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ABSTRACT 

investigated the design concepts and 

two types of intracavitary ultrasound 

use in hyperthermia cancer treatment. 

calculations, thermal simulations, bench 

experiments, and in vivo and in vitro studies were utilized to 

determine and then evaluate the final designs. Each of these 

devices appears to offer a significant improvement over the 

existing RF and microwave intracavitary hyperthermia methods. 

The first type of applicator consisted of a multielement 

array with the power level to each element independently 

controlled. This is an important feature in that it allows the 

power deposition along the length of the array to be modified 

during a treatment to account for changes in blood perfusion 

or local heating rates. A temperature regulated water bolus 

provided acoustic coupling and additional control over the 

depth of the maximum temperature from the cavity wall. These 

applicators were tested in vivo and in vitro and were able to 

induce controlled transrectal heating at depths of 2-3 cm in 

the canine rectum and prostate gland. 

The second type of applicator to be developed was an 

electrically focused array. computer simulations were used to 

perform a parametric study of the design of such arrays. These 

results have indicated that cylindrical arrays of a practical 

size (7.5 cm long, 1.5 cm 0.0.), resonating at 0.5 MHz with 
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individual elements that are up to 1.5 mm wide, can 

preferentially heat regions 2-5 cm from the array surface. In 

addition, it was shown that the temperature distribution can 

be further controlled by scanning the focal position within 

the target volume, producing heated regions up to 4 cm wide. 

A practical design was developed and a prototype 0.5 MHz array 

was constructed and tested in degassed water. These results 

were in good agreement with the corresponding theoretical 

simulations. 
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INTRODUCTION 

1.1 Hyperthermia 

17 

Localized hyperthermia is a method of treating cancerous 

tissues: a controlled energy deposition is applied within a 

tumor, raising the temperature to 42.5 0 C or above, and 

maintaining this for 30-60 minutes [Hahn 1984, Strohbehn and 

Douple 1984]. Hyperthermia is most efficacious when used in 

conjunction with radiation therapy [Overgaard 1989, Arcangeli 

et al. 1987, Gerner et al. 1975, Dewey et al. 1977, Field 

1987], where the application of both of these methods is more 

beneficial than radiation alone. Hyperthermia was also found 

to be an adjuvant to chemotherapy, where thermochemotherapy 

was found to enhance the action of some common therapeutic 

agents by increasing and localizing the cytutoxic effects on 

tumor cells [Hahn 1979, Gillete 1984, Li 1984a, Herman et al. 

1988, Dewey 1984]. 

1.1.1 Biological Basis 

There are two basic mechanisms by which hyperthermia 

attacks malignant tissue and aids in radiation therapy: 

hyperthermicra~iosensitizationandhyperthermiccytotoxicity. 

Hyperthermic radiosensitization is when hyperthermia improves 

the cell kill effect of ionizing radiation. One possible 
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explanation is that the thermal damage causes an enhanced 

reduction in the capacity of the cells to repair the 

intracellular radiation damage 

radiosensitivity [Overgaard 1980]. 

and increases the 

The second mechanism, hyperthermic cytotoxity, is due to 

a direct cytotoxic effect of the increased temperature on the 

tissues. This is most prominent in poorly vascularized tumors 

and tissues, being enhanced by the concomitant sub-optimal 

cellular environment: low pH or acidic, hypoxic, and low blood 

flow. These hypoxic cells have been found to be more 

susceptible to thermal damage [Suit and Gerweck 1979, Song et 

ala 1980] than cells in a normal environment. conversely, 

these chronically hypoxic tissue regions are resistant to 

radiotherapy [Overgaard and Overgaard 1987]. Therefore, 

hyperthermia is effective in attacking malignant tissues in an 

environment were common radiotherapy will often fail. This 

effectiveness is enhanced by the fact that since the blood 

flow to some of these tumors is low and not dynamic or 

responsive to heat, the tumor can be more preferentially 

heated [Sor.g 1984], reducing the deleterious effects on nearby 

normal cells. 

The enhancement of radiation therapy by the addition of 

hyperthermia can be quantified by the Thermal Enhancement 

Ratio (TER) and the Therapeutic Gain Factor (TGF) [Gillete 

1984]. The TER is defined as the ratio of the dose of 

radiation required to cause a given response in the absence of 
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hyperthermia to the dose required in conjunction with 

hyperthermia. The TGF is defined as the ratio of the tumor 

TER to the normal tissue TER. A TGF greater than one 

signifies a greater relative effect of the treatment/dose on 

the tumor relative to surrounding normal tissue. It is 

important to note that normal tissue and malignant tissue 

often exhibit the same levels of TER for the same dose of 

temperature and simultaneous radiation [overgaard 1989]. 

1.1.2 Sequence Of Treatments 

Extensive studies have been undertaken to determine the 

effect of the sequence, heating time, and time interval 

between the application of hyperthermia and radiotherapy 

[Overgaard 1980, Overgaard 1981, Emami et al. 1984, Arcangeli 

et al. 1984]. The sequence refers to the radiation being 

applied before, during, or after hyperthermia. The 

simultaneous application of radiation and hyperthermia 

produced the highest TER, but since this was the same for the 

tumor and normal tissue there was no therapeutic gain (TGF=l). 

In other words, the best results may be obtained with 

simultaneous treatments, but only if the tumor itself can be 

preferentially heated to therapeutic temperatures, with little 

heating in the surrounding normal tissues. This simultaneous 

application induces therapeutic gain mainly by the first 

mechanism discussed, hyperthermia radiosensitization. Another 

important factor is the rate at which the tissues are heated. 
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If the time required to reach therapeutic temperatures is 

sufficiently long (greater than 30 min), mechanisms can 

develop to protect the cells from hyperthermic damage [Herman 

et ale 1981]. 

In many clinical situations it is difficult to give 

simul taneous hyperthermia and radiotherapy, so sequential 

treatments must be applied. In this situation the response to 

the combined treatment is reduced, where normal and malignant 

tissues show a decrease in TER's as the interval between the 

two treatments increases. When hyperthermia is applied first, 

the tumor tissue TER can sometimes decrease to less than that 

of the normal tissue, yielding a TGF<l [Overgaard 1989]. 

However, when hyperthermia is given within a few hours after 

radiation, the TER of the tumor remains above the normal 

tissue TER, giving a TGF >1. In other words, the sequential 

treatment (radiation before hyperthermia) yields a TGF>l, even 

if the normal and tumor volumes received the same dose. When 

over 30 min expires between the radiation and hyperthermia, 

the major effect is due to hyperthermic cytotoxicity, with 

partial radiosensitization [Overgaard 1989]. 

1.1.3 Clinical Studies 

The efficacy of hyperthermia as an adjutant to radiation 

therapy is supported by numerous clinical studies, some of 

which are summarized below. A clinical study on treatment of 
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melanoma yielded TER's of 1.43 and 1.24 for simultaneous and 

sequential treatments, respectively [Overgaard 1987]. A review 

by overgaard (1989) summarizes the clinically obtained TER's, 

which range from 1 to 6.14 for different types of tumors and 

treatment modalities. $imilarly, Gillete (1984) has 

summarized treatments of human tumors with combined therapy 

showing TER's between 1.3-2.63 and TGF's between 1.3-2.1, 

which were better for superficial and small tumors. 

Arcangeli et ale (1987) showed that for 38 patients with 

head and neck lesions, as well as melanoma, the immediate 

response and response duration were enhanced by the addition 

of heat. They also showed that the addition of hyperthermia 

was more damaging to large lesions. Earlier studies by 

Arcangeli et ale (1984) showed that tumor control and 

recurrence rate were better for the combined treatment versus 

radiation alone in the 77 patients analyzed. Emami et ale 

(1984) found a 70% superior tumor control rate when radiation 

and heat were applied simultaneously (wi thin 1 hr of each 

other) in a murine tumor study. Scott et ale (1984) observed 

an 87% complete response (CR) rate for combination treatment 

versus 39% for radiotherapy alone on superficial malignancies 

for 59 patients. These results were similar to those obtained 

by Corry et. al (1982) in 18 patients, who obtained a 62% 

complete response rate and a 100% overall response rate (OR) 

compared to no CR's and 30 % overall response for radiation 

alone. 
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Marmor et al. (1978) obtained an overall response rate of 

55% using hyperthermia alone in treating spontaneous pet 

tumors on dogs and cats (22 animals). Likewise, Thompson et 

al.(1988) obtained an overall tumor response rate of 87.7% 

(60.7% CR) in spontaneous canine tumors with combined 

treatment (51 animals). Dewhirst et al. (1982) completed a 

phase III trial on spontaneous pet tumors and found that 

hyperthermia combined with radiation produced 2.3 times more 

CR's than radiation alone, and that large tumors showed a 

better response (77 animals). A mUlti-institutional study by 

Kakehi et al. (1990) on hyperthermia combined with 

radiotherapy in the treatment of deep-seated tumors (96 

patients) has reported the following overall responses: 80% 

for lung cancer, 39% for stomach, 100% for primary rectal, 47% 

for recurrent rectal, and 71% for bladder cancer. 

Another benefit of hyperthermia and radiation therapy, as 

discussed in a review by storm et al. (1987), is the 

possibility of tumor stabilization or growth remission, of 

exposed tumors. 

1.2 Technigues For Applying Hyperthermia 

The most common modalities used in applying local and 

regional hyperthermia are microwaves, radio-frequency, and 

ultrasound [Cheung and Neyzari 1984]. There are many different 

types of applicators that utilize these modalities and, due to 
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their inherent heating qualities, have specific regions or 

anatomical sites where the performance of one type may be 

better than the other. Some of the important performance 

criteria that should be considered when choosing a specific 

method or applicator would be the power deposition pattern, 

depth of penetration, and the ability to control where the 

energy is being deposited (i.e., preferentially heating only 

the tumor). There are basically three approaches for applying 

hyperthermia using the above modalities: external, 

intracavitary and interstitial. 

Since tumors are found throughout the body, many 

different sizes and sites are encountered to be treated. 

Commonly, these are divided into sites that are either deep

seated or superficial. External and interstitial methods are 

used most often for superficial tumors, whereas all of the 

above methods are useful for treating deep-seated tumors. 

Apart from the above methods of applying localized 

heating, whole body hyperthermia can be applied via three 

techniques: fluid contact methods, applied power absorption 

methods, and extracorporeally warming of blood [Milligan 

1984]. 

1.2.1 EM And RF Methods 

The EM methods (RF and microwave) use an applied electric 

field to generate heating in tissues. Microwave radiative 

sources such as apertures or horns, phased arrays, microstrip 
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arrays, and interstitial radiators [Franconi 1987, Hand 1990] 

are used to couple the propagating wave from the device to the 

patient. EM waves at these high frequencies (>300 MHz) are 

highly absorbed in tissues and can only heat satisfactorily up 

to a few cm in depth [Cheung and Neyzari 1984]. Due to the 

limited penetration of microwaves, these applicators are most 

often used in treating superficial tumors. Arrays of these 

devices can be used to focus the energy at deeper target 

regions to try and overcome the losses of energy at the 

surface [Gross et al. 1990]. 

Other types of EM devices include capacitive applicators, 

usually operating at 13.56 or 27.12 MHz, to generate an 

electric field between 2 plates. This method provides de(~p 

heating but the power deposition is difficult to control and, 

due to the direction of the E-field, excessive energy 

absorption may occur in the fat layer. Also, inductive coils 

are used to generate an energy deposition in tissues by 

inducing currents, and is commonly used for regional deep

seated tumors. Again, the power deposition is difficult to 

predict and control with these methods. 

RF devices use the passage of electrical current between 

electrodes to cause resistive heating within the tissues. Most 

often this is an invasive technique, where inserted needles or 

probes are used as the electrodes, such as in interstitial 

techniques (see Appendix A for a more detailed description of 

interstitial methods). 
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The clinical temperature distributions induced with 

external electromagnetic methods (APAS, CDRH helix) have been 

disappointing [Oleson et ale 1986, Sapozink et ale 1986, Shimm 

et ale 1988b], showing that the present systems cannot induce 

therapeutic temperatures in most of the deep-seated tumors 

treated. 

Conversely, invasive interstitial techniques (microwave, 

RF and ferromagnetic implants) [Brezovich et ale 1984, 

Stauffer et ale 1989, Frazier and Corry 1984, Cosset et ale 

1984]. have shown promise in treating deep-seated tumors. 

1.2.2 Ultrasound Methods 

Ultrasound transducers are used to generate mechanical 

pressure waves in the tissue to generate heating. The 

frequencies used generally range from 0.5-10 MHz with 

corresponding wavelengths of 3 mm-O. 15 mm, and are less 

readily absorbed as compared to microwaves. This small 

wavelength of ultrasound in tissues allows the beams to be 

easily focused within the boundaries of a targeted region. The 

differences between the penetration depths (50% power 

absorption) of microwaves and ultrasound is best illustrated 

for plane waves traveling in muscle tissue: penetration 

depths for microwaves range from 0.5 to 1.5 cm, for the 

frequency range of 2450 to 433 MHz [Cheung and Neyzari 1984], 

while for ultrasound the penetration depths range from 7.0 to 

0.7 cm over the frequency range of 0.5 to 5.0 MHz [Hynynen 
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1990] • The general physics of ultrasound propagation in 

tissue, and descriptions of devices commonly used for applying 

hyperthermia, are reviewed by Hynynen (1990), Roemer (1987) 

and Hunt (1987). 

Single and multielement planar ultrasound applicators are 

often used to heat superficial tumors due to their shallow 

penetration, where the frequency of the device can be chosen 

to limit the depth of heating. The capabilities of single 

transducer devices to generate a sufficient temperature rise 

in mammalian tissues was characterized for stationary and 

scanned planar transducers by ter Haar and Hopewell (1983a,b) 

and Lele and Parker (1982). A comparison to microwaves has 

shown that these planar transducers, in conjunction with 

surface cooling, are superior, providing preferential heating 

of tissues at depth with little heating of the skin surface. 

Corry et ale (1982) and Marmor et ale (1978) used local 

ultrasound hyperthermia with planar transducers to treat human 

and animal tumors, respectively, with promising results. 

Mul tielement planar arrays have also been developed, 

where each element is independently power controlled 

[Underwood et ale 1987, Benkeser et ale 1989]. Individual 

element sizes were designed so that collinlated beams are 

formed, localizing the power deposition of each element to an 

adjacent region. The advantage of this method is that the 

temperature distribution throughout the heated volume can be 

controlled better than with single planar elements; this could 
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help account for irregularly shaped tumors or inhomogeneous 

tissue composition, including differences in blood perfusion 

rate. 

Deep-seated tumors are often heated using focused 

traducers which deliver energy deeper into the tissues. These 

transducers can either be stationary or scanned to move the 

focal region throughout the volume to be heated [Dickinson 

1984, Lele and Parker 1982, and Hynynen et ale 1987a). By 

using focused transducers, the high intensity regions can be 

located away from the body surface, especially when using 

overlapping beams from more than one transducer. Usually the 

focal regions are mechanically scanned throughout the target 

volume to enlarge the size of the heated region. Fessenden et 

ale (1984) used multiple plane disks mounted on a large 

spherical shell to generate large focal regions, 3-6 cm, 

without necessitating scanning of the system to heat deep

seated tumors. These devices do need a large size "window" 

(entrance region without bone or gas) in which to deliver the 

energy deep into the tissues. These scanned focused ultrasound 

systems have been shown to induce therapeutic temperatures in 

certain deep tissues in animals and tumors [Hynynen et ale 

1987b, Lele 1983, and Shimm et ale 1988b) and appear to offer 

the most promise. 

Recently new devices have been introduced for applying 

external ultrasound hyperthermia using electrically focused 

arrays. The advantage of these devices is that the beam 
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profiles or focusing depth can be modified electrically by 

controlling the phase and amplitude to each of the individual 

elements. Do-Huu and Hartemann (1982) developed a concentric 

ring array, where the depth of the focus could be varied along 

the central axis by controlling the relative phasing of each 

of the elements. This development was continued by Cain and 

Umemura (1986) for an annular ring and sector-vortex phased 

array system. This concentric ring array was used to produce 

annular focal regions at a controlled depth, while the more 

complex sector-vortex array could electrically scan a focal 

region around the central axis. The concentric ring approach 

was improved upon when Ibbini and Cain (1990) added mechanical 

scanning. 

Another type of device for deep hyperthermia is the 

cylindrical-section phased-array applicator, developed by 

Ebbini et al. (1988) . The array consists of rectangular 

elements that form a cylinder around the abdominal and pelvic 

regions, allowing a focal region to be generated in the 

central region. 

Benkeser et al. (1987) developed the tapered phased 

array. This one-dimensional wedge shaped array could be 

steered in two dimensions by adjusting the phasing of each 

element and controlled in the third dimension by changing the 

driving frequency. 

These focused ultrasound systems are very useful for 

delivering energy deep into the body, where the power 
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deposition can be well controlled. Unfortunately, externally 

applied ultrasound hyperthermia does have some dif"ficulties in 

areas where gas or bone prevent the penetration of the beams 

into the target region. Another problem is patient pain 

associated with an increased temperature elevation at these 

interfaces if they are located immediately behind the target 

region. 

1.3 Intracavitary Hyperthermia 

1.3.1 Rationale For Intracavitary Hyperthermia 

An alternative approach to the above external methods is 

to improve the temperature distribution by bringing the energy 

source closer to the target regions via body cavities. This 

approach has several advantages over other deep heating 

hyperthermia systems: 1) the applicator can be placed in close 

proximity to the tumor, whereby the energy can be delivered 

directly into the treatment volume and minimize normal tissue 

damage, 2) the location of the applicator and the heating 

field can easily be verified and 3) tumors that cannot be 

heated with any other external means (located too deep, 

shadowed by bone or air, or having a high perfusion) can 

sometimes be heated with intracavitary applicators, and 

finally, 4) the equipment can be rather simple as compared to 

some non-intracavitary devices. 
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1.3.2 Current Intracavitary Hyperthermia Devices 

One of the first uses of intracavitary hyperthermia was 

recorded in 1898, when hot water circulating through copper 

rods was utilized to treat cervical cancer [Westermark 1898]. 

Currently though, most intracavitary applicators have been 

using microwaves and RF energy to heat tumors in the rectum, 

prostate, esophageal wall, nasal-pharynx, tracheal wall, 

vagina, cervix and uterus, etc. 

Several different applicators have been developed for 

applying hyperthermia to the prostate. Experiments in 

phantoms, animals and human patients have been used to verify 

the feasibility. Mendecki et ale (1980) tested the feasibility 

of transrectal heating using 915 and 2450 MHz microwave 

antennae in animal experiments and in treating two human 

patients, with satisfactory results. Similarly, Yerushalmi et 

ale 1982 used a 2450 MHz microwave applicator and recorded 

temperatures of 42-44°C within the prostate. Petrowicz et ale 

(1982) treated 35 dog prostates using a 434 MHz slot-antenna, 

with a circulating cooling system (2-10°C) around the 

applicator, and reported high temperatures in the prostate but 

heat damage to the rectal wall. Astrahan et ale (1989b) 

developed a transurethral method of heating the prostate; 

microwave antennae were attached to a Foley catheter, for a 

total outer diameter of 6 mm. These applicators were able to 

produce a radial penetration depth (region greater than 42°C) 

of 5 mm. An insulated sleeve dipole applicator, operating at 
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433 MHz, was developed by Broscat et al. (1988) for 

intracavitary use. This was shown in theory and in phantoms to 

have a penetration depth just under 10 mm. 

Cervical and uterine cancer has been treated using spiral 

microwave antennae that abut directly to the mouth of the 

cervix [Chen et al. 1984, Zhong et al. 1988]. A similar 

approach has been applied using RF currents, where the primary 

electrode is placed adjacent to the cervix and uterus [Hosoi 

et al. 1987]. Roos et al. (1989) developed an 8 mm 00 

biconical antenna for use in treating cancer colli uteri. Li 

et al. (1984b) tested microwave applicators (300, 400, 650, 

and 915 MHz) for vaginal and rectal heating, and could vary 

the heating patterns by simple modifications of the design 

(not during the treatment). Valdagni et al. (1988) has 

developed individualized vaginal applicators, where 

interstitial antennae are mounted within the device in such a 

manner that the radiating portions are located next to the 

treatment si tie. 

Intraluminal heating of the esophagus with microwave 

antenna has been reported by Astrahan et al. (1989a), who has 

developed an applicator for intraluminal heating of the 

esophagus, using multiple microwave antenna attached to a 

nasogastric tube (1 cm complete 0.0.), with reported 

penetration depth of 0.5 om. Similarly, Matsuda et. al (1988) 

developed an RF heating system for the esophagus, producing 

good results i 
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xanimals. Liru et al (1990) developed a microwave esophageal 

applicator with temperature feedback control over the power 

distribution. Fukushima et ale (1988) used a wire-guided 

endotract RF applicator for esophageal hyperthermia to ensure 

that the peating is centered within the tumor .. 

