done to 

determine the impedance of each electrode of a multiple electrode catheter during 

delivery of RF energy with the aim of controlling the energy at each electrode to avoid 

this effect or to terminate ablation at that electrode in the event of impedance rise. This 

technique may permit a single ablation of a larger area by delivering RF energy at 2, 3, 4 

or more poles simultaneously without the inherent problem of a single large tip electrode. 

This may be useful for ablation of cardiac arrhythmias, particularly those that may require 

a larger area for successful ablation, such as the lesions required for atrial flutter, or to 

decrease the time to ablate arrhythmogenic foci. 
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Figure 6.7 Schematic diagram of a catheter in contact with cardiac tissue. Each 
impedance is the summation of the electrode-tissue interface impedance plus the tissue 
impedance and is typical of the impedance at each electrode during an ablation without 
impedance rise. The overall impedance is the parallel summation of the individual 
poles plus the return pad electrode-tissue impedance (estimated value). This is may be 
calculated as: 

Impedance = (1/2000 + 112000 + 112000 + 111000t1 + 250 

=650 
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Figure 6.8 Schematic diagram of a catheter in contact with cardiac tissue. In this 
instance, the most proximal pole has experienced an impedance rise. Again the overall 
impedance is the parallel summation of the individual poles. This is determined to be: 

Impedance = (1110000 + 1I200,Q + 112000 + 111000t1 + 25,Q 

=72.60 

This represents only a 7.60 increase in the total impedance when there is an 8000 
impedance increase in the proximal pole. This small impedance rise may be difficult to 
detect. 
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CHAPTER 7 

EFFECTS OF VARYING ELECTRODE THERMAL CONDUCTIVITY 

7.1 Introduction 

The size of lesions developed by RF catheter ablation are limited by the amount of 

power that can be delivered by the electrodes. This power limitation is due to the fact 

that the electrode-tissue interface temperature may not exceed 100cC without causing a 

coagulum formation on the electrode. When this occurs, a rapid impedance rise results, 

and thereby limits further delivery of RF power. Chapter 6 outlined one method to 

increase lesion size. This was accomplished by increasing the electrode surface area of 

the ablation catheter. Large, deep lesions were obtainable without losing the flexibility of 

the catheter. This section investigates another method of increasing lesion size, that of 

increasing the thermal conductivity of the electrode. 

As discussed in section 5.1, the heat transport limiting factor in cardiac tissue is 

conduction rather than convection. However, for typical electrode catheters made of 

platinum, the magnitudes of the effects of conduction and convection are equivalent. 

This suggests that more heat may be transported away from the electrode and, 

consequently, the electrode-tissue interface by increasing the thermal conductivity of the 

electrode. 

While platinum, which has a thermal conductivity of 0.716 Watts/cm Kelvin, is a 

relatively good conductor of heat, there are several pure metals and alloys that have 
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higher thermal conductivities than platinum. Gold is particularly appealing as a starting 

point for investigations due to its inherent biocompatibility with human tissue. It has a 

thermal conductivity approximately four times that of platinum (3.17 Watts/cm Kelvin). 

Using equation 5.7 for the Biot number, the range of values for a gold electrode of 2mm 

diameter would be 0.17 to 0.66 as opposed to platinum which ranged from 0.76 - 2.9 

(Equation 5.9). 

7.2 Simulation Results 

Figures 7.1 through 7.3 demonstrate the effects of varying electrode conductivity 

on intramyocardial temperatures. Electrodes of three thermal conductivities were 

simulated. Platinum and gold were chosen as well as an electrode made of a thermal 

insulator (thermal conductivity = 0.0007 Watts/cm Kelvin) for further comparison. 

Figure 7.1 - 7.3 are steady state plots of axial (r=Omm) temperatures versus tissue depth 

for the three electrodes discussed above. In the first scenario, figure 7.1, a peak tissue 

temperature of 80°C is defined. In other words, the maximum power delivered to the 

catheter before the peak tissue temperature equals 80°C is used as a boundary condition. 

The results of this simulation demonstrate that with the insulated electrode, the peak 

temperature is located near the electrode surface. Furthermore, only 3.5 Watts may be 

delivered before reaching this 80°C peak tissue temperature threshold. The curves for the 

platinum and gold electrode almost overlap one another. The peak temperature is 

"pushed" deeper into the tissue and it requires more power to reach the 80°C point. 
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Temperatures deeper in the tissue are also higher with the gold and platinum electrodes as 

compared to the insulated electrode. This scenario is not a clinically reasonable situation 

as it is not currently possible to measure the temperatures within the myocardium in vivo. 