Intracavitary applicators have been developed for use in 

the lower and upper respiratory tract as well. Leybovich et 

ale (1987) developed an endotracheal applicators, using either 

RF interstitial probes or microwave antennae attached along 

the wall of an endotracheal tube. Zhong et ale (1988) used a 

915 MHz antenna with metal sleeves to localize power 

deposition from the tip only. 

1.4 Rationale For Developing Ultrasound 
Intracavitary Applicators 

The above microwave and RF applicators have a few 

drawbacks. First, microwaves are attenuated very rapidly in 

tissues, and only shallow tumors can be heated, even with 

surface cooling [Yerushami et ale 1982]. Second, the power 

deposition pattern along these applicators is difficult to 

control in the angular expanse and fixed in length and cannot 

be changed during the course of a treatment. The ability to 

alter the power deposition is a feature that is often needed 

during treatments due to the differences in the blood 

perfusion rate between different parts of the tumor. Finally, 

microwaves from intracavity applicators cannot be focused to 
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overcome the attenuation and geometrical losses, which is 

necessary for deeper penetration. Some RF applicators also 

offer good penetration but lack control over the size of the 

heated region [Hosoi et al. 1987]. 

In addition to the above RF and microwave techniques, 

another method is to induce the temperature elevation with an 

intracavi tary applicator that uses ultrasound. In theory 

ultrasound is the preferential method of delivering energy 

deep into the body. This is due in part to the following: The 

wavelength is small in tissues and therefore can easily be 

focused or form collimated beams at frequencies which 

penetrate well in tissues. Also, the transducers can be made 

in almost any shape or size. This latter characteristic makes 

it possible to construct multiple transducer arrays that are 

small enough for intracavitary applications. 

The natural contours of the larger body orifices (i.e., 

rectum, vagina, esophagus, and trachea) suggest the use of 

cylindrical radiators. The corresponding tumors are often 

circumferential or a sector thereof surrounding the orifice, 

extending from a region close to or including the cavity wall. 

The ultrasound applicators can be made to radiate in 360 0 or 

a sector thereof, with more complex versions able to control 

the power deposition within sectors around the applicator. 

This prospect compares favorably to existing microwave 

applicators in that the rotational and axial power deposition 

may be tailored during the treatment. Planar arrays are not 
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appropriate due to the large amount of angle scanning and the 

small aperture in one direction, which would limit the amount 

of heating in an angular expanse. 

with these characteristics in mind, there are basically 

two approaches that are possible for applying intracavitary 

ultrasound using cylindrical arrays: nonfocused multiple 

element arrays and electrically focused phased arrays. 

1.5 Proposed Array Concepts 

1.5.1 Nonfocused Multielement Arrays 

The first type of approach utilizes an array of small 

ul trasound transducers, where the individual power output 

levels can be independently controlled. The dimensions and 

shape of the transducers must meet certain criteria so that 

the power deposition is mostly perpendicular to the surface, 

forming a collimated beam. In this fashion, the power levels 

can be modified along the length of the applicator (see Fig. 

1.1) to control the temperature rise in an adjacent tissue 

region [Diederich and Hynynen 1989,1990]. In Fig. l(a) the 

array is shown lying in a body cavity along the surface of the 

target region. The advantage of these multiple element arrays 

is illustrated in Fig. l(b,c), where the power distribution 

along the length of the array can be varied to account for 

larger temperature gradients or perfusion changes to get a (c) 
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Fig. 1.1. Symbolic diagram illustrating the (a) operation of 
a nonfocused array aligned along a target volume, for (b) 
equal (simulates a nonadjustable array) and (c) tailored power 
distributions along the length of an array. 
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that 

This 

"even"distribution is symbolic of applicators where the power 

deposition cannot be altered along the length, such as 

microwave antennae. In practice, these arrays would be 

surrounded by a membrane enclosed jacket of temperature 

controlled circulating water for acoustic coupling to the 

tissues. In addition, changing the operating frequency and the 

temperature of the coupling water allows some control over the 

depth and positioning of heating from the cavity wall. Thus, 

this method achieves a significant improvement over the 

existing microwave and RF intracavitary techniques. 

1.5.2 Electrically Focused Phased Arrays 

The second approach is to develop small phased arrays, 

and use electrical focusing and scanning to increase the depth 

of effective heating compared with the non focused transducer 

operation mentioned above. 

To focus the beams of a phased array the applicator must 

be constructed from small transducer elements (isotropic 

sources) which are independently controlled in phase and 

amplitude. An intensity maximum can be created by driving the 

elements with signals having such a phase difference that the 

hemispherical waves emitted by each element are in the same 

phase at the desired focal point (see Fig. 1.2 for symbolic 

illustration). The focusing is caused by constructive 
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Fig. 1.2. Symbolic diagram illustrating the operation of a 
phased array, for (a) center and (b) off center focusing, 
showing ability of deeper penetration and scanning energy. 
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interference of all of the waves at the focal point, whereas 

elsewhere the waves are interfering more or less 

destructively. Therefore, the resultant ultrasonic field has 

an intensity maximum at the focus. Existing knowledge of 

electrical focusing for the induction of hyperthermia appears 

to indicate that tumors that are situated some distance from 

the a cavity wall could be heated with an intracavitary phased 

array applicator. 

1.6 Introduction to study 

The purpose of this study was to investigate the 

feasibility of utilizing nonfocused and electrically focused 

cylindrical ultrasound arrays for the induction of 

hyperthermia via body cavities. From the above discussions it 

is apparent that there is a need for devices such as these, 

which could offer a significant improvement over the existing 

technologies. This work develops the design criteria for these 

arrays and determines the extent of their abilities and 

limitations in controlling the applied temperature 

distributions. 

In Chapter 2 the theoretical models are developed to 

calculate the acoustic fields generated by each type of 

cylindrical array. These computer sim.ulations were used to do 

a parametric study on the dimensions and frequencies of these 

devices and their influence on the acoustic field. Also, a 
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thermal solving routine, based on the bio-heat transfer 

equation, was used to determine the resulting temperature 

distributions and study the differences between various types 

of designs, scanning patterns and heating configurations. 

A summary of the experimental techniques used to 

characterize and make these ultrasound transducers is found in 

Chapter 3. These experiments in water, in vitro phantoms, and 

in vivo animals were used to verify the theoretical results 

and to further characterize the final non focused arrays, as 

well as the individual elements. 

Chapter 4 summarizes the experiments and theoretical 

simulations to characterize individual transducers, with an 

emphasis on beam collimation and penetration depth for the 

later development of nonfocused arrays. 

The development of a non focused array is undertaken in 

Chapter 5, where arrays are constructed using information from 

the previous chapter along with more theoretical work. The 

performance of these arrays were then evaluated with 

experiments, including in vitro and in vivo tests. 

The concept of using cylindrical phased arrays is 

theoretically evaluated in Chapter 6, where guidelines on the 

applicator design are presented. The performance at heating 

deep tissues is addressed, as well as the ability to scan and 

heat larger volumes. A technique to improve the field 

distribution is presented. 
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In Chapter 7, a prototype phased array design is proposed 

from the previous theoretical design and existing practical 

constraints, and then evaluated theoretically. A prototype of 

this phased array and necessary hardware was constructed and 

the device was tested in water. 

A summary and conclusions are found in Chapter 8, and a 

discussion of the future directions of this research are found 

in Chapter 9. 

A preliminary study on the feasibility of using 

ultrasound arrays for interstitial hyperthermia is presented 

in Appendix A. 
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CHAPTER 2 

DEVELOPMENT OF THEORETICAL MODELS 

In the development of ultrasound transducers for specific 

applications, the acoustic field generated for a given shape 

or size of the piezoelectric element yields important 

information regarding the performance of the design. In 

hyperthermia, the acoustic field is directly translated into 

how well a certain transducer or array will heat tissues. In 

general, the acoustic pressure or intensity field is defined 

by the solution of a surface integral (along the transducer 

surface) of the following form [Hynynen 1990]: 

(2.1) 

where s is the distance from a point source dA on the surface 

to a point in the field, and k is a constant. It is difficult 

to obtain closed form solutions of this integral. However, 

numerical approximations are often used to obtain solutions 

for specific types of radiators. 

2.1 Existing Acoustic Models 

The above surface integral (Eqn. 2.1) can be solved for 

the field distributions by using two-dimensional numerical 

integration over the surface of any shaped radiator. The 

radiating surface of the transducer can be divided into 
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infinitesimal ele~ents or spherical point sources [Hueter and 

Bolt 1955] and, by using Huygen's principle, the complete 

pressure field can be determined by summing the contribution 

from each small source. The fields produced by each small 

element are well defined [Hueter and Bolt 1955, Kinsler 1962]. 

This method can accurately calculate both the nearfield and 

farfield distributions, but since the sources must be much 

smaller than a wavelength the calculations become time 

consuming for large transducers [Zemanek 1971]. 

The most ubiquitous models for generating the acoustic 

field patterns produced by ultrasound transducers are for 

spherically curved, planar disc, and rectangular 

configurations. The symmetry of these cases lends itself to 

forming approximate analytical or simplified numerical 

solutions for the field calculations. Many of these solutions 

are only valid in the farfield regions. 

The field distributions for disc radiators have been well 

described in the literature, including the following: Hutchins 

and Archer-Hall (1983) devised a series method solution that 

allows the evaluation of the pressure field in the nearfield 

and can account for variations in particle velocity of the 

transducer face. Zemanek (1971) compared numerical and 

analytical solutions in the nearfield region and Mair et ale 

(1987) evaluated differences between the calculated squared 

pressure and intensity fields. Archer-Hall and Gee (1982) 

developed single integral solutions for intensity 
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distributions and Hutchins et ale (1986) compared experiment 

to theory. 

The sound fields from spherically curved or focused 

radiators have been described by O'Neil (1949), who developed 

an approximate theory to describe the axial field 

distribution. Kossoff (1979) analyzed the intensity 

distributions for transducers of different sizes and degree of 

curvature. A single integration technique is described by 

Madsen et ale (1981) and Swindell et ale (1982), where the 

order of integration is reduced by dividing the transducer 

surface into annular rings that are symmetric with the field 

point. This technique allows the field to be calculated off

axis and is valid in the nearfield and farfield, except for 

regions next to the face of the transducer. Penttinen and 

Luukkla (1976) derived an approximate closed form solution to 

spherically curved radiators by using the Fourier tr.ansform of 

the impulse response along the surface. Mair et ale (1987) 

calculated the squared pressure and intensity fields for 

continuous wave excitation and compared them. Goodsi tt et al. 

(1982) presented a method to determine the acoustic field of 

a pulsed, focused radiator. 

The sound field of rectangular sources are described by 

Freedman (1960) and Ocheltree and Frizzell (1989), with the 

latter emphasizing phased rectangular arrays. 
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2.2 Acoustic Models For Cylindrical Radiators 

For our purposes, traducers with a cylindrical geometry 

with the sound radiating outward in the radial direction were 

chosen to be studied and therefore necessitated developing 

acoustical models for cylinders. A simplified analytical 

model was derived to calculate the acoustic intensity field 

from an infinitely long cylinder. This obviously does not 

accurately model an array of individual finite cylinder 

segments, but since a large amount of CPU time is not required 

(on the order of seconds), a large amount of information that 

indicates general trends can be obtained quickly. 

since an accurate analytical model does not exist, a 

numerical program was developed to enhance the accuracy of our 

simulations by modeling the surface of individual cylinders 

using Huygen's principle. This 3-dimensional field 

calculation routine was slow, requiring CPU time on the order 

of hours to compute accurate field patterns. 

2.2.1 simple I-Dimensional Model 

The ultrasound transducer was modeled as an infinitely 

long cylindrical power source with an acoustic intensity 

distribution (I) in the radial direction of : 

(2.2) 



where 

10 = intensity at the transducer surface, (W m-2
) 

ro = outer radius of the transducer, (m) 
r = radial distance from transducer center, (m) 
Q = amplitude attenuation coefficient, (Np m-1

). 
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This equation was derived from induction knowing that for 

purely radial propagation the intensity will decay as the 

surface area increases (1/r) in addition to the exponential 

attenuation of plane wave decay. 

The absorbed acoustic power <q> (rate at which acoustic 

energy enters an element of the medium per unit volume) in an 

absorbing 

medium can be derived from the intensity as follows [Nyborg 

1981]: 

(2.3) 

This absorbed power term is used to characterize the power 

deposition pattern of these transducers and to evaluate their 

heating potential. 

2.2.2 3-Dimensional Numerical Model 

The array was modeled as a cylindrical tube of finite 

length embedded within a medium having thermal and acoustic 

properties of tissue. The orientation of a typical array, 

with respect to a cylindrical coordinate system, is shown in 

Figure 2.1 and will be used throughout this paper. The array 

consisted of a variable number of cylindrical sections 
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Cylindrical Transducer 
Section 

z 

Fig. 2.1. Diagram of the cylindrical transducer array model 
with regard to a cylindrical coordinate system. The length 
( I" ) and radius (r t) of each transducer element, and the 
separation distance (s,,) between them were parameters that 
could be varied. The total array length is It. 
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attached end on end and aligned along the z axis; orientation 

along this axis will be referred to as the axial direction. 

The ultrasound is emitted from the surface of the cylinders 

and propagates in the radial direction. The model was 

symmetric in the theta dimension, or angular expanse. This 

tube was divided into N cylindrical sUbsections in which the 

length of individual transducer elements (Ie) and the 

separation between them (se) were design parameters which 

could be varied. The power and phase (~) of each element were 

separately controllable and continuous along its entire 

surface. 

The acoustic pressure distribution generated from these 

surfaces was then calculated using Huygen' s principle by 

modeling the surface as a grid of evenly spaced simple 

spherical sound sources [Hueter and Bolt 1955]. These sources 

were separated by a specified fraction of a wavelength, which 

for most of our simulations was A/32. (This was found to be 

small enough to accurately model the elements). Each of these 

simple sources radiated sound uniformly in hemispherical 

wavefronts. The pressure field generated by each source was 

defined by the following expression [Hueter and Bolt 1955, 

Kinsler 1962], with the addition of the linear attenuation 

term: 

Psar j (2n ft-2n 4 -tp) -ar 
P(r,t)= a e A 

S r 
(2.4) 



where 
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Ps = acoustic pressure field from simple source, (Pa) 
Psa = acoustic pressure amplitude at simple source, (Pa) 
ra = radius of simple source, (m) 
r = radial distance from center of source, (m) 
A = wavelength, (m) 
~ = phase shift, (rad) 
f = frequency, (Hz) 
a = amplitude attenuation, (Np m-1 MHz-1

) 

t = time, (s) 

The complete relative pressure distribution in the 

surrounding medium was calculated as the summation of the 

complex pressure fields emitted from each source along the 

surface of the cylindrical array [Kinsler 1962, Zemanek 1970]. 

The field was calculated in a single z-r plane extending from 

the entire array surface into the radial direction using the 

following expression: 

where 

(2.5) 

= complete acoustic pressure field, (Pa) 
= distance from the simple source whose contribution 

is being summed to a point on the z-r plane,(m) 
= number of sources in the z direction 
= number of sources in the theta direction. 

The value of nj is determined from geometrical calculations 

for each r ij value to find the limit of exposure from the 

hemispherical elements as determined by the surface 

tangent,i.e., those not shadowed by the array surface. 
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The appropriate phase for each source element was 

calculated from a geometrical equation relating the distance 

from the center point of each individual cylindrical element 

to the desirable focus point so that the coincident pressures 

were in phase. The shortest path length was considered zero 

phase and the other paths, which were longer, were phase 

adjusted according to the length difference in wavelengths. 

In an ultrasound absorbing medium, the absorbed power is 

proportional to the acoustic squared pressure and can be 

calculated as follows [Nyborg 1981]: 

-<q>-= a.p2 
pv 

(2.6) 

This relationship is valid for any continuous single frequency 

field, as long as the effects of shear viscosity are 

negligible (which is the case for most tissues). The relative 

absorbed power in an absorbing medium is equal to the relative 

squared acoustic pressure, and will be used to characterize 

the field patterns of these applicators in tissues. The 

prev i ous I y der i ved express i on for <q> ( Eqn . 2 • 2 ) used the 

intensity but was only valid for purely plane wave or radial 

decay, and is not correct for fields generated from finite 

cylindrical elements and complex focused field patterns. 

To simulate scanning of the focus point througout a 

target region, single focus point fields were calculated as 

described above for different focal locations. Then, each of 

these fields were combined into one composite field using the 
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following summation, which determined the spatial-average 

power deposition by accounting for time weighting and relative 

power levels: 

where 

ns 

p2 (Z, r) =1: Wpi"wti"pl (z, r) 
i=l 

ns = number of fields to be combined 
Wpi = relative power weighting factor 
Wti = relative time weighting factor. 

(2.7) 

Most of the composite fields used three to five single focal 

point fields. 

2.2.3 Acoustic Parameters Of Tissue 

The linear amplitude attenuation factor, Q, was chosen as 

10 Np m- 1 MHz-1 in most of the simulations. This is an average 

high end value for soft tissue and muscle, which were shown to 

range from 4-15 Np m-1 MHz-1 [Goss et ale 1978]. The speed of 

propagation, v, was constant at 1500 m S-l, which is an average 

value for tissue [Wells 1977]. The tissue density, p, was 1000 

2.3 Thermal Models 

Modeling of the heat transfer characteristics of human 

tissue is important to develop an understanding of the 
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interactions of hyperthermia devices and the targeted regions. 

Thermal simulations using these models are tantamount for (i) 

comparative evaluation of different heating modalities, (ii) 

planning the treatments, (iii) temperature feedback control 

during treatments, and (iv) to evaluate the therapy after 

completion [Roemer 1988, Roemer and Cetas 1984]. This study 

uses thermal models as one method to evaluate different 

applicator designs and procedures to determine the efficacy of 

using these devices in practice. 

2.3.1 Bio-Heat Transfer Equation 

The heat transfer processes in tissues include conduction 

and convective mechanisms due to blood flow. The conduction 

effects are accurately modeled but due to the diverse nature 

of the vasculature and the energy transfer due to perfusion, 

these blood flow induced effects are the most difficult to 

accurately model. To date, the most ubiquitous thermal model 

used in hyperthermia physics is the Bio-Heat Transfer equation 

developed by Pennes (1948). This model accounts for the blood 

perfusion, thermal conduction, and power deposition; the blood 

perfusion is a lumped scaler quantity representing an energy 

sink. The solutions to this model are readily attainable, and 

give a good indication of the real performance of different 

~eating configurations. There is some controversy surrounding 

the accuracy of the BHTE (for example, see Lagendijk et al. 
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(1984» proposed by Pennes, but for our purposes it was 

sufficient. 

More recent modeling efforts have included actual 

physiological geometries which account for different size 

blood vessels, counter-current heating or cooling, and flow 

velocities [Weinbaum et ale 1985 and Song et ale 1987, 1988]. 

These models are complicated and in the beginning stages of 

development; they necessitate a large amount of CPU time and 

accurate knowledge of the tissue vasculature at hand. other 

models lump the convective effects into an "effective thermal 

conductivity" term to simplify the model [Lagendijk et al. 

1986]. A thorough review of the recent developments in thermal 

models, as well as a comparison to the BHTE by Pennes, is 

given by Roemer (1988). 

The complete BHTE equation used in this study can be 

expressed as follows: 

where: 

P t C t ~~ =''ip kT-wcb (T- Ta) + -<q>-

= tissue density, (kg m-3
) 

= tissue specific heat, (J kg-1. °C-1.) 
= blood specific heat, (J kg-1. °C-1.) 
= tissue thermal conducti vi ty, (W m-1. ° C-1.) 
= blood perfusion, (kg m- 3 s-1.) 
= temperature, (oC) 
= arterial temperature, (oC) 
= absorbed power density, (W m-3

) 

= time, (s) 

(2.8) 

The thermal characteristics of the homogeneous tissue 

medium and the applicator interface were modeled by the three 
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dimensional steady-state bio-heat transfer equation, BHTE,in 

cylindrical coordinates: 

(2.9) 

d
2

T + d
2

T + d
2

T +l:. dT _ web (T-T) + -<q~ =0 
dz 2 de2 dr 2 r dr k a k (2.10) 

where <q> is the absorbed power deposition calculated for the 

different array configurations (Eqns. 2.3 and 2.6). Since the 

model is symmetric in the angular expanse, the thermal 

gradient with respect to theta (e) is zero. 

2.3.2 Finite Difference Solution 

The temperature solving routine used the finite central 

difference method with successive over-relaxation (SOR) to 

solve the BHTE [Ferziger 1981]. The exact BHTE was spatially 

approximated as a discrete model of the r-z plane with nodes 

representing the center of small differential elements. Each 

of the differential terms of the equation was then 

approximated using the central difference method as follows: 

dTir,iZ = Tir+1,iz-Tir-l,iz 
dr 2Ar 

Tir- 1 , iz - 2 Tir , iz + Tir+1, iz 

Ar 2 

d 2
Tir ,iz = Tir,iz-1-2Tir,iz+Tir,iz+l 

dz 2 AZ2 

(2.11) 

(2.12) 

(2.13) 



54 

where Ar and Az are the spacing between nodes in either 

dimension, and the subscripts ir and iz refer to specific node 

locations. These approximations are substituted into the BHTE 

and an expression to calculate the temperature at the node of 

interest is as follows: 

Tir,iz=K1 [K2Tir-l,iz+K3Tir+l,iz+K4 (Tir,iz-l +Tir,iZ+l) +KsJ (2.14) 

where the constants were algebraically determined as: 

1 web 
K1= +--

_2_+_2_ k (2.15) 
~r2 ~Z2 

K=_l __ 1 
2 ~r2 2r~r 

(2.16) 

(2.17) 

(2.18) 

-<q>- . . K,- lI,lZ 
5- k (2.19) 

This finite difference equation was iteratively solved 

using the following SOR expression: 

TCn+l) . . =oT1n+1 ) .. +(l-o)TCn) .. 
lI,lZ lI.1Z lI.1Z (2.20) 

where the superscript n refers to the iteration number. The 

relaxation coefficient, a, is an adjustable parameter to speed 

up convergence (1<0<2). Note that the arterial temperature, 

Ta , was set to zero in the above derivations to simplify the 

calculations, and that the temperatures calculated are then 
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relative to Ta of O°C. Convergence was determined when the 

rms change in temperature was less than 1e-6, with a 

relaxation coefficient of 1.6-1.8. 

2.3.3 Thermal Parameters Of Tissue 

The blood perfusion is one of the most important 

parameters for heat transfer in tissues. Not only do values 

vary significantly from tissue to tissue, but also exhibit a 

dynamic response to being heated [Song et al. 1984, Jain and 

Ward-Hartley 1984, and Waterman et al. 1987]. The blood flow 

in tumors is characterized by Jain and Ward-Hartley (1984) as 

heterogeneous and decreasing with increasing tumor mass. 

Average values would be as follows [Sekins and Emmery 1982, 

Jain and Ward-Hartley 1984]: muscle 0.5-2.0 kg m-3 S-1, liver 

0.2-3.5 kg m-3 S-l, Fat 0.3-1.7 kg m-3 S-l, and tumors from 0.2-

8.0 kg m-3 S-1 or greater, with more than half the tumors 

studied having perfusions less than 3.5 kg m-3 S-1 [Jain and 

Ward-Hartley 1984]. Most of the thermal simulations in this 

study used perfusions of 0.5 kg m-3 S-1, with some values up to 

10 kg m-3 S-1 used. 

Most tissues within the body, excluding bone, have 

densities that range from 850-1050 kg m-3 [Sekins and Emery 

1982] , and a value of 1000 kg m-3 was used in these 

simulations. The specific heat of tissue ranges from 2300 J 

kg-1 °C-1 in fat, 3750 J kg-1 °C-1 in muscle, 3640 J kg-1 °C-1 for 

whole blood, and approximately 4000 J kg-1 °C-1 for high water 
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content tissues [Sekins and Emery 1982], where for simplicity 

a high end value of 4000 J kg-1 °C-1 was used for modeling both 

the tissue and blood. The thermal conductivity of tissues 

range from 0.5 to 0.6 W m-1 °C-1 [Sekins and Emery 1982], where 

a low end value of 0.5 m-1 °C-1 was used herein. The arterial 

blood temperature was set to 37°C. 
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Various experimental techniques were employed throughout 

this study to prepare transducers, measure and characterize 

the acoustic fields, and to evaluate single transducer 

elements as well as completed arrays. This allowed us to 

obtain a better physical understanding of how well the 

individual transducer elements work, and what parameters could 

be varied or needed to be considered to gain a more optimal 

design as applied toward an array. The important parameters 

measured include the acoustical pressure squared and absorbed 

power fields, acoustical efficiency, and the heating patterns 

in vitro phantoms and in vivo animal experiments; the 

procedures for each are summarized below. 

3.1 Relative Pressure Squared Measurements 

The relative pressure squared distribution from an 

ultrasound transducer gives a direct indication of the power 

deposi tion pattern in treatments, and so is an important 

parameter to be measured in characterizing any given 

transducer. The relative pressure squared is measured by 

placing a temperature sensor, coated with a sound absorbing 

material, in the field of the transducer being tested. The 

transducer is energized for a short period of time and the 
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resultant temperature rise is recorded. The rise after time 

t1 and the rate of temperature increase during this interval 

are both directly proportional to the pressure squared [Martin 

and Law 1983, Martin et ale 1984]: 

(3.1) 

The advantages of using this relative technique is that these 

sensors can be made small «1, for 2.0 MHz or lower), compared 

to hydrophones, and can resolve fine detail without disturbing 

the field. Also, these spherical sensors are omnidirectional 

and useful for measuring non-planar fields. 

For our experiments the fields were measured with 50 ~m 

copper-constantan thermocouples, spherically coated with an 

acoustic absorbing material(e.g.,silicone adhesive, varnish, 

mel ted plastic) with an outer diameter of less than 1 mm 

[Martin et ale 1983]. These thermocouples were stretched 

taught over a plastic ring (0.0. 15 cm) which was attached to 

the arm of an X-Y-Z scanner. The transducer to be 

characterized was placed in a tank of degassed/de-ionized 

water, with rubber absorbing material along the sides. The 

sensor was then scanned across the field of the transducer and 

pulsed with sound at each location, for a total of at least 5 

measurements at each location. The grid steps in either 

dimension were varied for each experimental case, but were 

usually 1 mm or less, as determined by the frequency and 

divergence of the field. 
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3.2 Absolute Intensity Measurements 

The absolute intensity and pressure fields of transducers 

can be measured in two ways: either with a calibrated 

hydrophone or a calibrated absorber/temperature sensor. 

3.2.1 Hydrophones 

Hydrophones are piezoelectric sensors that give an output 

voltage waveform that is directly proportional to the applied 

acoustic pressure field. These devices are often calibrated 

wi th standard transducers so that the exact intensity or 

pressure field can be measured. 

There are basically two types of hydrophones: ceramic and 

membrane types. These piezoceramic hydrophones have a poor 

frequency response and are relatively large [Duck 1987]. The 

membrane hydrophones are constructed using PVDP 

(Polyvinyllidene flouride) film. This is a sensitive 

piezoelectric film with an acoustic impedance close to water. 

This type causes little disturbance of the field but are still 

directional, unless the sensor could be made with dimensions 

<A/10 [Wells 1977]. Two types have been used in our lab: a 

small needle hydrophone [Lewin 1981] and a larger membrane 

type hydrophone [Bacon 1982]. 

The transducers are set up in the water tank as described 

above, and the hydrophone is scanned across the field. The 

transducer is left on long enough so that the peak to peak 
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vol tage output of the hydrophone can be measured. Through 

calibration algorithms, specific to each device, the absolute 

intensity or pressure field was calculated. 

3.2.2 castor oil cell 

The castor oil cell [Fry and Fry 1954] is a non

directional technique for determining the absolute intensity 

fields. This is a bare thermocouple temperature sensor 

embedded within an ultrasound transparent container of castor 

oil. The castor oil is an absorbing medium of which the 

amplitude attenuation coefficient (a) and heat capacity (c) 

per volume are known. The absolute intensity is then 

calculated from the initial rate of temperature rise as 

follows: 

I=..EE ( dT) 
2« dt 0 

(3.2) 

This sensor is scanned in a fashion similar to the above 

methods, with multiple measurements taken at each location. 

The temperature of the castor oil is carefully measured before 

each measurement since the acoustic and thermal properties are 

highly temperature dependent. 

3.3 Efficiency 

The electrical input to acoustical output conversion 

efficiency was determined for some cylindrical transducer 
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elements using special calorimetric methods [Anhalt et al. 

1988]. The transducer, surrounded by a latex membrane jacket 

of degassed water, was inserted into an anechoic chamber 

filled with 3 liters of castor oil. A known electrical input 

power (measured with a Bird 4410 directional wattmeter) was 

appli~d for a known duration and the resultant temperature 

rise was measured. The transducer and membrane were removed 

immediately following the power off to reduce the effects of 

the transducer self heating, due to mechanical inefficiencies 

of the ceramic material. The calorimeter was previously 

calibrated by applying a pulse of power to a submerged strip 

of nichrome wire; by knowing the applied voltage and current 

the amount of power deposited was determined, and from the 

temperature rise (I1T) for a given time(l1t) the effective 

system mass-heat capacity coefficient (Me) was calculated. 

Once this calibration factor is determined, then the acoustic 

power out can be determined from the following expression: 

ACousticPoweI=Mc~~ ( 3 • 3 ) 

where I1T and I1t are measured for each electrical input power 

level and transducer. For the transducers tested here, the 

heating time was between 30-60 s to reduce the self heating 

error of the transducers. The temperature rise was calculated 

as the average of 21 thermocouples spread throughout the 

castor oil, where a stirring device expedited thorough mixing 

(but at a low rate which produced negligible viscous heating). 
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3.4 Transducer Preparation 

An apparatus was constructed that allowed for accurate 

cutting of piezoceramic transducer elements. A Jansen 

miniature milling machine, micromanipulators and a DREMEL high 

speed rotary tool were modified to allow precision cutting in 

three orthogonal dimensions. During the cuts the stock was 

either mounted in the chuck of the mill or a dovetail vice 

attached to the base. water cooling was implemented during 

the cutting to prevent depolarization of the transducer due to 

excessi ve heating. Crystali te thin disc diamond cutting 

blades (0.25 mm thick) were used. The set-up was capable of 

cutting cylinders to lengths down to 1 mm, with cuts across or 

along the axis. 

The finished transducers were then glued together or 

mounted using a silicone adhesive. In most cases the 

transducers were left air-backed, but in some situations a 

urethane foam was used instead. RF power lines were either 

soldered or glued with silver conducting epoxy to each 

electrode surface. 

3.5 Electrical Impedance Matching 

The standard output impedance, Ra , of most RF amplifiers 

is 50 ohms; for maximum power transfer to the load, the 

reflected load impedance should also be 50 ohms, or whatever 
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the source resistance of the amplifier. Most piezoelectric 

transducers have a complex impedance at the resonant or 

dri ving frequency. A proper matching network must be inserted 

into the pathway, in series, so that in combination with the 

load the overall impedance looks as 50 ohm. At present, most 

texts on ultrasonics only consider the input capacitance of 

transducers when presenting methods for electrical matching 

[Wells 1977]. Unfortunately, this is mostly true only for 

quartz crystals [Kinsler 1962] and not the piezoceramics that 

we currently use. Therefore, there are two basic design 

methods for L-C matching networks employed for these 

transducers, as adapted here for complex loads from RF design 

theory [Hardy 1978, Ettinger 1987]. 

The load (transducer) is a complex impedance/lzl~, which 

can be represented as a parallel combination of a resistance, 

Rt , and capacitance, Ctl as shown in Fig. 3.1(a). (This is 

only true if the phase shift of the load is less than zero, 

which is true for most cases). This transducer resistance Rt 

has an equivalent series combination for any specific 

frequency; the load can now be represented as a resistance 

equal to R.. in series with a capacitance c a I so that the 

reactance of both combinations are the same (excluding phase 

and neglecting Ct ), as shown in Fig. 3.1(b). The series 

inductor(L.,) reactance value is chosen to cancel out the 

reactance of Cal since they are opposite in phase. In other 

words, the impedance of the inductor cancels out the 
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Fig. 3.1 The design of matching circuits between the RF 
amplifiers and the complex loads of piezoelectric transducers. 
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capacitive impedance so that the effective load impedance is 

Ra. Reflecting back from this series combination to a 

parallel combination yields a value for Cp (or parallel 

capacitance to be added to the network), from which Cm=Cp-Ct , 

leading to the final matching network illustrated in Fig. 

3.1(c). For this synthesis Ct was neglected for determining 

the necessary inductance and capacitance to add for the 

matching network, and then is considered when determining Cm. 

For most of the transducers matched in this work (Ra <~ and 

~<OO) the above network synthesis held, where each component 

value could be calculated from the following expressions: 

where 

~t; 0= --1 
Ra 

ORa 
L=-

m 2xf 

c = 0 -c 
m R 2xf t; 

t; 

(3.4) 

(3.5) 

(3.6) 

Q = quality factor, ratio of center frequency to 
3 dB bandwidth 

f = frequency of operation, Hz. 

It is possible to have transducers that do not meet the above 

criteria and an alternate matching network must be found. If 

the resistance ~ of the load is less than the amplifier 

resistance, then, by reversing the matching network, the 

amplifier can be matched to the load (Fig. 3.1(d» using the 
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~ network. The component values can then be computed by the 

following expressions: 

(3.7) 

(3.8) 

(3.9) 

For cases where the phase shift of the load is greater than 

zero, then the transducer can be modeled as a resistance in 

parallel with an inductor (4) and a similar process can be 

used to select the proper matching networks, such as the type 

illustrated in Fig 3.1(e) [Hardy 1978]. 

3.6 Temperature Measurements In Ultrasound Fields 

The temperature sensors used for most of the in vivo and 

in vitro experiments were multi junction thermocouple type 

developed by Hynynen et ale for measurements in ultrasound 

fields [Hynynen 1987a]. These were 7 thermocouple junctions 

(constantan-magnanin, 50 ~m), spaced 1 cm apart, enclosed in 

silica tubing (0.7 mm 0.0.). The silica probes were shown to 

have a much lower temperature artifact during sonication as 

compared to those with polyethylene [Hynynen and Edwards 

1989], and the use of magnanin instead of copper wire reduces 
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the thermal conduction errors [Dickinson 1985]. These sensors 

were inserted into the tissue using 16 guage catheter needles; 

the catheter/needles were inserted and· then the needles 

withdrawn, the probes were inserted into position and then the 

catheter sheath was carefully pulled back. 

3.7 In vitro Phantom Experiments 

3.7.1 Alcohol Fixed Dog Kidneys 

This alcohol fixation technique allows for are-usable 

perfused phantom with a microvasculature that closely 

approximates the structures of the original organ [Holmes et 

ale 1984]. The thermal and acoustic properties of these fixed 

organs have been measured and found to be close to the normal 

physiological values. The thermal conductivity was 0.54 W m-1 

o C-1 [Diederich 1986] and the attenuation was 4.2-4.4 Np m-1 

MHz- 1 [Benkeser et ale 1990]. More recently, alcohol fixed pig 

kidneys were used to characterize the heating potential of an 

ultrasound applicator [Benkeser et ale 1990]. 

A detailed description of the fixation process used in 

our lab can be found in Diederich (1986), where it was 

developed for studying perfusion. Basically, the organ is 

removed from the animal and perfused wi th degassed 

alcohol/water perfusate until saturated with alcohol. When 

ready to use, they can either be tested with alcohol perfusate 

or rehydrated and tested with degassed water as perfusate. 
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3.7.2 Set-Up/Flow Control 

An alcohol fixed kidney was securely fastened to a plexi

glass template in such a fashion that the axis of the 

applicator being tested could be aligned with the long axis of 

the kidney. Four mul tisensor temperature probes were inserted 

into the kidney: 1) one between the surface of the kidney and 

the cooling bolus, 2) two aligned perpendicular to the array 

surface, 1 cm apart with the first sensor at a depth of 5 mm, 

and 3) one aligned with the axis of the applicator through the 

kidney at a depth of 1 cm. A complete diagram is shown in 

Figure 3.2. Each sensor was centered over the array heating 

field. The silica tipped probes used for these specific 

experiments were 7 sensor, but with 5 mm spacing. 

3.8 In vivo Animal Experiments 

3.8.1 Initial preparation 

Greyhound dogs were anesthetized with 1.5 % halothane for 

the in vivo experiments. This anesthesia has been shown to 

cause an increase of the normal blood flow in muscle [Jain and 

Ward-Hartley 1984]iit is not known exactly how the above dose 

of halothane altered the normal blood flow in our experiments, 

but from prior experience it is assumed that it remains 

relati vely constant throughout the animals exposure to a 

steady supply of anesthesia. When surgery was required, it 

was performed by a veterinarian and then the animal was 
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Fig. 3.2 A diagram of the in vitro alcohol fixed kidney 
setup, illustrating relative placement of the temperature 
sensors and the applicator. 
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moni to red by an animal care technician. All of the animal 

experiments were acute, and they were euthanized at the end. 

3.8.2 Specific Descriptions 

Thigh Muscle 

The inner surface of the dog's thigh muscles were cleaned 

of all hair and coated with acoustical coupling gel. The 

ultrasound array to be tested was placed between the hind leg 

thigh muscles of a dog and interfaced with acoustical gel. 

Four thermocouple probes were inserted into the muscle 

directly below and parallel to the applicator, at various 

depths. The thermocouple probes were centered with the 

applicator. To ensure stable positioning during the 

experiments, the applicator and probes were sutured in place 

(See Figure 3.3 for a diagram of probe placement). 

Transrectal Prostate. Rectum. and Vagina 

A series of experiments was performed with these 

applicators in greyhound dogs. The animals were anesthetized 

(1.5 % Halothane) and placed in a supine position - lying on 

their back with the legs supported up. The male animals had a 

multi-junction temperature probe placed in a path parallel to 

the rectum, at a depth of 5 mm within the rectal wall muscle 

and just passing through the prostate gland. A second 

temperature probe was placed perpendicular to the rectum, 

traversing from the abdomen to the rectal wall, passing 
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Fig. 3.3 A diagram of the applicator and temperature probe 
placement for experiments in the dog thigh muscle. 
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through the prostate gland as shown in Fig. 3.4. The relative 

positioning of the probes was determined by palpation. The 

applicator was inserted, with coupling gel, into the rectum so 

that the heating field was centered over the prostate. 

In one female dog, three temperature probes were placed 

parallel to the rectum at various depths from the rectal wall, 

extending in a plane toward the abdomen (Similar to the probe 

placement in Fig. 3.4.). The 1.6 MHz applicator was placed 

into the rectum (the center of the applicator heating region 

was 4 cm deep into the rectum) and coupled with acoustical 

gel. 

Transrectal Kidney 

For this procedure one of the dog kidneys was relocated 

during surgery to a position above the wall of the rectum, 8 

cm from the anal opening [DeYoung and Kundrat 1989]. The 

vasculature of the kidney was isolated and an ultrasonic 

flowmeter and pressure cuff were placed on the renal artery. 

This "tumor phantom" allowed the flow to the kidney to be 

controlled during the experiments [DeYoung et al. 1987], to 

more closely emUlate the dynamic perfusion found in tumors. 

The animal was then put in a supine position, with the legs 

supported up, and temperature probes were inserted in a 

fashion similar to those for the transrectal prostate heatings 

mentioned above: one along the rectal wall and the other 

through the kidney, radially away from the rectal wall through 

the center of the heating field. The complete setup is shown 
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Fig. 3.4 A diagram of the temperature probe placement for the 
heating of the canine rectal wall and prostate. 
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in Figure 3.5. The applicator being tested was coated with 

acoustical gel, inserted and centered with the kidney and 

secured in place. The bolus volume was adjusted to improve the 

coupling and the cooling water temperature was adjusted. 
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Fig. 3.5 A diagram of the relocated dog kidney, illustrating 
the temperature probe placement and position relative to the 
rectum. 



CHAPTER 4 

CHARACTERIZATION OF SINGLE TRANSDUCERS 
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This section covers the simulation and experimental work 

undertaken to study the properties of single transducer 

elements, which are the fundamental building blocks of 

ultrasound arrays. These results are applied to obtain a 

better understanding of the optimal design necessary for 

building these intracavitary arrays (mainly nonfocused). The 

main goal of this section is to (i) determine the transducer 

properties and dimensional constraints that are necessary to 

obtain well collimated fields, with deep penetration of high 

enough levels of acoustic energy, and (ii) to determine the 

availability and feasibility of using transducers of various 

frequencies and shapes. 