A more practical situation is presented with figure 7.2. In this case a constant 

power of 10 Watts is delivered to each of the electrodes. The electrode-tissue interface 

temperature of the insulated electrode is well in excess of the 1000 e point at which blood 

will coagulate on the electrode. This could result in thrombus formation and is a clinical 

hazard. In contrast, the platinum and gold electrodes maintain an electrode-tissue 

interface temperature less than lOOoe. 

Figure 7.3 represents a situation seen more and more often in clinical ablations, 

that of maintaining the electrode-tissue interface temperature at a constant value. This is 

frequently done with thermocouples or thermistors imbedded within the tip of the 

electrode. A temperature feedback control circuit then maintains the tip temperature at a 

constant value by varying the output power or voltage. In this case a peak electrode-

tissue interface temperature of 800 e is set and the power varied to each of the catheters to 

achieve this. For the insulated catheter, it is again observed that the peak temperature 

occurs very near the electrode surface and that only 3.6 Watts is required to reach the 

800 e temperature. However, with the platinum electrode, more power can be delivered 

before reaching this temperature. Of more interest is the observation that the gold 

electrode, with its higher thermal conductivity, can deliver even more power than the 
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platinum (S.7 versus 6.4 Watts) before reaching the SO°C electrode-tissue temperature. 

This results in higher temperatures deeper in the tissue and, consequently, a deeper lesion. 

It is interesting to note that the peak tissue temperatures may exceed 100°C with both the 

platinum and, in particular, the gold electrodes. The implications of this are being 

investigated but will not be presented in this manuscript. 

The results of the computer simulations support the hypothesis that ablation 

electrodes of a higher thermal conductivity will permit more power to be delivered to the 

tissue before reaching a point of coagulation formation. However, this requires 

experimental work to thoroughly prove this. This work has recently been completed and 

the results submitted for publication in a clinical cardiac electrophysiology journal 

(PACE). The submitted manuscript is reproduced in entirety in the appendix. The 

hypothesis for this work grew out of this author's numerical simulations. I developed the 

experimental protocols, performed all the experiments, assisted in analysis of the data and 

in formulating the conclusions, and in editing of the manuscript. Mr. Walter Simmons, a 

second year medical student, was under Dr. Frank Marcus' and my direct supervision 

during the experiments and contributed to the analysis and actual writing of the 

manuscript. Dr. Marcus provided valuable guidance during the study and assisted in the 

writing and editing of the manuscript. 
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7.3 Present Study 

The methods, results, and conclusions of this study are presented in the paper 

appended to this dissertation. The following is a summary of the most important findings 

in this paper. 

More RF energy can be delivered to gold electrodes than to platinum electrodes in 

vitro before encountering a rise in impedance. This may be explained by the greater 

thermal conductivity of gold compared to platinum. This should result in relatively lower 

surface electrode-tissue interface temperatures; thus, more power could be delivered to 

the tissue without an impedance rise. This supports the authors' original hypothesis. 

These differences in RF energy delivery were more pronounced with the 4mm tip 

electrode than the 2mm tip electrode. 
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CHAPTER 8 

SUMMARY AND CONCLUSIONS 
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Since the inception of this study, radiofrequency catheter ablation of certain types 

of cardiac arrhythmias has evolved into an accepted and increasing popular treatment. 

This study was undertaken to provide answers to many of the questions and solutions to 

obstacles that have been present since the introduction of RF catheter ablation. In the 

beginning, the study was divided into two phases: a minor phase that involved designing 

an "ideal" energy delivery system, and a major phase that concerned development of 

numerical models to simulate the thermal effects of RF energy on the myocardium. 

The development of the energy delivery system was pursued to have a tool to 

further investigate the effects of RF energy on the myocardium. Furthermore, it was 

hoped that the system would eventually have direct clinical application. It was designed 

to deliver a "clean" sine wave of user determined frequency into any impedance load that 

could be encountered during an ablation. The computer would allow for precise control, 

display, and archival of the delivery parameters and data collected. A "user friendly" 

graphical user interface was designed into the system to permit operation by minimally 

trained personnel in the clinical catheter lab. Finally, it was developed from an easily 

expandable foundation to allow for future hardware and software changes. All of these 

goals and more were met in the current ablation system. It has been consistently useful in 
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situations ranging from the most simple ablation setting to the more complex situations 

that will be discussed shortly. 