4.1 Theoretical Field Calculations 

The 3-dimensional simulation program was used to generate 

squared pressure fields (note that this is proportional to the 

absorbed power deposition) for single cylindrical transducers, 

of varying dimensions and frequencies, sonicating in the wall 

thickness mode. The influence of the axial length of a single 

cylinder on the collimation of these fields is illustrated by 

the relative squared pressure contours of Fig. 4.1, for 
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Fig. 4.1 Simulated relative squared pressure distributions 
along single cylindrical elements for generalized transducer 
lengths of a) 0.75 A, b) 2.5 A, c) 5.0 A, and d) 10.0 A. These 
elements were centered at an axial distance of 7.5 A. The 
contours start at a radial distance of 5A and range from 100% 
to 10% in 10% reductions. (rt =5A, a=O Np m-1 MHz-1

). These 
resul ts were dimensionalized to A by using f=1.5 MHz and 
v=1500 m s-l. 
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lengths of a) 0.75 A, b) 2.5 A, c) 5.0 A, and d) 10 A (for 

this case Q=O Np m-1 MHz-1
, r t =5. 0 A). For an example, note 

that the wavelength at 1 MHz is ~ 1.5 mm. The contours are in 

10% reductions from 100% to 10%, starting at 5 mm from the 

surface of the transducer. The ordinate (Axial Distance) 

refers to the axial dimension of the r-z plane, with the 

cylinder centered at 7.5 A. To summarize these results, a 

nondimensional graph of the degree of collimation versus the 

width (axial length) of the element is shown in Fig. 4.2, for 

cross sections at radial distances of 10, 20, and 30 

wavelengths from the surface of the transducer. The measure 

of collimation was taken to be the width of the intensity 

profile at 50% reduction from the maximum, as measured at the 

specified radial distance. The results of these two figures 

indicate that there is a minimum transducer length at which 

the resultant beam profile is no longer collimated in the 

radial direction and diverges like a small spherical source. 

Transducer sections that are approximately ten wavelengths 

long produce non-divergent beam widths (50%) that approach the 

length of the element. 

4.2 Experimental Characterizations 

4.2.1 Beam plots 

Cylindrical transducer elements, resonating in the wall 

thickness mode, were chosen to be characterized for 



.... 
c 
CD 
E 
CD -W ........ .c .... 
-a 
3i 
E 

'" CD 
m 
tft o 
an 

5~~--------------------------~ 

4 

3 

2 

1 

Radial Distance 
(Wavelengths) 

• 10 
.....•... 20 
--~-- 30 

----------•.•............. ~.~. .- .......... . ~ .,.-
-~- ... 

o~--------------~--~~--~----~ 
0.0 10.0 20.0 30.0 

Element Width/Wave Length 

79 

Fig. 4.2. A measure of non-dimensional beam width versus the 
width of the cylindrical transducer element as determined from 
computer simulated intensity fields. The cylinder radius was 
5.0 wavelengths. Beam widths are shown for radial distances of 
10.0, 20.0, and 30.0 wavelengths from the transducer 
surface. (a=O Np m-1 MHz-1

). 
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development of an ultrasonic intracavitary applicator. The 

feasibility of using whole cylinders and partial side sections 

(subsections) of cylinders was studied by measuring the 

resultant relative pressure squared profiles in degassed 

water. Four different types of cylindrical transducer 

elements, differing in dimensions and the specified mechanical 

resonance, were tested (see Table 4.1). Each of these types 

were constructed out of a PZT-4 ferroelectric material, except 

the 3.8 MHz cylinder, which was PZT-5. 

The subsectioned elements were cut from whole cylinders 

(cuts along the cylinder axis) using the method discussed in 

section 3.4. These single elements were each air backed and 

electrically matched to a 50 n Load. The sUbsection pieces 

were then reconstructed into full cylindrical geometry using 

silicone adhesive - with each side section controlled by an 

individual power line. These reconstructed cylinders were used 

to study field distributions, and were not a part of the 

therapeutic applicator. 

The varying degrees of beam collimation between different 

transducers is illustrated in Fig. 4.3. These are the relative 

squared pressure distributions in degassed water, measured in 

the plane along the axial dimension extending radially, for 

full cylinders resonating at a) 1.07 MHz (It= 1.5 cm), b) 1.6 

MHz (It=l cm), c) 3.8 MHz (It=0.7 cm), and d) 5.1 MHz (It= 1 

cm). The first of these elements was operated at the above 

frequency, different than the specified thickness resonance, 
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Table 4.1. Dimensions and mechanical resonant frequencies of 
the cylindrical ultrasound transducers that were used in this 
study. 

Mechanical 
Resonant 
Frequency (MHz) 

0.54 
1.07 
1.6 
3.8 
1.5 

Dimensions 
outer 

Length (mm) Diameter (mm) 

13.0 
15.0 
10.0 
7.0 

(hemisphere) 

15.0 
15.0 
10.0 

3.0 
15.0 



82 

15 112l 
f=1.07 MHz f=1.6 MHz 

5 (b) - 5 

§ I2l -
(l) -5 
U -1 
~ 
rtl -1 -1 .w 5 112l 15 212l 25 312l 35 412l 5 112l 15 212l 25 312l 35 412l 45 
(f) 6 8 

.r-! f=3.8 MHz f=S.l MHz 
D 

3 (C) 4 
rl 
rtl 

.r-! I2l 

~ 
-3 -4 

-6 -8 
5 112l 15 212l 25 312l 5 112l 15 212l 25 31i:1 35 41i:1 45 

Radial Distance (rnrn) 

Fig. 4.3. The relative squared pressure distribution along the 
axial plane of full cylindrical sections for a) 1.07 MHz 
(It=1.5 cm, r t=0.75 cm), b)1.6 MHz (It=l cm, r t=0.5 cm), c) 3.8 
MHz (It=0.7 cm, r t=0.15 cm), and d) 5.1 MHz (It=l cm, r t=0.5 
cm). Case (d) is the 1.6 MHz transducer resonating at the 
third harmonic. The intensity contours range from 100% to 10% 
in increments of 10%. 
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since the degree of collimation and radial propagation was the 

highest. The last element was the 1.6 MHz thickness resonant 

transducer, operated at the third harmonic, 5.1 MHz. From 

these results it can be inferred that the higher frequency 

transducers, with a large ratio of the element length to the 

wavelength, produce beam profiles that are collimated in the 

radial direction. Additionally, these 1.6 MHz transducers can 

be operated at the third harmonic, allowing the possibility of 

controlling the depth of heating by changing the frequency. 

Fig. 4.4 shows plots of the relative squared pressure as 

measured for various rota'tional angles (5 degree increments) 

about the axis of a single cylindrical transducer, as the 

operating frequency was varied between 1.5, 1.55, 1.6, and 1.7 

MHz. The radial distance of the measurement was held constant 

at 10 mm from the center line of the transducer face, except 

in (c) where an additional trace is shown for a distance of 16 

mm. 

The relative squared pressure distribution around the 

0.54 MHz transducer was measured and found to be highly 

divergent, almost as though the element was vibrating in the 

longitudinal mode. To limit some of the divergent modes of 

vibration in the cylinders and increase the beam collimation, 

clamping (rigid fixation) at the edges of the cylinder was 

used. The outcome is shown in Fig. 4.5, the beam profiles of 

the 0.54 MHz element for a) no clamping and b) clamping. 
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B 1.55 HIlz 
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Fig. 4.4. Relative squared pressure versus rotational angles 
about the axis of a single transducer, measured along the 
center-line, at a distance of 10 mm, for operating frequencies 
of: a) 1.5 MHz; b) 1.55 MHz; c) 1.6 MHz (also shown for a 
distance of 16 rom); and d) 1.7 MHz. 
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Fig. 4.5. The relative squared pressure distribution in 
degassed water, along the axial plane of a full 0.54 MHz 
cylinder (1.5 cm x 1.5 cm 0.0.), for a) unclamped and b) 
clamped ends. The intensity contours range from 100% to 10% in 
increments of 10%. Clamping refers to the rigid fixation of 
both ends. 
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The effects of the cylindrical sUbsection (sidewall) size 

on the radial beam collimation were investigated by cutting 

full 1.6 MHz cylinders into half and quarter size. The 

relative squared pressure distribution, as measured along the 

axial plane (midline), is shown in Fig. 4.6 for a) a half 

cylinder subsection and b) for a quarter cylinder sUbsection. 

In this context, midline refers to along the center of the arc 

of a subsection, i.e., centered at 90 0 for a 1/2 subsection of 

a cylinder (a 180 0 arc). The resonant frequency for each 

element was 1.6 MHz (1 cm x 1 cm 0.0.). (See Fig. 4.3b for the 

beam plot of the full 1.6 MHz cylinder). The beam profiles 

were not significantly influenced by cutting the elements into 

half or quarter sUbsections. 

The beam plots of 1/2 and 1/4 subsection elements (1.6 

MHz), reconstructed into a multiple element cylinder, are 

shown in Fig. 4.7, illustrating the beam behavior toward the 

adjoining edges of the cut elements. This measurement plane 

is perpendicular to the axis of the cylinder, and aligned 1 mm 

out from the joint between two adjoining segments. We can see 

for the 1/2 section case that the beam profile in the angular 

expanse is roughly uniform over the central 130 0 arc, leaving 

a 25 0 "dead zone" toward the edges. A similar degradation is 

also noticed for the 1/4 elements. We have found that one way 

to overcome this effect would be to arrange the cut elements 

in a "clover shaped" fashion so that the "dead zones" between 

angularly successive elements overlapped. For example, each 
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Fig. 4.6. The relative squared pressure distribution along the 
axial plane for 1.6 MHz cylinders (It=l cm, r t=0.5 cm) for a) 
half and b) quarter sUbsections • The intensity contours range 
from 100% to 10% in increments of 10%. 
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elements in a reconstructed cylinder. The cylinder axis was 
perpendicular to the measurement plane. 
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segment could be made of four subsections, each with an arc of 

120 0

, attached symmetrically around the z axis into a "clover 

shape", as viewed from the end. 

The relative squared pressure field from a hemispherical 

transducer (15 mm O. D., 1.5 MHz) is shown in Figure 4.8, 

illustrating the potential of use, such as on the tip of an 

applicator. 

Fig. 4.9 is a plot of the theoretical and measured 

relative squared pressure versus the radial distance from the 

face of a transducer, along the centerline. The theoretical 

values were calculated using the one dimensional model. The 

measured values were averages as obtained from beam plots in 

degassed water. 

4.2.2 Absolute Intensities 

The absolute intensities were measured for different 

radial distances from the center of a single transducer 

element immersed in degassed water. For these measurements, 

a thermocouple immersed in a cell of castor oil was positioned 

at different radial distances from the center of the 

transducer and the electrical input power levels were varied. 

This is illustrated for a 1.6 MHz transducer, for distances of 

1, 2, and 3 cm, in Fig. 4.10. 
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Fig. 4.8. Relative squared pressure distribution from a 
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MHz, illustrating possible applications at the tip of an 
array. 
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Fig. 4.10. Absolute intensity versus the electrical input 
power as the radial distance from the center line of a single 
transducer, resonating at 1.6 MHz, was varied between 1,2, and 
3 cm. 
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4.2.3 Calorimetry 

Calorimetric experiments were also performed on single 

cylinders to determine the efficiency of the electrical to 

acoustical power conversion. The efficiencies of the 1.6 and 

1.07 MHz elements for various levels of input power are shown 

in Fig. 4.11, where the slopes indicate efficiencies between 

50-60% 

4.3 Discussion/Significance 

The simulations and bench experiments provided the 

guidelines and design criteria necessary to build a practical 

nonfocused intracavitary ultrasound array. These results have 

illustrated that there are constraints on the length and 

fractional size of the subsectional elements that need to be 

considered to build a proper applicator. 

One of the first requirements of the individual 

transducer pieces is that the beam profile be collimated 

outward from the sonicating surface. This is important in 

that it makes it possible to control the power deposition in 

discrete regions corresponding to each element. Both the 

theory and experiments indicated that if the length of the 

element is too small, the beam profile diverges and becomes 

spherical, with zero collimation (note that this spherical 

divergence is required for the phased array). Also, at a 

critical length (5-8 A), the near/far field focusing narrows 
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the collimated region causing undesirable heating patterns. 

From the results presented above, the recommended length would 

be at least lOA (for elements with a radius of 5A) which would 

produce collimated beams with a 50% width close to the length 

of the transducer segment. At 0.54 MHz the ultrasound field 

measured in the experiments tended to diverge more than 

expected from the simulations. This can probably best be 

explained by a change in vibrational surface modes due to 

coupling between the length and radial modes wi thin the 

cylinder [Hueter and Bolt 1955]. From results not shown here, 

it was possible to modify the divergence pattern by slightly 

changing the frequency of operation. It was possible to 

increase the degree of collimation by rigidly clamping the 

ends of the transducer to mechanically dampen out this 

coupling. This provided a slight improvement for the 0.54 MHz 

elements, but the field collimation was still marginal to be 

considered of any value for a clinical array. 

Cutting cylindrical elements into smaller sUbsections 

causes a change in the beam profiles, where the degree of 

collimation decreases for the smaller sections. This 

difference becomes most noticeable at approximately 1/4-

section size, where the sections produce a beam profile 

consistent with a planar element having a farfield transition 

distance of ~10 mm. The scans have also shown that cutting 

these cylinders produces a small "dead" area in the region of 

the cut. Instead of 180 0 of sonication around the surface of 
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a 1/2 cylindrical sUbsection element, there is approximately 

130
0

• From results not presented here, a slight variation in 

the frequency has been shown to slightly decrease this effect, 

but does not seem to be the solution. 

One way to overcome these edge effects, at least for 

developing a single sided array with a 180 ° field, is to 

actually cut sections with an arc greater than 180
0

, 

Le.,230°. When developing an applicator with 360 0 of control 

over the rotational expanse, another solution would be to use 

a linear array, but with each segment consisting of 

sUbsections of cylinders repositioned into a "clover" shaped 

configuration that would thereby allow for an overlap of the 

"dead" areas into the opposing active area. 

Some interesting results that deserve mention are those 

of the rotational beam plots. The intensity profiles of a 

single cylindrical element have shown a dependence on the 

rotational angle, but the general shape of this profile is 

consistent for various distances from the transducer. This 

phenomenon may be due to either the dependence of the 

breathing modes of the cylindrical transducer on the operating 

frequency and the surface area of the transducer or the 

inhomogeneities of the piezoelectric material. This dictates 

that cylindrical elements cannot be assumed to produce an 

"even" angular distribution and that the profile should be 

measured. This angular dependency can be minimized by 

adjusting the frequency until a more uniform distribution can 
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be found. Then the effects of this small amount of 

variability on the resultant temperature distributions in 

tissue would be smoothed out by thermal conduction and blood 

perfusion. Also, it is possible to use slight variations in 

the operating frequency (frequency sweeping) to control the 

angular absorbed power profile. Munro et ale (1982) used this 

technique to temporally smooth intensity profiles. 

The comparison of the theoretical and experimentally 

measured intensity values in degassed water has shown a good 

agreement between the two, thereby further justifying the 

results of the simulations. There were, however, slight 

disagreements~ at small radial distances the theoretical 

calculations were less than the measured values, but by less 

than 10%, while at the larger distances, greater than 30 mm, 

the measured values were less than the theoretical ones. This 

small discrepancy can be accounted for by realizing that the 

1-dimensional theory assumes ideal, purely radial, propagation 

and in practice there is near field focusing (accounts for the 

greater measured values) and far field divergence (accounts 

for the lower measured values) associated with the finite 

length of the transducer element. Note that the approximate 

transition distance was 30 mm. 

The absolute intensi ty and acoustical efficiency 

measurements have shown that the transducer elements are 

capable of putting out enough power for applications in 

hyperthermia, producing intensities greater than 5 W cm-2
• It 



98 

has been shown that intensities less than 2 W cm-2 are 

sufficient for heating tumors close to the source [Corry et 

al. 1982 and Benkeser et al. 1989]. 
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The purpose of this section is to use the information 

previously obtained on the individual transducer elements, as 

well as simulations and experiments on tentative array 

structures, to design and build an efficacious nonfocused 

ultrasound array. (The basic design strategy was discussed in 

section 1.5). Computer simulations of the acoustic and thermal 

fields produced by arrays consisting of transducer segments, 

such as those studied in the last chapter, were used to 

optimize the final array design. These non focused arrays were 

built close to these specifications, due to practical 

constraints such as budget, limitations of equipment, and 

availability of parts. Upon completion, these arrays were 

experimentally characterized by tests in degassed water, in 

vitro tissue phantoms, and in vivo animal models. 

5.1 Simulations: Acoustic And Thermal 

The 1-dimensional computer simulation algorithm was used 

to determine the effects of the transducer array radius, 

frequency, surface cooling temperature (T .. ) , and of blood 

perfusion levels on the overall radial temperature 

distribution. Note that this algorithm assumes an infinitely 
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long cylinder but still provides valuable insight into the 

behavior of arrays with fini te segments. For these 

simulations, the transducer radius was varied in the range 

between 0.1 and 2.0 cm and the frequency (f) was varied from 

0.5 to 10.0 MHz. The effects of surface cooling along the 

transducer face was tested for cases of Ta equal to 5, 15, 22, 

37 and 42°C and the blood perfusion levels tf~ere varied between 

0.5 and 10.0 kg m- 3 s-1.. All of these above parameters were 

chosen to either bracket expected physiological values or to 

be of a practical value. 

Figs 5.1(a-b) illustrate the effects of surface cooling 

temperatures and perfusion on the resultant temperature 

distribution within the modeled tissue region. Fig. 5.1(a) is 

a plot of the temperature as a function of the radial distance 

from the transducer surface. A family of curves are shown for 

cooling temperatures that varied between 5 and 42 ° c. The 

perfusion and transducer radius were constant at 1.0 kg ~3 s-1. 

and 0.5 cm, respectively. Figure 5.1{b) is a plot of the 

distance of the maximum temperature (T ... x) as a function of the 

cooling temperature for perfusion levels between 0.5 and 10.0 

kg m-3 s-1.. The distance of T ... x was defined as the distance 

from the transducer face where the temperature distribution 

had a maximum. 

Figs. 5.1{c-d) represent the effects of the driving 

frequency and transducer radius on the temperature 

distributions. For these curves, the surface cooling and 
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Fig. 5.1. a) Simulated radial temperature distributions for 
surface cooling temperatures (Ts) of 42, 37, 22, 15 and SaC. 
Note that T in this figure refers to Ts. Parameters used: 
w=1.0 kg m-3 s-l, f=1.6 MHz, r=0.5 cm. b) The radial distance 
of Tmax as a function of the surface cooling temperature. The 
blood perfusion was varied between 0.5, 1.0, 5.0 and 10.0 kg 
m-3 S-1. Parameters used: f=1.6 MHz, r=O • 5 cm. c) Simulated 
radial temperature distributions for frequencies of 0.5, 1.0, 
2.0, 5.0 and 10.0 MHz. Parameters used: w=1.0 kg m-3 S-1, 

r=0.5 cm, Ts=22 a c. d) Simulated radial temperature 
distributions for transducer radii of 0.1, 0.25, 0.5, 1.0, 1.5 
and 2.0 cm. Parameters used: w=1.0 kg m-3 s-l, f=1.6 MHz, 
Ts=22 °C. Note that the radial distances in these figures are 
measured from the outer surface of the transducer. 
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blood perfusion were constant at 22°C and 1.0 kg m-3 S-l, 

respectively. Figure 5.1 (c) is a plot of the temperature 

distributions as the frequency was varied between 0.5 and 10.0 

MHz. The radius of the transducer was 0.5 cm. Figure 5.1(d) 

is a plot of the temperature distributions within the tissue 

obtained for the following six transducer radii, at 1.6 MHz; 

0.1, 0.25, 0.5, 1.0, 1.5 and 2.0 cm. 

Based on the above simulation results and the ultrasound 

field experiments from the previous chapter, a set of 

transducer parameters was chosen to be further studied using 

the 3-dimensional simulation program. This was used to model 

an array of four cylindrical elements, sonicating in the 

radial direction, with the spacing between them variable. The 

tissue/applicator surface was cooled to SoC. The resultant 

steady state temperature distributions were calculated for 

different spacings and perfusion, with the power levels 

constant to each element, and the temperature rises were 

normalized to 45°C. The frequency of the four elements along 

the applicator was varied to determine the effects on the 

depth of the temperature distribution modeled above. These 

temperature contours are shown in Fig. 5.2 for frequencies of 

a) 0.5, b) 1.0, c) 2.0, and d) 4.0 MHz. (1.=20 rom, s.=1.33 mm, 

k=0.5 W m-1 ° C-1
, w=2. 0 kg m-3 S-l, a=10 Np m-1 MHz-1

), with the 

array centered at an axial distance of 60 rom. These results 

illustrate the strong effects of frequency on the depth of the 
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Fig. 5.2. The simulated steady state temperature contours 
along a cylindrical ultrasound array, consisting of 4 
elements(lt=20 rom, r t=7.5 mm, s&=1.33 mm), embedded in tissue. 
The array was centered at an axial distance of 60 mm. The 
contours are in 1°C increments from 45°C to 3SoC. The 
frequency was varied between a) 0.5, b) 1.0, c) 2.0, and d) 
4. 0 MHz. ( w=2. 0 kg m-3 

S-1, k=O. 5 W m-1 ° C-1
, Ta =5 ° C) . 