The second, and perhaps most important, phase of this study was to develop an 

electromagnetic and thermodynamic model of RF catheter ablation using the Laplace and 

Bioheat equation, respectively. These models were needed to accurately predict the 

thermal effects of RF energy on the myocardium. These models were to include the 

effects of electrode geometry, tissue perfusion, varying thermal conductivity of tissue and 

electrode, and convective cooling from the blood flowing in the cardiac chamber. A 

transient, or time dependent, as well as a steady state model was developed to meet these 

objectives. 

The electromagnetic model based on the Laplace equation provided useful 

information on the electric field and power density distribution of single and later, 

multiple electrodes. Once a basic understanding of the power density distribution of 

single electrodes was obtained, the thermal response to RF ablation was investigated. 

The influence of convective cooling and perfusion on intramyocardial temperatures was 

simulated and a better understanding of their effects were obtained. 

Considering the results of the power field model for a single electrode, we 

proposed that larger lesions could be produced by using an array of electrodes connected 

together. To test this hypothesis, the power density distributions of multiple electrodes in 

an array were simulated. In vivo and in vitro experiments were then performed. These 

experiments established that larger lesions were possible with conventional ablation 
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catheters in a multipolar configuration. This could then be accomplished using 

conventional catheters without resorting to custom built longer, stiffer, and potentially 

more hazardous, distal tip electrodes. Multipolar ablation might then have utility in 

destroying larger, deeper pathways that are more difficult to map. We recently 

hypothesized that this might produce a useful lesion shape to treat atrial fibrillation and 

flutter. 

Finally, the effects of electrode thermal conductivity on heat transport were 

investigated. I proposed that, by increasing the thermal conductivity of the ablation 

electrode, more power could be delivered before formation of a coagulum on the 

electrode. Thermal simulations supported this hypothesis. In vitro experiments proved 

the concept worked and may offer another means of producing deeper lesions. 

8.2 Conclusions 

This study indicates that the power density distribution of a single ablation 

electrode has a complex relationship with the length of the cylindrical and hemispherical 

portions. The power density of shorter electrodes is influenced significantly by the 

fringing, or edge, effects. This causes the overall electric field, and thereby the 

magnitude of the power density, to drop off rapidly from the face of the electrode. 

Longer electrodes have a less sharp reduction. With increasing length, this approximates 



the lIradius-2 relationship predicted by the analytical model. This fact has important 

implications on the future design of RF ablation catheters. 
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Blood flowing around the ablation catheter can affect the temperature recorded 

using a thermocouple imbedded within the catheter tip. These convective cooling effects 

act as a heat sink to draw thermal energy away from the electrode-tissue interface thereby 

reducing its temperature. This effect can be used to produce larger and deeper lesions by 

increasing the thermal conductivity of the ablation catheter to promote even more heat to 

be transported to the flowing blood pool. Gold is one biocompatible material that has 

been used successfully in vitro to do this. 

Perfusion exerts a significant influence on intramyocardial temperatures and 

lesion production. This influence is most pronounced with longer (i.e. greater than 30 

seconds) durations of energy delivery. Shorter durations, in contrast, are relatively 

unaffected by perfusion. Perfusion acts as a heat sink to draw heat away from the tissue. 

This has the effect of reducing intramyocardial temperatures and, as a result, lesion size. 

Just as perfusion does not playa significant role except for longer durations, it has 

been shown that lesion production also requires longer energy delivery times. While the 

steady state temperature near the surface may be reached within 45 to 90 seconds, 

temperatures deeper within the myocardium may take 2-3X as long. Additionally, lesion 

size determined by thermal dose progresses well beyond the 60-100 second energy 

delivery times. This requires further experimentation to validate. However, energy 

delivery times exceeding 2 minutes may prove useful in some situations. In conclusion, 
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for longer energy delivery times, lesions made in non-perfused in vitro tissue may not be 

directly compared with those made in vivo. 

Finally, longer (8.3mm distal only versus 17.0mm multipolar) and deeper lesions 

may be produced by using multiple electrodes connected in an array. Driving all 

electrodes simultaneously has the effect of reducing the edge effects on the inside 

electrodes and producing a relatively smooth power density profile (these edge effects 

may be reduced further by a high impedance coating on the edges). These longer and 

deeper lesions may have clinical use in ablating difficult to map pathways as well as in 

treating atrial fibrillation and flutter. 