104 

heated region, which is due to the increased absorption and 

less penetration at the higher frequencies. 

To illustrate the relative effect of the spacing (se) on 

these distributions, the temperature difference between the 

central maximum temperature peaks and the minimum between them 

was used as a measure. This temperature difference versus 

different spacings between elements is shown in Fig. 5.3, for 

four 1.6 MHz transducers (10 mm x 10 mm O. D. ), as the 

perfusion was varied between 0.5, 2.0, and 10.0 kg m-3 S-1. 

(a=10 Np m-1 MHz-1
, k=O. 5 W m-1 ° C-1

, T.=5 ° C) . The 1.6 MHz 

elements were chosen due to the length of 10 wavelengths that 

was necessary to provide collimated beams. These results 

indicate that the spacing between these sections becomes very 

significant when highly perfused tumors are heated. Also it 

was shown that a spacing of 1.3 mm will maintain less than a 

2 °c dip in the temperature distribution for moderately high 

perfusions. 

5.2 Experimental Design 

5.2.1 Applicator Design 

Two types of nonfocused arrays were constructed for the 

studies herein; one was made with full cylinders to sonicate 

in 360 0, while the other was with a single row of half

cylinder sections for sonicating less than 180°. 
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Fig. 5.3. The simulated temperature difference between the 
maximum peak(s) temperature(s) and that at the center point 
between them, for the same radial depth, versus the spacing 
between four consecutive elements is shown. The transducer 
elements were modeled as 1 cm x 1 cm 0.0. 1.6 MHz cylinders 
resonating in the thickness mode. The perfusion was varied 
between 0.5, 2.0, and 10.0 kg m-3 S-l. (k=0.5 W m-1 °C-1

, Ts =5 
° C, a=10 Np m-1 MHz-1

). 



106 

The first type of applicator (type 1) consisted of five 

cylindrical transducers, attached end on end with silicone 

adhesive, to form a segmented cylindrical array (Fig. 5.4). 

This applicator was not designed explicitly for intracavitary 

use but more to evaluate the concepts necessary for the next 

generation devices. Each element was 10 mm in length with a 10 

mm 0.0., made out of a ferroelectric ceramic PZT4 material, 

with a mechanical resonance frequency at 1.6 MHz (See Table 

4.1). Each transducer was driven by an individual electrical 

input through the center of the array and attached to 50 ohm 

coax cable. Each transducer was separately matched to a 50 

ohm load, at 1.6 MHz, with a matching network that was in 

series with the applicator. This transducer array was then 

inserted wi thin the circulating water jacket and fixed in 

place with adhesive. The circulating jacket consisted of two 

disc shaped nylon support pieces (2.0 cm 0.0.), one on either 

end, with six 14-gauge stainless steel tubes between and 

through the two. The outer surface was covered wi thin an 

envelope of plastic membrane (0.08 mm thick PVC, transparent 

to ultrasound) which was sealed to the support pieces. The 

cooling water (degassed) was pumped from a temperature 

regulated storage reservoir, through the six steel tubes, and 

entered the cooling sleeve at the tip of the applicator. The 

degassed circulating water flowed across the segmented array 

and was returned to the reservoir. 
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Fig. 5.4. Diagram of 5 element cylindrical ultrasound array 
(type-1), with 360 0 of sonication. 
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A second, more sophisticated, intracavitary ultrasound 

applicator (type-2) was developed which consisted of a single 

row of four 1/2 sUbsections of cylindrical elements. The 

transducer segments were either 1.0, 1.5, or 1.3 cm long, 

corresponding to frequencies of 1.6, 1.07, and 0.54 MHz, 

respectively (See Table 4.1). We found that the beam shape 

was improved when the 0.5 MHz elements were driven at 0.54 MHz 

instead. From the theoretical results elements of these 

lengths (axial length/wavelength:::::10) should produce a 50% beam 

width that is close to the length of each element. The 

separation between elements was kept at less than 1.3 mm, as 

suggested by the design charts (Fig. 5.3 ) to maintain less 

than a 2°C dip in temperature between elements for perfusions 

that approach 10 kg m-3 S-l. The complete design is 

illustrated in Fig. 5.5. The design of the cylindrical PVC 

body allowed for easy form fitted mounting of the elements and 

a dead space for the RF driving lines and air backing. Each 

transducer element was individually wired with miniature 

coaxial wire and connectors (Microtech) and electrically 

matched to a 50 ohm load. Rubber O-ring seals provided 

water-tight integrity between the disposable latex membrane 

and the applicator for the surface cooling system. The 

circulating water (degassed) input and output flows were along 

separate conduits wi thin the PVC body. A total of three 

applicators of this type were made, for resonating frequencies 

of 0.54, 1.07 and 1.6 MHz. 
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Fig. 5.5. Diagram of a multielement intracavitary ultrasonic 
applicator (type-2), with 130 0 of sonication. 



110 

A temperature controlled waterbath and pumping system was 

connected to the applicator to control the surface temperature 

during sonication (see Fig. 5.6.). The temperature and flow 

rate of the degassed water was adjustable, according to the 

experimental design. This system included volume control 

reservoirs, which were used to vary the distention of the 

latex membrane to enhance the acoustic coupling. 

5.2.2 Hardware 

The two types of applicators were operated with similar 

systems; the main difference was that the 5 element device was 

operated with one amplifier with the power multiplexed between 

elements, while the 4 element array was operated using a 4-

channel amplifier. A basic system diagram with the major 

differences is illustrated in Fig. 5.7. The operation of the 

applicators was supported by a Hewlett Packard laboratory 

system (9836 Computer, 3054A Digital Voltmeter, 3497A 

Acquisition Unit) for overall process control, including event 

timing and temperature measurement. 

A multiplexer (see Appendix B) was designed to multiplex 

the power output from a single RF amplifier (ENI 240L) between 

each individual transducer at a variable, computer controlled, 

timing interval. The frequency and power levels were 

controlled via the frequency generator (Wavetek 271) by the 

Hewlett Packard computer (HP 9836). The computer, data 

acquisition unit (HP 3497a), digital voltmeter (HP 3456a) and 
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Fig. 5.6. Diagram of temperature regulated circulating system 
with volume control. 
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Fig. 5.7. System diagram for driving and controlling the (a) 
5 element multiplexed array (type-1) and the (b) 4 element 
array (type-2). 
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software were used to control the multiplexing interval 

(heating time of each separate transducer) and to measure 

temperatures. The power levels to each transducer were 

measured using a watt-meter (Bird 4410A). 

The 4 element applicators were driven using a frequency 

generator (Wavetek model 240L) and a 4 channel power amplifier 

(URI Thermx). The power output to each transducer element was 

continuous and individually controllable, as monitored by the 

amplifier system. 

5.2.3 Beam Plots 

The relative squared pressure distribution along the 

type-1 multielement applicator in degassed water was 

determined for an axial plane (with a measurement grid size of 

o • 5 mm in the axial direction and 1.0 mm in the radial 

direction) radiating outward from the transducer surface, as 

shown in Fig. 5.8. In Fig. 5.8 (a), only two consecutive 

elements are powered on simultaneously with the power levels 

adjusted to produce the same maximum intensity. Similarly, in 

Fig. 5.8(b) the power level to each of the consecutive 

elements was differed. Note that the notch in the intensity 

distributions between the consecutive elements was due to the 

separation of the elements. In Fig. 5.8 (c), two elements, 

separated by a single "off" element, were powered 

simul taneously to produce the same intensity levels. The 

axial distance is along the face of the applicator. 
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Fig. 5.8. Relative squared pressure distributions along an 
axial plane of the multielement applicator (resonating at 1.6 
MHz) for a) two consecutive elements with the same power 
level, b) two consecutive elements with different power 
levels, and c) two elements, separated by an "off" element, 
with the same power level. 
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5.2.4 In vitro Fixed Kidney Experiments 

The 1.6 MHz array was tested using the in vitro alcohol 

fixed dog kidney 3etup as previously discussed (section 3.7, 

Fig. 3.2). The ability of these arrays to control the axial 

temperature distribution is shown in Fig. 5.9, where the non

perfused kidney phantom was heated using either (a) two or (b) 

four of the elements to vary the size of the heated region. 

The temperatures were measured after 15 min, closely 

approaching steady-state. The circulating temperature was 

varied between 10 0 e and 25°e for both cases, illustrating that 

even with surface cooling a therapeutic temperature rise is 

achievable at depth. 

From the same experiments, the radial temperature curves 

after 15 min of heating are shown for circulating water 

temperatures of 10, 25, 35, and 40 0 e in Fig. 5.10. This best 

illustrates the effect of Ts on the temperature distribution, 

mainly the location of T .. ax with regards to the applicator 

surface. 

5.2.5 In vivo Thigh Experiments 

For these experiments in the dog thigh muscle the first 

prototype array (type-1, full 360° sonication, 5 elements) was 

used. The power levels to each transducer were varied and 

different temperature distributions were obtained, as well as 

information on the power necessary to obtain treatment 

temperatures. The temperatures were measured in 30 second 
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Fig. 5.9. The axial temperature distributions, at a depth of 
1 cm, in an alcohol-fixed in vitro dog kidney using a 1.6 MHz 
4-element array, as Ts was varied between 10 and 25°C. 
Temperatures after 15 min of heating for (a) 2 and (b) 4 
contiguous elements active, with no flow to the phantom. 
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Fig. 5.10. The radial temperature distributions in the 
alcohol-fixed dog kidney after 15 min of heating using the 1.6 
MHz 4-element applicator (type-2), with all elements active, 
for circulating temperatures of 10, 25, 35, and 40°C. The 
total flow to the phantom was zero. 
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in~~ervals for the length of the heating period which varied 

from 1-10 minutes. The power multiplexing interval was 0.5 

seconds. Note that for this interval of 0.5 seconds, there 

was a 2.5 second time delay between the excitation of anyone 

element. This time variation was found to have a negligible 

effect on the measured temperature distributions as inferred 

from the results previously reported for scanned, focused 

ultrasound [Hynynen et al. 1986]. 

Fig. 5.11 indicates the temperature profiles obtained in 

the dog thigh muscle at a depth of 1 cm, with the thermocouple 

probes centered with and parallel to the applicator (See Fig. 

3.3). The position of each thermocouple was approximately 

centered along the length of each element. These rates of 

temperature rise were calculated for three different 

applicator power transducer patterns. These sets of applied 

powers (during the multiplexed "on" state) are listed as 

follows, for each of the five transducers along the length of 

the applicator. For case 1, the applied sequence was 40, 0, 

0, 0, and 40 W. For case 2 it was 10, 18, 18, 40 and 40 W. 

For case 3, it was 0, 0, 40, 0 and 0 W. 

Fig. 5.12(a,b) show the temperature distributions 

achieved in the dog thigh muscle at depths of 0.5 cm and 2.0 

cm from the applicator surface. There was no surface cooling 

in Fig 5.12(a) and the surface cooling temperature was 10 0 e in 

Fig. 5.12(b). The peak electrical power to each element, 

during the multiplexing, was 70 Wand the temperatures were 
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Fig. 5.11. Rates of temperature rise for axial distances 
along the applicator (resonating at 1.6 MHz) at a depth of 1 
cm, as measured in the dog thigh muscle for three applied 
power distributions. 
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Fig. 5.12. Temperature distributions as a function of axial 
distance, at depths of 0.5 and 2.0 cm in dog thigh muscle 
after 10 minutes of heating at 1.6 MHz. a) no surface cooling 
was used. b) surface cooling temperature was 10 o e. 



121 

measured after 10 minutes of sonication. Note that the 70 

watts was applied to each element for only 1/5 of the time 

this translates to an effective continuous electrical power of 

14 watts per element, which is approximately 8-9 Wacoustical. 

5.2.6 In vivo Transrectal Experiments 

The type-2 applicator, with four elements and 130 0 

heating arc, was inserted into the canine rectum as discussed 

in section 3.8.2. The circulating water temperature and 

expansion of the latex membrane were adjusted for each 

specific situation. These 0.54, 1.07, and 1.6 MHz arrays were 

then used to heat surrounding target tissues, in such a manner 

as to closely emulate a human clinical treatment. These 

experiments provided valuable information regarding how 

effectively these arrays would work in practice. 

Fig.5.13(a) shows that therapeutic temperature 

distributions were achieved at depths of 10 to 30 mm from the 

rectal wall (female dog) using a 1.6 MHz applicator. The 

acoustical power from each transducer element (It=l cm) was 

varied (6-15 W) over the course of a 600 s heat to produce an 

intentional therapeutic temperature distribution, centered 

along the length of the array. The probe track at a depth of 

30 mm included vaginal wall muscle. The surface cooling 

temperature was maintained at T.=24 °C. This illustrates how 

the applicator can effectively heat a 1-3 cm deep volume of 
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Fig. 5.13. The resulting temperature distributions within the 
canine rectal muscle and/or prostate gland after transrectal 
heating with a multiple element applicator: a) Temperature 
distributions achieved in the female canine rectal wall muscle 
and deeper tissues using a 1.6 MHz multielement applicator 
with Ts=24 DC, centered at 4 cm. simultaneous temperature 
distributions achieved in the male canine b) prostate gland 
and c) the adjoining rectal wall muscle using a 1.07 MHz 
applicator with Ts=lSDC. d)Similar temperature distributions 
achieved in a separate canine prostate, using a 1.6 MHz 
applicator with Ts=10DC surface cooling. (Refer to Fig.3.7 for 
a diagram of the placement of the temperature probes.) 
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tissue and control tbe temperature towards the interface with 

surface cooling. 

Fig. 5.13(b,c) show the temperature distributions within 

(b) the prostate gland (male dog) and (c) the adjoining rectal 

wall muscle after 600 s of heating with the 1.07 MHz 

applicator. (See setup section for a diagram of the probe 

placement). The target region to be heated was centered with 

the radial temperature probe, which was through the center of 

the prostate gland. The power was applied to a single element 

on the array (le=1.5 cm) and the acoustical power was varied 

(11-16 W) over the course of the heating. The surface cooling 

temperature, Ta , was maintained at 1aoC. A similar experiment 

was carried out on a separate animal using a 1.6 MHz 

applicator, with the power applied to the center two elements 

(10-20 W) during the 30 min heating time. The before and 

after temperatures are shown in Fig. 5.13(d) (Ta =10°C). These 

graphs demonstrate the feasibility of transrectally heating 

the normal prostate of a dog without overheating surrounding 

tissues. 

In another series of in vivo transrectal experiments, 

three different applicators with frequencies of 0.54, 1.07, 

and 1.6 MHz were inserted with the heating fields centered in 

the same position under the prostate gland. The resulting 

radial temperature distributions, after 300 s of heating, are 

shown for the different frequencies in Fig. 5.14. Only the 

two center elements were used. As expected, the 1.07 MHz 
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1.6 MHz 4-element applicators (type-2). The target region was 
heated for 300 s using the center two elements, with Ts=15°C. 
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applicator had a deeper penetration than the 1.6 MHz array. 

The opposite behavior of the 0.54 MHz heating can best be 

explained by the non-optimal transducer dynamics and lack of 

collimation, producing a very diverging power deposition 

pattern as previously determined in degassed water (Fig. 4.5). 

5.2.7 In Vivo Transrectal Kidney 

The relocated kidney, attached to the rectal wall, was 

transrectally heated with the 1.6 MHz applicator for various 

controlled flow rates to the organ (See Fig. 3.5 for set-up). 

The normalized radial temperature distributions through the 

center of the organ is shown in Fig. 5.15(a) for different 

total flow rates to the kidney. The full open flow, 

unrestricted by the pressure cuff, was approximately 100 

ml/min. These temperature rises were recorded after 15 min of 

heating, reaching a pseudo steady state. The radial 

temperature rise for different times is shown in Fig. 5.15(b), 

for initial and after 6 and 15 min of heating, for an 

unrestricted flow rate. These results illustrate that 

therapeutic temperatures can be achieved in vivo, even in 

heating through the rectal wall to a highly perfused target 

volume. 
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Fig. 5.15. The radial temperature distributions achieved in a 
in vivo canine kidney relocated above the rectum, with control 
over the total blood flow into the organ. (a) Normalized 
temperature rise after 15 min of heating as the flow rate was 
varied between 0, 5, 10, and 25 ml/min. (b) Measured 
temperature rise for 0, 6 and 15 min of controlled heating, 
with the flow maintained at 0.0 ml/min. 
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5.3 Discussion/Significance 

Both the simulations and experimental results have shown 

that an ultrasonic multiple element intracavitary array is 

technically feasible and can provide significant improvements 

in treatments compared with the current devices. This is 

because the power deposition pattern is flexible, has deeper 

penetration and offers a high degree of control over the 

temperature distribution. 

The simulation studies have illustrated the significance 

of the transducer radius, operating frequency, and surface 

cooling as parameters that can be varied before and during a 

hyperthermia treatment to optimize the resultant temperature 

distributions. Surface cooling (or heating) along the 

transducer/tissue interface modifies the temperature 

distribution within the tissue by moving the maximum 

temperature location farther from the transducer as the 

circulating temperature was decreased. This effect was 

modified by the tissue perfusion, where the higher perfusions 

decreased the distance of the maximum temperature. For 

instance, the effect of changing the surface cooling from 37°C 

(no cooling) to 15°C caused the maximum temperature locations 

to increase by 1.0 cm with a perfusion of 0.5 kg m-3 S-1 and 

only 0.25 cm with a perfusion of 10.0 kg m-3 S-1. This 

illustrates that the cooling temperature can be used to 

control the position of the maximum temperature, especially 
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when the blood perfusion is low. The position of the maximum 

temperature was also dependent on the radius of the 

transducer. As the radius was increased, the radial distance 

of the maximum temperature increased. 

The frequency at which the transducer was driven slightly 

altered the location of T_x, but the most apparent effect was 

the increase in the depth of the treatment volume. The 

treatment volume is defined as the region of tissue that was 

maintained above 42.5 0 C (or whatever the desired temperature) • 

This illustrates that the frequency can be adjusted to 

accommodate different sized treatment volumes. For example, 

using a transducer with a radius of 1.5 cm and surface 

cooling, and operating at 0.5 MHz, the treatment volume would 

be between 1.0 and 5.0 cm from the face of the transducer 

(results not shown here). 

The relative squared pressure distributions from the 

multielement applicator have shown that each individual 

transducer, independent of the other elements, produces a 

partially collimated beam with a main profile that extends 

well into the radial direction. This signifies that the 

temperature distributions along the length of the applicator 

can be controlled by varying the power levels to each element 

to modify the profile to include only the tumor volume. This 

would also allow the system to respond to local perfusion 

variations and thus, it can provide a therapeutic temperature 

elevation even in well perfused parts of a tumor, without 
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extensively heating surrounding normal tissues. Also, the 

power notch that was apparent between the elements (Figure 

5.8) would have a negligible effect on the temperature 

distributions due to the smoothing effects of thermal 

conduction and blood perfusion [Hynynen et al. 1986]. 

Tests of these mul tielement applicators in dogs 

illustrated how effective it was for non-symmetrical heating 

of the rectal muscle tissue and prostate gland tissue as 

heated from the rectum. The 1.6 MHz applicator, with power 

controlled to all four elements, was able to provide 

therapeutic temperatures (>42.5 °C) at 10 and 30 mm of depth 

from the rectum. The canine prostate gland and adjoining 

rectal muscle (in two separate animals) were transrectally 

heated to therapeutic temperatures using the 0.54, 1.07 and 

1.6 MHz arrays. The surface cooling temperature protected the 

surface of the rectum and allowed more power to be applied to 

heat deeper. These 1/2 element applicators provided a method 

of heating an arc of roughly 130 0

, which was adequate for 

heating a section of the rectal muscle or an organ like the 

prostate. Note that for regularly symmetric tumors the 

treatment could of been divided into 3 heating fields, and 

when finished treating one volume, simply rotate to the next 

position. 

The expandable latex membrane (containing degassed water) 

combined with acoustical gel, provided excellent coupling to 

the surrounding tissues. The surface cooling effectively 
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controlled the temperature of the non-targeted rectal wall. If 

heating of this surface was required, the water temperature 

could be increased until the desired profile was achieved, as 

shown in the simulation results. This was illustrated in the 

in vitro kidney experiments, where a flat radial temperature 

distribution could be obtained for Ta=42°C or moved away from 

the wall using 10 0 e circulating water. These results agree 

favorably with the theory. Also, if a small penetration depth 

would be required, a higher frequency applicator with surface 

heating could be used (i.e., the 1.6 MHz applicator operating 

at 5.1 MHz, the third harmonic, with Ts =42°e). 