CHAPTER 9 

FUTURE DIRECTIONS 
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Radiofrequency catheter ablation is an effective treatment for patients with certain 

cardiac arrhythmias. The types of arrhythmias treatable by this technique continues to 

grow as we develop new ways to control energy delivery and improve mapping 

techniques. Ablation is an established therapeutic modality. but will require further work 

in both the theoretical and experimental areas. 

A full 3-dimensional C3-D) implementation of the bioheat transfer equation in 

either cylindrical or cartesian coordinates would be invaluable. This could be used to 

simulate the thermal response of, for instance, mUltipolar ablation. In the current model, 

this can not be simulated in 3-D due to the lack of symmetry in the theta direction. 

Steady state implementations of a 3-D model are currently underway and possible with 

methods currently used. Transient analysis, however, is significantly more difficult and 

will require different algorithms. Finite element methods are appealing but its storage 

space requirements for transient analysis make them prohibitive. Perhaps implicit or the 

newer multigrid methods will prove useful. Supercomputer support may be necessary to 

realize this goal. 

Along with a full 3-D model, there are several improvements to the existing 

model that may improve its accuracy. Implementation and testing of a temperature 

dependent thermal conductivity may prove useful. Furthermore, while the use of a stirred 



vessel approach to convective cooling appears accurate to a first order approximation. 

This may be improved by inclusion of actual blood velocity vectors. 

147 

Significant work remains to be done in the experimental area as well. We are 

currently on the verge of some potentially exciting developments in the treatment of atrial 

fibrillation and flutter using the multipolar technique discussed in this dissertation. We 

have implemented a method of monitoring the individual electrode impedances during an 

ablation. Automatic shut off of individual electrodes is provided in case of an impedance 

rise. Further in vitro and in vivo work is required to perfect the delivery of energy with 

the aim of producing consistently long lesions. Additionally, the "best" catheter design 

from the perspective of electrode size and spacing remains to be determined. Finally, 

clinical implementation of the multipolar technique is expected shortly. 
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ABSTRACT 

During radiofrequency (RF) catheter ablation of arrhythmias, temperatures that approach 

100cC cause a coagulum to form on the ablation electrode that results in an increase in 

electrical impedance and prevents further energy delivery. Since gold has nearly 4 times 

the thermal conductivity as platinum, the metal commonly used, it was postulated that 

gold tip electrodes could deliver more energy and produce deeper lesions because of its 

greater heat dissipation from the tissue-electrode interface to the circulating blood. To 

test this hypothesis, RF energy was applied to fresh bovine ventricular myocardium using 

6 Fr. catheters with 2 mm long distal electrodes made from either gold or platinum. 

Similar studies were also conducted using 7 Fr. catheters with 4 mm long distal 

electrodes. Maximum lesion depth was defined as that produced with the level of energy 

just below that causing an impedance rise. A maximum lesion depth of 6.2 ± 0.7 mm (M 

± SD) was obtained with the gold 2 mm electrode and 4.7 ± 0.5 mm with the platinum 

electrode (p = 0.003). The 4 mm gold electrode produced a maximum lesion depth of7.2 

± 1.4 mm, while a catheter with a 4 mm platinum electrode caused a maximum lesion 

depth of 5.8 ± 0.7 mm (p = 0.05). There was no difference in the baseline electrode tissue 

interface impedance between the gold and platinum electrodes. 

Key words: Radiofrequency energy, Catheter ablation, Arrhythmias, Thermal 

conductivity, Gold electrodes 
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Introduction 

RF energy lesions are formed due to resistive heating when alternating current is passed 

through tissue. The temperature needed to cause cell death is approximately 480 e. (I) 

Since the lesions created with RF energy are small and are limited to the length and width 

of the ablating electrode, placement must be precise to ablate cardiac arrhythmias. (2.3) In 

addition, lesions are usually shallow due to the rapid decrease in temperatures from the 

tissue surface. (1) In order to make deeper lesions, more current must be passed through 

the ablation catheter. (4.5.6) The amount of current that can be applied is limited by the 

electrode-tissue interface temperature. When this temperature approaches 100oe, a 

coagulum forms on the ablation electrode resulting in a rapid impedance rise that 

prevents further efficient transmission of current to the tissue and may result in 

undesirable effects such as charring or crater formation. (7.H.9) 