From the above design criteria it is indicated that it 

would be possible to construct a similar array from quarter or 

half sections of smaller cylindrical elements to allow for 

better control over the achieved temperature distribution in 

the rotational expanse as well as axially along the 

applicator. This sectored array would allow for the 

preferential heating of tumor sites that are not symmetrical 

and/or surround only part of the body cavity. 
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The purpose of this section is to use the simulation 

programs to determine the feasibility of using cylindrical 

phased arrays for use in intracavitary hyperthermia and to 

gain the knowledge necessary to build a practical device. 

Acoustic field simulations were used to determine the effects 

of element length, diameter, and array length on the focal 

patterns produced by these arrays. The corresponding heating 

patterns were also calculated to learn how effective these 

arrays could be in applying hyperthermia. 

6.1 Existing Theoretical Guidelines 

The theory and design of phased arrays pertaining to 

radar systems [Skolnik 1980, Steinberg 1976] and acoustics, 

especially medical ultrasound imaging [Macovski 1979, Vogel et 

ale 1979, and Miller and Thurstone 1977] is well documented. 

In general, phased arrays can be divided into two categories: 

1) 1-dimensional linear arrays which can focus in two 

dimensions and 2) 2-dimensional arrays which can focus in 

three dimensions. For purposes of ultrasound imaging the 

latter type includes rectangular, concentric ring, annular and 

theta arrays [Macovski 1979]. These are the basic structures 

of some of the phased array hyperthermia devices summarized in 
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section 1.2.2. The desirable feature of phased arrays is that 

a focal point or beam may be steered rapidly or synthesized 

without any mechanical movement by properly varying the phase 

to each element. For our purposes in intracavi tary 

hyperthermia, the objective is to be able to focus the energy 

at depth and to scan the focal zone within the targeted region 

to generate a well controlled therapeutic temperature rise. 

steering the focal zone requires that the beam is steered off 

the center line, causing concern about the formation of 

grating lobes or unintended focal regions. 

The basic principles governing these arrays are best 

discussed using linear arrays as an example~ this assumes a 

linear alignment of single isotropic radiating sources which 

are at the center of each transducer segment. This does not 

include the finite effect of the transducer surface, but 

nevertheless, gives important information regarding element 

spacing within the array. The N elements of the array are 

separa"ced by a distance d, and radiating with wavelength A. To 

steer or focus the beams the phase to each element is adjusted 

such that the coincident beams produce the desired focal point 

or beam pattern by constructive interference at the intended 

region and destructive interference elsewhere. Grating lobes 

and sidelobes are high intensity zones caused by unwanted 

constructive interference in unintended regions. By 

definition, grating lobes are of equal magnitude to the main 

beam or focus [Scanlan 1987]. For a linear array of these 
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nondirectional radiators, the grating lobes appear at an angle 

69 (between +/- 90 0 to be visible), defined as follows 

[Skolnik 1980, Steinberg 1976]: 

where 

A = 
d = 
60 = 

69 = 

n f (sin(ag)-sin(ao»=±nn 

a =sin-1 ( An -sina ) 
g d 0 

wavelength, (m) 
spacing between radiators, (m) 
steering angle from perpendicular 
of array surface, (deg) 
angle of grating lobe from perpendicular 
of array surface, (deg) 

(6.1) 

(6.2) 

These equations were derived from the argument of the z-

transform of the complex radiation field produced by these 

periodic arrays. The proper array design can eliminate grating 

lobes and reduce the magnitude of the sidelobes by a judicious 

choice of the element spacing. If d~A/2, then no grating or 

sidelobes will appear for any steering angle. Placing the 

elements closer than A/2 can give a slight increase in beam 

directivity and focusing ability [Scanlan 1987]. As the 

spacing between elements is increased slightly, the magnitude 

of the sidelobes increase as they move into the field and 

cause a decrease in energy at the focus. When the spacing 

between elements reaches a critical value and grating lobes 

are formed, as determined from Eqns. 6.1 and 6.2, there is a 

dramatic loss of energy to the main beam. If the focal region 

will not be steered off center (60 =0 0
) then an element spacing 
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of d=A can be tolerated, with grating lobes forming at 6g ±90° 

(along the array surface). In ultrasound imaging and radar 

systems the spacing can be larger since often times grating 

lobes and sidelobes can be tolerated outside of the scan 

sector [Skolnik 1980]. This may also be true for larger, 

externally placed ultrasound phased array heating devices (see 

section 1.2.2), where the sidelobes could possibly be located 

in the water bolus outside of the patient. For ultrasound 

intracavitary applicators the formation of sidelobes is more 

critical since the applicator is next to the tissue and needs 

to be limited as close as possible to ±90° , where elsewhere in 

the field this may cause unwanted heating. For an example, 

consider a practical use of such an array, focusing at a depth 

of 35 mm and scanning off the center line by 10 mm during a 20 

mm wide scan. This effective steering angle of 16° limits the 

spacing between elements to be less than 0.72 A, to keep the 

grating lobes at 6g =±90 ° or along the array surface. The 

spacing requirement gets smaller as the angle is increased, 

such as applying the same scan width but at a depth of only 20 

mm, which for a maximum steering angle of 26.6° requires an 

element spacing of 0.55A. 

In many applications, it is not always possible to build 

an array with an element spacing of A/2 or less. There exist 

different design strategies to limit the number of elements in 

an array and the formation of these grating lobes for specific 

applications. One method is to use nonperiodic spacing of the 



135 

elements (aperiodic arrays) [steinberg 1976, Macovski 1979, 

Miller and Thurstone 1977], with smaller elements toward the 

center. In addition, the amplitude distribution along the 

length of the array can also be modified. steinberg (1976) 

presents the development of designing an aperiodic array with 

a comparable performance to a periodic array, wi th the 

required power level to each element being inversely 

proportional to the element spacing. Miller and Thurstone 

(1977) present a design strategy for linear arrays in 

ultrasound imaging, where a nonuniform element spacing and 

amplitude weighting are instituted to allow fewer elements. 

6.2 simulations: Acoustical And Thermal 

6.2.1 Design Parameter Analysis 

The acoustic pressure amplitude squared distributions 

were calculated for cylindrical phased arrays (see section 

2.2) of different total lengths (It), surface radius (rt ), 

length of individual elements (1.), sonicating frequency (f), 

and depth and position of the focal region. For many of the 

simulations the array parameters were as follows, unless 

specified otherwise: r t =7.5 mm, f=0.5 MHz, 1.=A/3 (frequency 

dependence). The total array length was varied between 10 and 

100 mm, and was 50 mm for studies on the appearance of 

sidelobes and 75 mm for the scanning. 
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Based on the experience with electromagnetic phased 

arrays, the appearance of grating lobes and sidelobes should 

occur when the element width becomes greater than l/2 (the 

wavelength in the sonicated media) and become larger as the 

beam angle is increased [steinberg 1976, Skolink·1980]. In 

order to gain some insight into the effects of the element 

size on the formation of grating lobes and the subsequent loss 

of focusing capabilities of these cylindrical ultrasound 

arrays, the acoustic pressure fields were calculated for 

arrays of different lengths, element widths, and focal 

positions. The appearance of these sidelobes onto the focal 

plane is illustrated in Fig. 6.1, for a 0.5 MHz array focusing 

at a depth of 35 mm from the center surface of the array, as 

the element width was varied between 1, 2.5, and 5.0 mm, (a-c) 

respecti vely. These are also given, in Fig. 6.1 (d), for a 

focus point that was 35 mm deep and directed 12.5 mm off 

center with a 2.5 mm (0.83l) element width. The sidelobes are 

non-existent for the 1 rom (l/3) width case, but become 

noticeable for the 2.5 mm width sections, with peak lobes 

beginning at the edges of the array. As the width was 

increased to 5 mm (1.67l), the peak absorbed power at the 

focus was no longer greater than the sidelobes, and a much 

lower amount of energy was transmitted to the focal region. 

This effect was heightened when the focal point was moved off 

center, where in this case a secondary focus or grating lobe 
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was produced of a relevant magnitude toward the opposing edge 

of the array. 

This dispersion of energy to locations other than the 

focus region was further studied by calculating the peak 

relative absorbed power values at the focal point for 

different element widths, as shown in Fig. 6.2, for different 

array lengths and center and off center focusing. The 

phasing of each element was calculated to focus at radial 

depths of 20, 3S, and SO mm and both at the center and edge of 

the array. In Fig. 6.2(a,b) the field from a SO mm long array 

was used and the values are relative to each other, while in 

Fig. 6.2(c) a 100 mm long array was used and the values are 

relative to the maximum for this case. It is apparent that the 

absorbed power falls off after the element width becomes 

larger than some critical size, and this effect was heightened 

as the depth of the focus was decreased, as the focus was 

moved away from the center line, and as the array length was 

increased. These results so far signify that for center 

focusing with long arrays, an element width of 1. S-2. S mm 

(0.S-0.83A) for O.S MHz arrays is practical and would allow 

focusing along the center line and slight deviations off 

center at depths between 30-S0mm. This result at 20 mm depth 

deviates from the simple linear array theory which states that 

no grating lobes or dispersion of energy should occur for 

center focusing for dSA (see Eqn. 6.2). From results not 

shown here, the full absorbed power field for such an array 



140 

... 
1.2 CD 

50 mm I Center A ~ 
0 

1.0 D. Focus Depth 
'a --0- 20rnm 
CD 0.8 .a -0- 35rnm ... 

--6- 50rnm 0 
(/) 0.6 
.a 
C 0.4 
CD 
> ;: 0.2 as 
Q; 
a: 0.0 

0 2 3 4 5 6 

... 
50 mm I Off Center B CD 

~ 0.5 0 
a. 
"CJ 0.4 Focus Depth 
CD --0- 20rnm .a 

-0- 35rnm ... 
0 --6- 50rnm (/) 

.a 0.2 C 
CD 
> 0.1 = .! 
CD 0.0 a: 0 1 2 3 4 5 6 . 

... 
1.2 CD C ~ 100 mm I Center 

0 
D. 

'C Focus Depth 
CD .a --0- 20mm ... 

-0- 35rnm 0 
(/) 
.a --6- 50mm 

C 
CD 
> = 0.2 
.! 
CD a: 0.0 

0 1 2 3 4 5 6 
Element WIdth (mm) 

Fig. 6.2. computed relative absorbed power values at the 
focus point as a function of element width, shown for a 5 cm 
array focusing along the (a) center and (b)along one edge, and 
for center focusing along a (c) 100 mm long array. The focal 
depth was varied between 20, 35, and 50 mm. 



141 

illustrates dominate sidelobes penetrating 10 mm at 45° from 

the array. This effect was reduced, as expected from Fig. 6.2, 

as the focal distance increased. This can most probably be 

explained by the non-isotropic radiation patterns of each 

array element caused by the finite size and the curvature of 

the transducer increasing the sensitivity of sidelobe 

formation to element width. 

The normalized radial absorbed power curves along the 

center line of the focus are shown in Fig. 6.3(a), for a 75 mm 

long, 15 mm 0.0.,0.5 MHz array with 1 mm (A/3) wide elements, 

for focal depths of 20,35, and 50 mm. These typical traces 

illustrate that the length of the focal region increases and 

the peak absorbed power decreases as the focal depth is 

increased. The focus width will increase as the focus is more 

off center and as the overall array length decreases. The 

surface plots of the relative absorbed power fields produced 

by these arrays are shown in Fig. 6.3(b,c), for focal depths 

of 20 mm and 50 mm, respectively, to further illustrate the 

behavior of the overall field pattern. 

The relative influence of the ultrasound frequency on the 

shape of the focus is illustrated in Fig.6.4(a), showing the 

center line radial absorbed power distributions for a 35 mm 

focal point for 0.5, 1.0, and 2.0 MHz. The higher frequencies 

produced focal regions that were narrower and closer to the 

geometrical focus, similar to the fields produced by 

spherically curved radiators [Kossoff 1979]. This effect can 
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Fig. 6.4. (a) The relative center line absorbed power 
distributions for focusing at 35 mm with a 75 mm long array 
for frequencies of 0.5, 1.0, and 2.0 MHz. Surface plots of the 
absorbed power fields, focusing at 50 mm depth from the array 
center, at frequencies of (b) 0.25 MHz and (c) 1.0 MHz. (It=75 
mm,rt=7.5 rom, 0:=10 Np m-1 MHz-1

) 
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also be seen on the surface plots of the relative absorbed 

power fields, as shown in Fig. 6.4(b,c), for 75 rom long 

arrays, focusing at a depth of 50 rom, for frequencies of 0.25 

and 1.0 MHz, respectively. This best illustrates the effects 

of frequency on the shape of the focal region and the prefocal 

absorbed power distributions, where the near field 

cancellation is more complete at the higher frequency. 

In another series of tests the influence of the array 

radius on the resulting focal shape was found to be small. 

The noted effect was a decrease in the near field absorbed 

power and a more accurately placed focal region (i.e., maximum 

absorbed power closer to the geometrical focus) for the larger 

radius arrays. This is shown in Fig. 6.5(a), the center line 

relative absorbed power patterns for a 0.5 MHz array, 75 rom 

long, with a focal depth of 35 rom, with a radius of 2 mm and 

15 mm. To further illustrate the overall effect of radius on 

the absorbed power distribution, the surface plots of the 

absorbed power fields calculated for center focal points of 50 

mm with these arrays are shown in Fig.6.5(b,c), for the 2 mm 

and 15 mm radius cases, respectively. 

From earlier results, an element width of 0.1 mm (1/30) 

was chosen to give best case results for 0.5 MHz arrays. 

Using this criteria, center scans were computed for array 

lengths which varied between 5 and 100 rom, with focusing at 

intended depths of 20,35, and 50 rom. The 50 % beam widths and 

lengths at the focus were then calculated, as shown in 
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Fig. 6.5. (a) The relative center line absorbed power 
distribution for a 2 mm and 15 mm radius array, 75 mm long, 
for f=0.5 MHz. The surface plots for these arrays, focusing at 
a central depth of 50 mm, for a (b) 2 mm and (c) 15 mm radius 
array. (It=75 mm,rt=7. 5 mm, a=10 Np m-1 MHz-1

) 
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Fig. 6.6(a,b,d,e), for both 0.5 and 1.0 MHz arrays. The focus 

point was taken as the maximum pressure ampl i tude squared 

within the focal region, not necessarily at the geometrical 

focal depth. These show that there was no convergence at the 

intended focus region for lengths less than 15-20 mm for the 

0.5 MHz arrays, but that the 1 MHz arrays converge for smaller 

lengths. In general, the size of the focal region decreases 

with an increase of array length and/or frequency, and 

increases as the focus depth is increased. Narrower focus 

points can be achieved with higher frequencies and smaller 

length arrays as compared to the lower frequencies. This was 

as expected from general transducer design theory [Hynynen et 

ale 1981, Kossoff 1979]. 

The relative absorbed power calculated at the focus point 

for these different applicator lengths, at 0.5 and 1.0 MHz, is 

shown in Fig.6.6(c,f) for center focal distances of 20, 35, 

and 50 mm. The absorbed power at the focus was proportional 

to the applicator length for lengths greater than 20 mm, but 

with a steeper slope for the 0.5 MHz case. An interesting 

point to note is that more energy gain was achieved with the 

higher frequency arrays for small lengths, but then this 

advantage decreased at the larger lengths, where the increased 

attenuation negated any improvement in focusing. 

As previously noted, the actual focal position was not 

the same as the geometrical focal depth (see Fig. 6.3). The 

dependence of this offset on the frequency and length of the 
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applicator is illustrated in Fig. 6.7, where the calculated 

focal depth is plotted against the intended position. The 

frequency was varied between 0.25, 0.5, 1.0, and 2.0 MHz (a-d, 

respectively) and the array length was varied between 30, 50, 

75, and 100 mm. The offset in the focal position was most 

noticeable for low frequencies (0.25 MHz) and the smaller 

array lengths. 

6.2.2 Performance Considerations 

From the above results, we have decided to further study 

the focus and scanning capabilities of a 75 mm long array, 7.5 

mm radius, with individual elements of 1 mm wide (A/3), 

sonicating at 0.5 MHz. This array model included the 

temperature controlled circulating water between the 

applicator and tissue surface. These dimensions are feasible 

and would allow for high absorbed power gains, small focal 

size, and no appearance of sidelobes and the subsequent 

dispersion of energy. In Fig. 6.8 are the computed relative 

absorbed power distributions and the corresponding 

steady-state temperature contours for center line focus depths 

of 20, 35, and 50 mm, and also at a depth of 35 mm but 10 mm 

off center. The high absorbed power region along the surface 

of the transducer was increased as the focus was moved more 

off center. 
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since scanning of the focus would be desired to heat 

larger volumes, two types of scanning patterns were simulated. 

The types of scanning patterns are dependent on the surface of 

the array used to generate each part of the field. The first 

method uses the whole array to focus at different locations. 

The second type, sectional scanning, uses only half of the 

array length for any focal location to minimize the amount of 

off center focusing and beam overlap, i.e., top half for any 

location in the upper section and the center half for center 

focusing, thereby reducing the amount of crossover heating in 

the central prefocal region. The relative absorbed power 

fields of these compound (3-point) scans, for a depth of 35 mm 

and 30 mm wide, are shown in Fig. 6.9(a,c) with the center 

focal power normalized to 75% of the outer focal points. The 

corresponding steady state temperature distributions are 

shown i there is less prefocal heating for the sectional 

scanning(Fig. 6.9(c,d» than those using the whole array(Fig. 

6.9(a,b», and it is apparent that the sectional scanning 

produces a deeper, larger and more uniform temperature 

distribution as compared to the non-sectioned scan. Similar 

results are shown in Fig. 6.9(e,f) for a 1 MHz array, for a 3 

point, 30 mm wide sectional scan (comparable to Fig. 6.9(C». 

This illustrates the narrower focal region at the higher 

frequencies and the effects on the calculated temperature 

distribution. 
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The effects of the blood perfusion rate on these 

temperature distributions are shown in Fig. 6.10, where the 

contours of the temperature distributions are shown for the 

sectional scanned power deposition (35 mm deep x 30 mm wide, 

corresponding to Fig. 6.9(c», for homogeneous perfusions of 

(a) 2.0 and (b) 10.0 kg m-3 S-1. In real situations the 

perfusion will often be nonhomogeneous between the tumor and 

surrounding tissue, as well as within the tumor itself. The 

above scan pattern was also applied to a heterogeneous model 

of "tumor tissue" between 20 mm and 50 mm, surrounded by 

"nontargeted tissue" for different perfusion configurations. 

The temperature contours are shown for two cases in Fig. 

6.10(c,d): 1) perfusion of 0.5 and 2.0 kg m-3 s-l, for normal 

and tumor tissue, respectively, and 2) perfusions of 2.0 and 

0.5 kg m-3 s-l, for normal and tumor tissue, respectively. The 

noticeable effect is that at higher blood flows the thermal 

energy is washed out, and thermal conduction is no longer 

smoothing out the temperatures. As expected, the more uniform 

temperature distributions were obtained for low perfusion 

situations, especially when the low perfused tumor was 

surrounded by moderately perfused surrounding normal tissue, 

as is the case for many tumors [Jain and Ward-Hartley 1984]. 

To illustrate the versatility of the different scan 

patterns available, simulated temperature contours were 

calculated for different scan widths and depths (sectional, 3 

and 5-point) for a 0.5 MHz array. These are shown in 
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Fig. 6.10. contour plots of simulated temperature 
distributions (l U C increments) using the same absorbed power 
distribution as in Fig. 6.9(c) (sectional scan, 35 mm deep x 
20 mm wide), but for perfusions of (a) 2.0 and (b) 10 kg m-3 

S-1. For (c, d) an annular "tumor" was modeled between 20 and 
50 mm: for (c) the tumor flow was 0.5 kg m-3 S-1 and 
surrounding was 2.0 kg m-3 S-1, and vice versa for (d). 
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Fig. 6.11 for both (a,d) 20 rom, (b,e) 35 mm, and (c,f) 50 mm 

scan depths. The scan widths were 20 rom (a-c) and 40 rom 

(d-f). For each of these cases the perfusion was 0.5 kg m-3 

S-1. The surface cooling, T., was 5°C, except for (b,e) where 

T.=15°C to move the heated region closer to the array. It is 

apparent in (c,f) that even though the target point was 50 mm, 

the center of the heated region was at 35 rom but extends to 60 

mm (42 u C cutoff): This illustrates the effect of the focal 

offset and broadening of the focus due to the short array 

lengths used for the sectional scanning. 

6.3 Discussion/Significance 

These computer simulations have shown that cylindrical 

ultrasound arrays, composed of narrow elements, can be 

electrically focused to deliver energy deep into the tissues, 

up to 20-50 rom from the applicator surface. These arrays 

provide a high absorbed energy gain with a relatively small 

focal region which could be used for localized heating for the 

application of intracavitary hyperthermia. For larger regions 

the temperature distribution may be controlled by scanning the 

focus point. These results also indicate that utilization of 

electrical focusing and scanning would significantly improve 

the depth of penetration and flexibility of heating patterns 

over any of the existing microwave or RF intracavitary arrays. 

Even though the non-focused ultrasound intracavitary arrays 
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can provide controllable heating and are now ready to be used 

clinically [Diederich and Hynynen 1989, 1990] , the 

electrically focused arrays offer an improvement in 

flexibility and in the depth of power penetration. Thus, the 

proposed approach could significantly increase the number of 

treatable tumors from body cavities. 

From the studies done herein, the characteristics of the 

focusing capabilities of a cylindrical array are dependent on 

the frequency, length and number of the individual elements, 

and the length and radius of the array. The frequency plays an 

important role in that it controls the size of the focal 

region and the minimum length of the array. That is, the 

higher the frequency the finer the focus and the smaller the 

overall length of the array necessary for collimation of the 

focus. The maximum depth of the focus for any given array is 

diminshed for higher frequencies due to the increased 

attenuation. Another shortcoming of the higher frequencies is 

the size of the individual elements, which decrease as the 

frequency increases, and would then require a larger number of 

elements to maintain the same length array. This could 

significantly increase the complexity and cost of the 

hyperthermia system. 

The stationary focal zones produced by these arrays are 

small for the cases tested here. For example, a 50 rom long 

array, at 0.5 MHz, produces a focal zone with a beam width of 

2 mm and length of 5-10 rom for focusing at a depth of 35 rom. 
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These small dimensions are an advantage for highly localized 

heating, which at higher frequencies are even finer, and can 

heat small target regions up to 40-50 mm deep. These sharp 

focal regions could be used to execute high temperature 

hyperthermia treatments, where short pulses of high intensity 

ultrasound are used to apply a large thermal dose in a short 

amount of time to each location. The basic idea is to 

increase the temperature to 50-55°C in a few seconds at each 

spot, thereby delivering an equal thermal dose to that of a 

30-60 min conventional hyperthermia treatment [Billard et al. 

1990]. It could also be used to necrose a localized focal 

region if such a therapy would be desirable [Goss and Fry 

1984] • 

During a hyperthermia treatment the focal zones should be 

scanned across a larger volume to produce more uniform heating 

throughout the whole target volume. An improvement over the 

scanning using the whole array is obtained by dividing the 

array into sections, and using a different section for 

different focal points. The section used for each focal point 

of the scan is determined by geometrical considerations to 

limit the amount of off center focusing, thereby avoiding 

additive crossover of ultrasound fields. This is a similar 

problem to that encountered with mechanically scanned focused 

ultrasound, where beam overlap causes prefocal heating [Moros 

et al. 1990]; this problem was remedied by turning off the 

appropriate transducers at different time intervals during the 
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scanning. This sectional scanning reduces crossover heating 

along the center of the array, and expands and levels out the 

heated region, improving uniformity. Using sectional scanning 

techniques with a 75 mrn long array (0.5 MHz) can effectively 

heat a large volume tumor (30 rnrn x 40 mrn surface, x 360°) at 

a depth of 30 rnrn, with a low perfusion. 

An increase in tissue perfusion was shown to reduce the 

thermal effect of the surface cooling and produced a 

non-uniform temperature distribution around the scan focal 

points. To compensate, the temperature distribution could be 

made more uniform by increasing the number of focus points and 

decreasing the spacing between them to reduce the number of 

local cool spots. This is similar to the effects of increasing 

the scanning speed and changing patterns for external scanned 

focus systems [Moros et al. 1988, Hynynen et al. 1986] to 

minimize temperature fluctuations. 

The ultrasound field distributions of these arrays might 

possibly be improved by using optimization strategies for the 

amplitude and phase distribution along the length of the 

array. These techniques, such as those suggested for 

ultrasound hyperthermia arrays [Ebbini and Cain 1990, Ibbini 

and Cain 1989, Wang et al. 1990a], might allow the shape of 

the focal zone to be modified, such as changing the shape. 

Also, apart from scanning a single focus point throughout the 

target volume, the possibility exists to synthesize a complete 

field throughout the target volume by using this direct field 
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synthesis. The feasibility of each of these optimization 

schemes looks promising and needs to be investigated further 

for these cylindrical arrays. 

The design criteria reasoned out in this paper are all 

within feasible means. To avoid t~e formation of side lobes, 

especially when focusing off center, the ideal phased array 

would have individual elements that are less than A/2 

[Steinberg 1976, Skolink 1980]. These dimensions are practical 

for frequencies lower than about 1 MHz, i.e., element widths 

of 1.5 mm (A/2) at 0.5 MHz. This could still become costly as 

far as components, complexity and amplifiers are concerned for 

a higher frequency array of reasonable length. For example, a 

75 rom array, operating at 0.5 MHz, would require at least 50 

elements. 

Even though theory dictates that element widths should be 

<)../2, slightly larger element sizes (2.5 mm for a 0.5 MHz 

array) have been shown to produce acceptable power depositions 

and heating patterns at practical focal depths (35 rom or 

deeper). In this manner, by sacrificing some dispersive energy 

to the side lobes, 0.5 MHz arrays of a practical length and 

number of elements (75 rom long x 32 elements) can be 

constructed which can still provide fairly flexible heating 

patterns wi thin target volumes. The presence of the high 

absorbed power sidelobes along the edges of the array can be 

negated by using the surface cooling to counteract the thermal 

effect. 
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There are other methods of array optimization which exist 

which can be used to develop arrays with fewer elements, with 

the same performance as an ideal periodic array with it./2 

spacing. As an example, consider the tapered array synthesis 

with nonuniform amplitude distributions outlined by Steinberg 

(1976), which allows fewer elements to be used for the same 

length of array without an appreciable loss of performance. 

The feasibility of this synthesis looks promising and needs 

further investigation to be applied to these arrays. These 

techniques could significantly reduce the sidelobes and 

pre-focal high absorbed power regions to acceptable levels, 

thereby reducing the required complexity of a practical 

intracavitary ultrasound phased array. 
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CHAPTER 7 

DESIGN AND EVALUATION OF A PRACTICAL PHASED ARRAY 

In this section a design for a practical intracavitary 

ul trasound phased array is contrived using the design and 

performance criteria outlayed in the previous chapter, as well 

as accounting for more practical constraints. These practical 

aspects include the size and number of elements in an array, 

and hence the number of RF amplifiers available for common 

clinical situations. The specifics of the proposed design are 

discussed and then scrutinized using the theoretical models. 

Finally, a prototype is constructed and tested against the 

theory in a water bath. 

7.1 Formulation And Design 

The frequency, element width and radius, and array length 

are important design criteria when building a cylindrical 

phased array, as previously shown in Chapter 6. Of these, the 

most crucial parameter is the width of the individual element 

or center to center spacing; to minimize the formation of 

sidelobes the width should be less than or equal to a half 

wavelength in the propagating medium. This constraint makes an 

array of any appreciable length (for enough gain) impractical, 

in that the number of elements would be too large, especially 
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at frequencies greater than 1 MHz. At 1 MHz, this dictates 

that the elements be no longer than 0.75 mm. 

The best route would be to use 0.5 MHz transducer 

elements, as simulated in the previous chapter. At this 

frequency the focal dimensions are desirable for scanning and 

heating large volumes, and arrays of a modest length of 75 mm 

have been shown to effectively heat at depths of 20-50 mm. We 

also have seen that element lengths that approach 2A/3 could 

be tolerated for center focusing and slight off center 

scanning without generating too large of sidelobes or 

dispersion of energy. 

The proposed design calls for a 32 element 0.5 MHz phased 

array using transducers with a 15 mm 0.0. Similar to the 

nonfocused arrays, 1/2 cylindrical segments (180 0 arcs) would 

be used, producing an approximate 130 0 of power deposition 

along the length of the array. Each element would be 2 mm long 

(2A/3)-with a separation between the elements of 0.35 mm. The 

separation is due to the adhesive and electrical/mechanical 

barrier between elements in the final construction. This 

translates to a 75 mm long array with a center to center 

spacing of 2.35 mm. The driving of this device will be 

centered around a 16-channel RF amplifier (50 W per channel, 

TTL level input, by Labthermics Technologies). To most 

effectively utilize the 32 elements for scanning, the system 

should be configured so that the array could be sectionally 

scanned (Chapter 6), using 16 elements at a time. This means 



165 

that at anyone time the amplifier will be operating either 

the top, central, or bottom 16 elements of t:he array. This 

swi tching can be accomplished using RF double pole-triple 

throw relays. 

The phasing of the array can be controlled by digitally 

adjusting the phase of the TTL input to each channel of the 

amplifier. The design of a 4-bi t (22.5 0 increments), 16 

channel phase-shifting module is shown in Appendix B, which is 

controlled by eleven general purpose output lines (TTL level) 

and an 8 MHz square wave input. The phasing of the array can 

be refreshed in real time during the scanning. 

The individual elements can be cut using a diamond

cutting tool as mentioned in Chapter 3, and then attached end 

on end with silicone adhesive and a 0.3 mm section of rubber 

between them for electrical and mechanical isolation. Each 

element should be wired up separately with 250 ~m silver wire, 

attached to the inner electrode surface with conducting silver 

epoxy or solder, with the outer surface connected as a common 

ground. The underside of the array can then be filled with a 

urethane foam or left air-backed and then attached to a PVC 

handle, similar to the nonfocused array design in Chapter 5. 

If air backing is used then a tube for positive air pressure 

should be inserted before gluing. The wires would be run out 

through the center of the array and soldered to RG-174 50 n 

coax cable. Each element should then be separately matched to 

a 50 n load with an L-C matching network. The final array 
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design is similar to the nonfocused arrays, including the 

temperature controlled circulating water bolus, and is shown 

in Fig. 7.1. 

An alternative approach to cutting 32 separate elements 

would be, if possible, to start with a 75 mm long cylinder, 

and then etch out thin cuts that are 90-95% of the wall 

thickness. This is currently done for imaging transducers 

[Challande 1990], but needs to be investigated further for our 

applications. The desirable feature of this technique is that 

the spacing between elements and their placement will be more 

uniform. The etched out grooves can then be filled with an 

acoustically absorbing compound such as urethane or silicone 

adhesi ve. The elements are wired up in the same fashion, 

except the common ground plane is now the inner electrode 

surface. 

7.2 simulations 

The ability of the above array design to effectively 

focus and scan volumes of tissue was tested with 3-dimensional 

acoustic field and temperature simulations. The acoustical 

model accounted for the readily available phase discretization 

of 4-bits. The cylindrical phased array was modeled as 32 

elements (180° arc sections), 0.5 MHz, 2 mm long X 15 mm 00, 

with a separation distance of 0.35 mm between them. The 

absorbed power deposition in tissue was calculated for a 20 mm 
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Fig. 7.1. The proposed practical design for a 32 element 
phased array, sonicating at 0.5 MHz in a 130 U sector. A 
temperature circulating system is used for a coupling bolus. 
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wide scan at a depth of 35 rom, using the proposed sectional

scanning technique. The temporal averaged power deposition 

patterns from the individual 3-point foci are shown in Fig. 

7.2 (a). The corresponding temperature distribution is shown in 

Fig. 7.2 (b), for a perfusion of 2.0 kg m-3 S-1 and surface 

interface temperature of lS u C. This illustrates that even for 

moderate perfusions, this proposed array can focus and scan 

energy to depths of 35 rom and produce effective thermal 

distributions between 15-50 rom deep. From results not shown 

here, these arrays had difficulties focusing energy 50 rom or 

deeper, due to the inability of the short sections to focus at 

the necessary depths and steering angles, producing narrow 

scan widths only. 

The effects of the perfusion rate and the surface cooling 

temperature on the temperature distribution were analyzed to 

gain more insight into how well these devices would operate 

under the different situations. Using the above scan pattern, 

the centerline radial temperatures were calculated for 

different test cases, and are illustrated in Fig. 7.3: in (a) 

the temperature profiles are shown for a constant perfusion of 

2.0 kg m-3 S-1 as the surface temperature (T.) along the 

tissue/applicator interface was varied between 10 u C and 42 u C, 

while in (b) T. was constant at lS u C as the perfusion was 

varied between 0.5-5.0 kg m-3 S-1. These results indicate that 

control of the surface temperature can still be used to 

control significant differences in the temperature 
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distributions, but its effectiveness is lessened by higher 

perfusions. 

The effect of phase quantization and the actual center to 

center spacing of the elements on the field distributions for 

these practical arrays (simple designs, not excessive 

equipment needed) is an important question that needs to be 

answered. Digital phase shifting is inexpensive to make and 

more easy to implement than analog shifters (Appendix B), but 

since the phase to each element is quantized and not exactly 

as computed geometrically, errors in the actual field may 

occur. Another problem to be investigated is that the amount 

of spacing between adjoining elements is not zero due to the 

adhesive and rubber spacer. 

The influence of phasing quantization on the focusing 

capabilities of these arrays is illustrated in Fig. 7.4, where 

the (a) radial and (b) axial relative absorbed power through 

the focus for 1 bit and 4 bit resolution for a 32 element 

array, 64 mm long (0.5 MHz, 15mm 0.0.). This loss of energy 

gain due to the phasing resolution is summarized in Fig. 7.5, 

where the relative absorbed power was determined at a focal 

point in tissue medium (a=5.0 Np m-1 MHz-1
) , for various focal 

depths and bits of phase resolution. Surprisingly, 

quantization levels down to 2 and 3 bits are acceptable for 

focusing at the greater distances, with 4 bits or more giving 

the best results. 
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Fig. 7.4. Simulated relative absorbed power distribution, (a) 
radial and (b) axial, through the focal zone for a phase 
resolution of 1 bit and 4 bit. 
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Thie second important parameter, the spacing between 

elements (s.), was studied for a 64 rom long, 32 element array. 

The center to center spacing was constant (2 mm), but the 

elements were made smaller with more dead space in between. 

Fig. 7.6 shows the absorbed power distribution (a) along and 

(b) across the focus at 35 mm depth, as the spacing was varied 

between zero and 1 rom. The relative absorbed power at the 

focal point was determined for different spacings and 

different focal depths, as shown in Fig. 7.7, and illustrates 

a maximum allowable spacing between 0.4-0.5 rom. The total 

power out over the whole array was kept constant for each 

configuration. 

7.3 Experiments 

7.3.1 Prototype Array Construction 

A prototype section of the proposed array was constructed 

using 1/2 cylindrical transducer segments, where each of the 

elements was 2.25 mm long, as cut from the larger 0.5 MHz 

transducers (15 mm 0.0., see Table 4.1). These individual 

elements were attached end on end using silicone adhesive, 

wi th a 0 • 3 rom thick section of rubber between them for 

electrical and mechanical isolation [Higgs and Eriksson 1969]. 

The array was 40 mm long, with an average element center to 

center spacing of 2.5 mm (See Fig. 7.8). The array underside 

was filled with a urethane foam material for acoustic backing 
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Fig. 7.7. Relative absorbed power for different focal depths, 
as the dead space between elements was varied. The center to 
center spacing and total power to the applicator remained 
constant. 
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Fig. 7.8. Diagram of 16 element prototype phased ultrasound 
array based on the design of Fig. 7.1. 
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and attached to a rectangular PVC mount. Conducting silver 

epoxy was used to attach 10 mil silver wire to the separate 

elements, which were run out the center of the array and 

attached to RG-174 50 ohm coax cable. Each element was 

separately matched to a 50 ohm load with an L-C matching 

network. 

7.3.2 controlling Hardware 

The overall system diagram for operating this phased 

array is shown in Fig. 7.9. The RF-power was delivered by a 

Labthermics 16 channel amplifier (TTL input), with 

controllable power levels to all the channels at once. The 

phasing of each input signal was digitally controlled with a 

phase shifting module (see Appendix B), with 4 bit resolution 

(22.5 u increments). The power control, phasing, and absorbed 

power measurements were controlled by the HP computer, in 

tandem with the Wavetek frequency generator and the HP digital 

voltmeter. 

7.3.3 Experimental And Simulated Beam Plots 

The relative squared pressures were measured in degassed 

water using a silastic coated thermocouple scanned across the 

focal region. The scans were in a plane extending radially 

from the axial surface of the array, with a step size of 1 mm 

axially and 2 mm radially. 
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simulations of the above absorbed power scans were 

calculated using the 3-dimensional program that numerically 

models the acoustic properties of the surface of each of these 

array elements. The actual center to center spacing between 

elements was entered into the program to more accurately model 

the array. 

The experimentally (top) measured and simulated (bottom) 

relative absorbed power patterns in degassed water are shown 

in Fig. 7.10 for focusing at radial depths of (a,b) 30 mm and 

(c,d) 40 mm, and for (e,f) a depth of 30 mm but 10 mm off the 

center line. The contours are in 10 % reductions from 

100%-10%, where for each case the maximum absorbed power was 

within the desired focal region. 

7.4 Discussion 

The purpose of this chapter was to verify the 

correspondence between the theory and a working prototype 

array, and to show that an electrically focused intracavitary 

ul trasound array is practical. From these resul ts it is 

indicated that a good practical array can be constructed from 

32 elements (0.5 MHz, 15 mm 0.0.), with a center to center 

spacing of 2.35 mm, to form a 75 mm long array. The required 

32 amplifiers is not excessive, but sectional scanning can 

also be used so that only 16 elements at a time are on. 
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absorbed power contours of the phased array. Shown for center 
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Simulations of these arrays have shown that they were 

able to effectively focus and scan regions that are 35 mm 

deep, and apply a controlled temperature distribution between 

20 and 50 mm of depth. The temperature of the circulating 

water can be used to control the shape of the temperature 

distributions; a circulating temperature of 37°C can be used 

to generate a heated region from the surface of the applicator 

to 50 mm of depth, or a temperature of 10°C can be used to 

move the heated region away from the surface of the 

applicator. 

Unfortunately, sacrifices in performance, as compared to 

ideal arrays, were traded off for practicality. If only 16 

channel amplifiers are available, the ability to focus at 

depths of 50 mm or greater is hampered by the short array 

segment reducing the gain at any focal spot, most notably 

those off center. Fortunately, large heated regions are 

attainable when focusing at 35 mm due to the large focal 

length generated by the short array segment. Another 

shortcoming is at short focal distances, where focusing at 

points less than 20 mm would generate undesirable side lobes in 

the field. 

Phase quantization of 4-bi ts or greater was shown to 

induce a negligible effect on the absorbed power distributions 

generated by these practical phased array systems, with 

quantization levels as low as 2-bit allowable for certain 

applications. (This agrees with the results for the large 



183 

external ultrasound phased arrays [Wang et al. 1990b]). The 

spacing between array elements was found to be significant, 

and must be limited to less than 0.4 mm. 

An experimental prototype phased array (16-2.5 mm long 

elements, r t =7.5 mm, 0.5 MHz) was built and tested in water, 

and the beam distributions were found to be in agreement with 

the theoretical model. The practical array constructed here 

was able to be electrically focused in water, producing 

predictable power deposition patterns. The computer simulation 

experiments were in good agreement with the experimental 

resul ts, thereby supporting the validity of the numerical 

model and the subsequent results. 



CHAPTER 8 

SUMMARY AND CONCLUSIONS 

8.1 Summary 
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This study was concerned with the development and design 

of ultrasonic applicators for heating tumors via body 

cavities. The importance of this work is realized in that 

ultrasound devices may have several advantages over the 

current microwave and RF intracavitary heating techniques. 

There were two basic types of arrays developed or proposed: a 

nonfocused multielement array and a phased array. At this 

point, the research was divided into two areas corresponding 

to the array type, where both computer simulations and bench 

experiments were used in the development and evaluation. 

The development of the non focused array was addressed 

first. The general design concept was that each of the 

transducer elements would radiate sound uniformly in the 

radial direction only, where the power level to each element 

would be controlled to independently control the temperature 

elevation in the immediately adjacent region. To choose the 

proper size elements, computer simulations and experiments 

with commercially available transducers were undertaken to 

characterize beam profiles and the heating potential of 

different types of individual transducer elements. 
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Once the properties of individual elements were 

understood, complete arrays were then simulated and analyzed. 

with this information different arrays were constructed with 

these characterized transducers and tested in vitro and in 

vivo on canines. A temperature controlled circulating system 

was also devised for these devices, which aided in acoustic 

coupling and controlling the temperature distribution. 

The latter sections of this study were devoted toward the 

development of a phased ultrasound array. In concept, these 

devices should be able to deliver energy deeper into the 

tissues by focusing the energy, without overheating the region 

adjacent to the array. They would provide additional control 

over heating as compared to the nonfocused devices. Extensive 

simulations of these arrays were undertaken to better 

understand the influence of the individual element size and 

overall dimensions of such a device. The characteristics of 

the acoustic fields and heating potential were analyzed, using 

focal scanning and temperature calculations. 