In this study, we have attempted to increase the depth of the RF lesion by using a gold 

electrode since gold has a thermal conductivity nearly 4 times greater than that of 

platinum (3.17 compared to 0.716 Watts/cm Kelvin). (10) It was hypothesized that there 

would be greater heat dissipation from a gold than a platinum electrode because gold 

conducts heat more rapidly from the tissue-electrode interface. This should result in a 

lower electrode-tissue interface temperature with the same amount of current. In turn, 

more power may be applied to a gold as opposed to a standard platinum electrode before 

reaching the lOOoe critical temperature and should result in deeper lesions. To test this 

hypothesis, RF energy was applied in a constant power mode to fresh bovine ventricular 

myocardium using 2 and 4 mm gold and platinum electrodes to determine if gold 

electrodes could transmit more power before a rapid impedance rise is encountered. In 

addition, impedance measurements were obtained before energy delivery to see if there is 
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a difference in impedance when gold and platinum electrodes are applied to cardiac 

tissue. Comparison of maximal lesion size between gold and platinum electrodes was a 

primary goal of this study. 

Methods 

Fresh bovine hearts were obtained within minutes of slaughter. Hearts were removed and 

placed in a chilled Kreb's solution at approximately 4°C for one to four hours. Concentric 

short axis sections, 2 cm in thickness, were sliced from the left and right ventricles and 

placed in a bath containing approximately one liter of fresh heparinized cow's blood 

maintained at 37 ± 0.5°C. The myocardium was superfused with the heparinized blood 

using a peristaltic pump. Blood was directed over the catheter at 1450 mllmin using a 

0.25" ID tube positioned approximately 1" from and perpendicular to the catheter to 

provide convective cooling. 

Catheters and Energy Delivery System 

All experiments were conducted with 6 French catheters with 2 mm long distal electrodes 

and 7 French catheters with single 4 mm long distal electrodes. Radiofrequency energy 

was delivered using a custom built computer controlled RF generator operating in a 

constant power mode at 400KHz. During each energy delivery, RMS voltage and RMS 

current were measured while impedance and RMS power values were calculated. This 

data was dynamically collected and transferred to a computer file for later analysis. The 

generator was programmed to stop output when the impedance exceeded 200 ohms, 

indicating coagulation of blood and protein on the electrode. The maximum power was 

the highest that could be applied without a rapid impedance rise. This was determined 

by experiments in which power was increased in a stepwise fashion until there was an 
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abrupt rise in impedance in 75% or more of the applications of energy. Four watts was 

selected as a starting power for catheters with a 2 mm tip and 12 watts for the catheters 

with a 4 mm tip. At least 4 applications of RF energy were delivered at each power level, 

and the power was increased stepwise by 2 watts until maximum power was reached. 

In all cases, the catheter was placed longitudinally on the flat, cut surface of the 

myocardium (figurel). Catheter-tissue contact pressure was maintained using a dual 

pronged weighted plastic fork that held the catheter firmly against the tissue. The distal 

prongs of the fork were positioned 3 mm from the tip of electrode and the spacing 

between the prongs was 7 mm. The fork did not obstruct blood flow over or around the 

distal electrode. A force of 40 gram was applied to the fork over the catheter. The distal 

catheter electrode was connected to the RF generator. The metal container of the 

temperature controlled bath was the return electrode. RF energy was applied at different 

sites on the myocardial tissue with the 2 mm and 4 mm electrodes. Immediately before 

delivery of RF energy, a small amount of energy, in the range of 0.5-1.0 Watt, too low to 

cause any visible tissue damage, was delivered to the myocardium to measure impedance. 

The length, width, and depth of lesions were measured for all experiments. Lesion 

volume was estimated using the equation for half an ellipsoid 

(2/3. n .length.width.depth). 

Statistical Analysis 

Comparison of lesion dimensions with gold and platinum electrodes was made using 

Student's t test. The tabular data is expressed as the mean ± standard deviation. A p 

value:::; 0.05 was considered statistically significant. 
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Results 

The maximum energy or power that could be applied without impedance rise to the 

2 mm gold electrode was 8 Watts whereas the maximum power that could be applied to 

the 2 mm platinum electrode was 6 Watts. (Figure 2) The maximum lesion depth 

obtained with the gold electrode was greater than that obtained with the platinum 

electrode (Table I). The lesion length and width were similar. The estimated lesion 

volume was greater with the gold electrode but did not reach statistical significance. 