The theoretical design constraints and practical 

limi tations were considered in devising a design based on 

specific transrectal heating and availability of RF 

amplifiers. This design was non-optimal from a theoretical 

standpoint, but allowances were made in the overall 

performance to make it more practical. This design was then 

accurately modeled for the simulations using the exact 

structure. The digital phasing and spacing between elements 
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was also considered. Finally, a section of the proposed 

device was constructed and tested in a waterbath to justify 

the theory. 

8.2 Conclusions 

This study indicates that using intracavitary ultrasonic 

applicators is a viable method of inducing hyperthermia and 

shows much promise. Wi th a properly designed nonfocused 

applicator the temperature distribution can be controlled by 

1) varying the power to each individual element, 2) choosing 

the correct frequency to determine the depth of penetration, 

and 3) modifying the surface cooling temperature to move the 

temperature peak. The increased depth of penetration and the 

ability to alter the power deposition over the length of the 

applicator during the course of a treatment are distinct 

advantages over the existing microwave and RF intracavitary 

devices. A simple but effective applicator was found to be 

able to transrectally achieve hyperthermic temperatures in the 

canine rectal muscle and prostate gland in a controlled 

fashion. The in vivo experiments in canines and in vitro 

phantoms, as well as computer simulated temperature 

distributions, have shown that the nonfocused multielement 

arrays provide a good modality for heating tissues within 3 cm 

from the rectal wall. The nonfocused applicators designed 

herein are now being used clinically in treating cancer of the 
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prostate, and the results of three treatments have been 

promising. 

From the above results it is clearly indicated that 

phased ultrasound arrays are a feasible means of applying 

intracavitary hyperthermia. These arrays have the ability to 

focus and scan the focal point and give better control of the 

temperature distribution as well as an increase in the 

penetration depth. These arrays, with surface cooling, should 

provide deep controlled heating up to 2-5 cm from the cavity 

wall. This can be either highly localized due to the small 

focal dimensions or encompass larger volumes by the addition 

of scanning. Using theoretical design criteria and practical 

considerations, an array design that minimized the number of 

elements and amplifiers was developed. A prototype was then 

constructed and shown to produce satisfactory results that 

agree with the theoretical models. At this stage in the 

development much work still needs to be done to implement the 

phased arrays in the clinic, but prospects are promising. 



CHAPTER 9 

FUTURE DIRECTIONS 
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There are still numerous aspects of intracavitary 

ul trasound arrays that need to be addressed or further 

analyzed, including theoretical, experimental and design work. 

The applicators developed in this work were mostly for 

heating tissues transrectally. Therefore, new array designs 

need to be developed for heating from such orifices as the 

vagina, esophagus, urethra, and the oral and nasal cavities. 

Each applicator would most likely be site specific with 

special consideration given to the size and frequency of 

operation. Other invasive techniques would include 

intraluminal cardiac ablation or development of interstitial 

ultrasound systems [Appendix Al. 

The existing non-focused transrectal arrays could be made 

more complex, with multiple transducers not only along the 

axis but also circumferentially. Treatment planning programs 

need to be developed so that the tumor dimensions and location 

are well known. Temperature control algorithms then could be 

developed to improve the preferential heating of the tumor by 

controlling the level and location of applied power during 

treatment execution [Knudson and Hartmann 1986, Babbs et ale 

1986 1 • 
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The intracavitary applicators could also be combined with 

an existing imaging array, so that the heating and locating 

are done with the same probe. The advantages of this are that 

the imaging and location of the heating field and thermometry 

will be referenced to the same probe. This is more accurate 

than if an imaging probe is used, removed, and then the 

heating probe is inserted into position. 

The proposed 32-element phased array needs to be 

constructed and tested in vitro and in vivo for future use in 

the clinic. The power deposition and scanning patterns from 

these arrays will have to be fully characterized. Plenty of 

computer analysis of these arrays still needs to be done. 

The feasibility of adjusting the amplitude distributions 

and phasing to obtain an "optimal" power deposition or 

synthesized focus must be investigated for possible use with 

these arrays. While these methods are commonly employed in 

radar and ultrasound phased arrays, simulations must still be 

done for these smaller cylindrical arrays. 

The computer model used to determine the acoustic field 

could be modified to include not only the non-uniformity of 

the amplitude excitation along the transducer surface but also 

the modes of vibration through the element. In addition, the 

surrounding tissue region could be more complexly modeled to 

include the presence of bone, interfaces, organs, bowel and 

volumes of gas, etc. 
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The behavior of these applicators in the angular or 

circumferential direction needs to be thoroughly investigated. 

The simulation algorithms can be modified to determine the 

true 3-dimen~ional acoustic distributions: of course, due to 

the inordinate amount of CPU time required, this should be run 

on a super computer. These results can be verified by 3-

dimensional beam plots. 



APPENDIX A 

INTERSTITIAL ULTRASOUND ARRAYS: 

A PRELIMINARY FEASIBILITY STUDY 

A.1 Introduction 
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Currently radiofrequency local current field (RF-LCF) 

needles, microwave antenna, and inductively heated magnetic 

seeds are used for applying hyperthermia [Brezovich et al. 

1984]. These techniques are invasive in that the devices are 

inserted directly into the tumor or region to be heated. For 

deep-seated tumors this often entails surgery. This technique 

is commonly applied immediately following or preceding 

brachytherapy, using the same catheter tracts. 

The RF-LCF needles are placed in a parallel grid and 

localized electric currents are conducted between them. By 

varying the current to each element, satisfactory control of 

the temperature distribution can be achieved. The energy 

deposition from each needle falls off very quickly (1/r2
), so 

for moderately perfused tumors the probes are placed between 

1-1.5 cm apart. 

Similar to RF-LCF needles, microwave antenna are placed 

within the catheters. Phasing and power levels to each antenna 

can be controlled to generate maximum power deposition away 

from the probe surface, thereby potentiating deeper power 

penetration [Trembly et al. 1986, Wong et al. 1986]. Recently 
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stauffer et ale 1989 completed a study on the dosimetry 

differences between the two techniques and determined that the 

RF-LCF method provided more uniform heating. 

The third technique uses ferromagnetic pellets, inserted 

into the catheters, that are exposed to an electric field to 

generate the energy. These seeds, depending on the 

composition, exhibit a curie transition point in their 

magnetic permeability, so that a constant temperature source 

is obtained even if the E-field is increased. 

Each of these techniques have inherent problems 

associated with their heating performance. The microwave 

antenna and RF-LCF needles fail to heat uniformly along the 

length of the device and the depth of penetration of power is 

small. The ferromagnetic seeds rely on thermal conduction to 

dissipate the energy away from the seed into the surrounding 

tissue region, and therefore is extremely limited to fields 

with low perfusion. Neither of these methods allows the power 

deposition to be varied during the course of a treatment to 

account for differences in tumor structure (nonhomogeneity) 

and dynamic changes in the blood perfusion. 

The purpose of this study was to determine whether or not 

arrays of small ultrasound cylinders can be more effective for 

delivering interstitial hyperthermia. Hopefully these could 

provide a better method by increased power penetration, which 

would allow the needles to be spaced further apart, and by 
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having the potential to control the power to independent 

regions along the length of the probe. 

A.2 Methods 

A.2.1 simulations 

The 1-Dimensional and 3-Dimensional cylindrical acoustic 

field simulation programs were used to calculate the acoustic 

fields produced from these ultrasound interstitial arrays in 

a tissue medium (a=5 Np m-1 MHz-1
). Modifications were made to 

the 1-dimensional model so that the fields were computed in an 

X-y coordinate system for a cross-section of a parallel series 

of more than a single array. This 1-dimensional model assumes 

that each probe is inf ini tely long. The ultrasound probes 

could be placed at any location, with the spacing between 

probes a variable. The same thermal models as previously 

discussed were also modified for X-Y coordinates and the 

heating patterns were calculated. 

The thermal solver was also modified to model constant 

temperature sources, such as encountered with ferromagnetic 

seeds or hot water sources. This was used to generate 

equi valent heating patterns for different spacings between the 

elements to provide a direct comparison to the ultrasound 

methods. 
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A.2.2 Experiments 

Small cylindrical ultrasound transducers (PZT-5A, 3 mm 

long X 1.5 mm 00, 3.2 MHz resonant) were attached end on end 

using a silicone adhesive to form a three element segmented 

array (See Fig. A.1). Each segment was air-backed, separately 

wired up with 8 mil silver wire and electrically matched to a 

50 n load, thereby the power level to each element could be 

separately controlled along the length of the array. 

The relative absorbed power distributions were measured 

for single elements in degassed water, with a measurement grid 

spacing of 0.5 mm X 0.5 rom (see Chapter 3 for technique). 

Similarly, the absolute intensities were measured at different 

radial distances from the element surface using a calibrated 

needle hydrophone, as a function of electrical input. 

This array was evaluated using an in vitro alcohol-fixed 

dog kidney, with a controllable perfusion to the organ. For 

these tests the array was embedded within the phantom and a 

bare thermocouple junction was used to measure the 

temperatures across the array field. The thermocouple position 

was controlled via a micromanipulator, with a path tangential 

and 1-2 mm from the surface of the array. The complete set-up 

is shown in Fig. A.2. The probe was tested in two different 

configurations: (i) the probe itself embedded within the 

phantom, and (ii) the probe encased by a 2.5 rom 00 

polyethylene tubing, with a constant temperature degassed 

water flow between the array elements and the catheter. This 
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Fig. A.1. Diagram of a 3-element cylindrical ultrasound array 
for interstitial hyperthermia. 
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water perfusate removes heating of the catheter wall itself 

and conduction from the ceramic to the immediate surrounding 

tissue. 

A.3 Results 

A.3.1 simulations 

A 5-element ultrasound array, consisting of the 3.2 MHz 

cylinders used in the experiments, was modeled using the 3-

dimensional field calculation program. The relative absorbed 

power distribution is shown in Fig. A.3(a), where the power to 

each element was the same (these contours are in 10% 

reductions from 100% to 10%). The resulting cylindrical 

temperature distribution is shown in Fig. A.3(b), for surface 

cooling along the interface of 10 u e and a perfusion of 0.5 kg 

m-3 S-l (these contours range from 45 DC to 38 DC, in 1 DC 

increments. 

The previously calculated absorbed power distribution, 

and a similar one for a 2 MHz array, were used to calculate 

different temperature distributions for different surface 

bolus temperatures (10 0 e-42 D e) and perfusions (0.5-2.0 kg m-3 

S-l) in the tissue. Using the radial temperature distributions 

from the center of the array, the depth of heating (43 DC 

depth) and distances of the peak temperature (45 D e) from the 

surface of the array are summarized in Fig. A.4(a,b). 
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Fig. A.4. The centerline radial temperature distribution (a) 
depth of therapeutic heating(>43 U C) and (b) location of peak 
temperature ( 45 ° C) from the array surface as the catheter 
perfusate temperature was varied between 10-42°C. Shown for 
different frequencies and tissue blood perfusions. 
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The steady-state temperature distributions from a grid of 

4 parallel arrays are shown in Fig. A.5(a,b), for a spacing of 

2 and 3 cm , respectively. The temperature of the arrays were 

set to 45 ° C. The coordinate system is cartesian and the 

absorbed po~er deposition was calculated as mentioned above, 

using the modified l-dimensional solver. Temperature contours 

were also computed for arrays of ferromagnetic seeds or 

conducting tubes of the same diameter, as shown in Fig. 

A. 6 ( a, b), for the same spacing. The elements were then 

boundary value temperatures of 45°C. The comparison between 

these two illustrate the differences between just thermal 

conduction and the added benefit of power deposition due to 

the ultrasound. 

A.3.2 Experiments 

The relative absorbed power field of a single transducer 

element, resonating at 3.2 MHz, is shown in Fig. A.7., for a 

radial extending measurement plane. The axial distance is 

along the surface of the cylindrical transducer. 

The absolute intensities as a function of applied 

electrical power, from a single transducer element, are shown 

in Fig. A.S, for different radial distances. 

The steady-state tangential temperature distributions 

were measured across the 3-element array with and without 

catheter flow, embedded in the kidney phantom. Fig. A.9 shows 

the normalized temperature rises for each case, illustrating 
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Fig. A.6. Temperature contours across a grid of 4 conduction 
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Fig. A.B. Absolute intensities measured from a single array 
element in degassed water for different electrical input 
powers. 
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Fig. A.9. steady-state tangential temperature distributions 
in the in vitro kidney phantom for the 3-element array with 
and without catheter flow. 
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that the catheter tubing plus flow moves out the maximum 

temperature and, since a dip is present across the catheter 

tubing, the increased heating is due to the penetration of 

acoustic energy through the plastic wall into the surrounding 

medium. For this test the flow to the kidney was set to zero. 

The transient temperature rises were also recorded for 

the array with and without the catheter tubing and flow, as 

shown in Fig. A.10(a,b). For the array without the catheter 

(a), the electrical power was varied between 2.6 and 3.4 W, 

and the total flow of perfusate to the kidney was 12-31 ml 

min-l. similarly, the power was varied between 5 and 6.2 W for 

the catheterized array, and the flow was at zero. 

A.4 Discussion 

The simulations and experiments have shown that 

interstitial ultrasound arrays have the potential to provide 

better heating patterns and more control than existing 

techniques. The results presented herein are preliminary and 

more carefully planned experiments need to be performed to 

illustrate that these devices could be made in practice. 

The simulations of these arrays gave a good indication 

that depth of penetration of the ultrasound from these sources 

can provide a much larger volume of heating as compared to 

conduction and ferro-seed technology, thereby allowing a 

larger grid spacing and fewer catheter tracts to be placed 
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Fig. A.10. Transient temperatures induced by the 3-element 
array in vitro (a) without (5 mm radial depth) and (b) with 
catheter cooling flow (3 mm radial depth). Shown for different 
electrical power levels and total flow levels to the organ 
(zero for (b)). 
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within the treatment volume. wi thout considering maximum 

power limitations, these devices were shown to be able to 

produce heated regions (>43 U C) between 1.5 cm and 0.7 cm. The 

temperature of the circulating water and the frequency of 

transducer can be varied to control this distribution. This is 

also important regions that are more perfused, where 

conduction techniques are even more hindered. 

The experiments have shown that it is possible to make 

arrays of these small cylinders and get acoustic energy out. 

They also indicated that enough acoustic energy can be 

produced by these small elements, when added to a grid of 

other elements, to possibly obtain therapeutic temperature 

rises. The comparison between the steady-state temperature 

distributions between the two configurations has illustrated 

that the tissue heating is indeed due to acoustic power 

absorption and not thermal conduction from the transducer 

element and/or the catheter wall. These results are 

significant in that is shows that it may be feasible to get 

enough energy through the plastic catheters commonly used for 

brachytherapy. This still remains to be investigated. 

In conclusion, these results are promising but also 

indicate that more studies need to be done. It will be 

necessary to build longer arrays, with more elements and 

different operating frequencies, and implant a grid into an in 

vivo thigh muscle and measure temperature distributions. A 

catheter perfusing system needs to be devised. The first 
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arrays will most likely not have independent amplitude control 

to each element, but will be instituted later. 
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APPENDIX B 

CIRCUIT SCHEMATICS AND DESCRIPTIONS 

The purpose of this section is to present the design and 

function of the electrical circuits developed for this study. 

Among these are included the digital phase shifting module, 

the analog phase shifting module, a 1 to 5 channel RF power 

multiplexer, and general pull down interfacing circuits used 

for the GPIO interface lines from the computer to peripherals 

to be controlled. 

B.1 Analog Phase Shifting Module 

The first task was to construct an analog phase shifting 

circuit to control the phase of three separate channels of 

input signal to corresponding RF amplifiers. This module was 

used in some preliminary experiments to see if modifying the 

phase to three separate ultrasound transducers would vary the 

field patterns. The final design is shown in Fig. B.1, 

showing the three stages of each channel: the input buffer 

stage, phase shifting stage, and the output gain stage. The 

phase was adjusted by varying the 10k potentiometer to give a 

phase shift in the range of 0° to 180°. The capacitor (510 

pf) could be changed for different frequency ranges. The 

transfer function and phase shift for the shifting section is 
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Fig. B.l. Schematic diagram of a buffered analog phase shifter 
with adjustable gain, operating in the frequency range of 0.5-
1.6 MHz. 
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described by the following expressions [Analog Devices 1986]: 

Vo = 1-RCj (2nf) 
~ 1+RCj(2nf) (b.1) 

where 

cI>=-2tan-1 (2nfRC) 

Vi = voltage input, (volts) 
Vo = voltage output, (volts) 
R = variable resistance, (ohm) 
C = variable capacitance, (farads) 
f = frequency, (Hz) 

(b.2 ) 

The output gain stage was inverting with a gain between zero 

and 10, as determined by the 10 kn potentiometer. The choice 

of the LM 318 was questionable as far as the 10 MHz unity gain 

bandwidth is concerned, but for the applications under 1 MHz 

this was an inexpensive a1 ternati ve. The main drawback of 

analog phase shifters was the need for manual adjustment of 

the potentiometer to control the phase shift. Expensive 

al ternati ves to control potentiometers in a continuous fashion 

exist, but were impractical (i.e., stepper motor control). 

Digital potentiometers could be substituted in the gain stage, 

but since they function only as voltage dividers the transfer 

function would no longer be the same. Another option, still 

expensive, would be to use an array of digitally controlled 

CMOS switches to vary the resistance within a R-ladder 

network, where the parallel resistance is determined by the on 

state of the CMOS array. Two major problems exist: one, the 

phase response is not a linear function of resistance, and 
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two, the amount of CMOS switches and resistor banks would 

become prohibitive. 

B.2 Digital Phase Shifting Module 

A digitally controlled phase shifter is a necessity for 

controlling and modifying the phase in real time to each of 

the elements in a large phased array. The system used to 

control the intracavitary arrays consisted of a GPIO interface 

board, with 16 digital output lines. One possible design uses 

two M-DAC's (multiplying D/A converters) as digitally 

controlled attenuators to modulate the two signals into a 

phase shifted output [Analog Devices 1986]. The phase angle 

is set by the M-DAC digital inputs. This is an accurate but 

expensive approach, and is limited by the maximum sampling 

rate of the D/A. 

For our purposes, a better design was developed using 

digitally programmable counters as frequency dividers to 

quantize the phase shifting, producing TTL level shifted 

output. The final digital phase shifting module, controlling 

the phase shifted input to one of 16 separate RF amplifiers 

(digital input devices) is shown in Fig. B.2. Basically, the 

counter (74LS193) was used as a frequency divider; the clock 

input signal was 8 MHz and divided to 0.5 MHz (4 bit device, 

1/16 division off MSB) , where the programmable 4 bit input 

sets the time delay in 16 increments. The quad latches 
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Fig. B.2. Schematic diagram of a 4 bit digital phase shifting 
module for RF signals of 0.5 MHz. The circuit is digitally 
controlled and the output is TTL. 
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(74LS75) were loaded with the corresponding start count for 

storage, where the loading of each of the 16 channels was 

controlled by the 4 bit demultiplexer (74LS154). The output 

of the demultiplexer was routed through an inverter to 

compensate for the inverse logic levels. An AND GATE (7 4LS08 ) 

was used as a digital switch to control the on/off state of 

each amplifier input. The output was buffered using 50 ohm 

line drivers (74LS128). If necessary, the phase resolution 

~ could be increased to 5 or 6 bits by daisy chaining more 

counters and latches per channel, and then clocking the 

counter with a higher frequency (up to 32 MHz max). 

The module was controlled by 11 output lines of the GPIO 

interface. These ouputs were converted from open collector to 

TTL level output using the following pull down circuitry, 

which was modified and placed in the phase shifting module as 

shown in Fig. B.3. The output lines and their corresponding 

function are summarized in Table B.1. 

B.3 RF Multiplexer Circuit 

The GPIO interface and RF multiplexer circuit is shown in 

Fig. B.4. This was used to drive 5 ultrasound transducers with 

a single RF amplifier by switching between elements as 

directed by the HP computer. 
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Fig. B.3. Schematic diagram of the pull-down circuitry to 
interface the open collector logic of the GPIO to the input of 
the digital phase shifting module. 
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Table B.l GPIO output bits/address and their corresponding 
function for operation of the digitally controlled phase 
shifting module. 

1 bit 1, latches 

2 bit 2, latches 

3 bit 3, latches 

4 bit 4, latches 

5 bit 1, demux enable to load latch 

6 bit 2, demux enable to load latch 

7 bit 3, demux enable to load latch 

8 bit 4, demux enable to load latch 

9 controls demux all off 

10 load counters from latches 

11 on/off control of TTL final output 
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Fig. B. 4 Schematic diagram of the GPIO interface and RF 
multiplexer circuitry used for the type-1 array to control the 
RF signal from one amplifier to all five elements. 
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