The maximum amount of power that could be applied to the 4 mm gold electrode before 

there was an impedance rise was 20 Watts, compared to 14 Watts for the 4 mm platinum 

electrode. (Figure 3) Above 14 Watts, the rise in impedance precluded further energy 

delivery to the myocardium. However, RF energy could be applied to the gold electrode 

at 16, 18, and 20 Watts without encountering a rise in impedance. At the maximum 

power of 20 Watts, the gold electrode produced significantly deeper lesions than could be 

obtained with the platinum electrodes at maximum power. The length and estimated 

lesion volume was also greater with the gold electrode (Table I). There was no difference 

in lesion width. Additionally, there was no significant difference in the baseline 

electrode-tissue interface impedance between the gold and platinum electrodes. 

Discussion 

These observations indicate that more RF energy can be delivered to gold electrodes than 

to platinum electrodes in vitro before encountering a rise in impedance. Since there was 

no significant difference in baseline impedance between gold and platinum electrodes, the 

deeper lesions associated with the use of gold may be explained by the greater thermal 

conductivity of gold compared to platinum. This should result in relatively lower surface 
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electrode-tissue interface temperatures; thus, more power could be delivered to the tissue 

without an impedance rise. 

Deeper myocardial lesions, resulting from the use of gold tip electrodes, may be 

beneficial for ablating certain arrhythmogenic sites, such as those causing ventricular 

tachycardia due to ischemic heart disease. Another approach to increase power delivery 

is to cool the tip of the catheter using saline that is flushed over the electrode tip during 

RF energy delivery. (11,12.13) This adds complexity to the delivery system, and may cause 

a decrease in the tissue-catheter contact that would decrease lesion depth. A second 

approach is to increase the length of the distal tip electrode, which also may increase the 

depth of the lesions. (14,15) However, large tip electrodes greater than 4 mm in length are 

stiff and may increase the risk of myocardial damage during catheter manipulation. 

The advantage of using a gold ablation electrode is that is does not add complexity to the 

catheter delivery system. Gold has excellent electrical conductive properties as well as 

having a high thermal conductivity allowing it to serve as an excellent recording 

electrode. Additionally, gold is known to be biologically inactive. It should be noted that 

the higher thermal conductivity of gold electrodes should not be useful in causing deeper 

lesions if the electrode tip is in an area of low blood flow such as in trabeculae. Under 

these circumstances convective cooling at the electrode tip would be minimal. 

Conclusion 

In summary, greater RF power can be delivered to gold electrodes as compared to 

platinum electrodes before there is an impedance rise when there is surface convective 

cooling. This effect is due to the greater thermal conductivity of gold as compared to 
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platinum and is more pronounced with a 4 mm than with a 2 mm tip ablation electrode. 

Experiments in vivo need to be done to confirm these in vitro observations. 
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Legends 
Figure IA. Schematic representation of RF experimental preparation. 

lB. Enlarged view from above showing how the catheter was held against the 
tissue by a weighted dual pronged plastic fork. 
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Figure 2. Lesion depth versus power using radiofrequency applied to 2 mm platinum 
distal tip electrodes (circles) and 2 mm gold distal tip electrodes (squares). Energy was 
delivered for 90 sec. The points represent mean ± standard deviation. The maximum 
energy that could be applied to the platinum electrode was 6 watts whereas the maximum 
for the gold electrode was 8 watts. 

Figure 3. Lesion depth versus power using radiofrequency applied to 4 mm platinum 
distal tip electrodes (circles) and 4 mm gold distal tip electrodes (squares). Energy was 
delivered for 90 sec. The points represent mean ± standard deviation. The maximum 
energy that could be applied to the platinum electrode was 14 watts whereas the 
maximum for the gold electrode was 20 watts. 



Table I. 
Maximum Lesion Depth, Length, Width, and Estimated Lesion Volume for Gold and 
Platinum Tip Electrodes 

Electrode 

Gold 

Platinum 

p value 

Gold 

Platinum 

p value 

* n 

6 

6 

4 

6 

Depth (nun)** Length (mm) Width (mm) Est. Lesion 
Volume (nun3

) 

6.5 ±0.7 

4.7 ±0.5 

0.003 

7.2 ±1.4 

5.8 ±0.7 

0.05 

2 mm Electrodes 

5.9±0.5 

6.1 ± 1.1 

0.75 

4.5 ± 1.0 

4.6± 0.4 

0.94 

4 mm Electrodes 

8.0±0.9 

6.5 ±0.8 

0.02 

6.3 ± 1.0 

5.8 ± 1.3 

0.5 

366 

276 

0.14 

778 

470 

0.04, 

* Number of observations 

** All values are given as Mean ± SD 
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