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Summary

Microwave thermography obtains information about the temperature of internal 

body tissues by a spectral measurement of the intensity of the natural thermally 

generated radiation emitted by the body tissues. At the lower microwave frequencies 

radiation can penetrate through tissue for distances useful for a range of medical 

applications. Radiation from inside the body may be detected and measured 

non-invasively at the skin surface by a microwave thermography system consisting of a 

suitable antenna to detect the radiation and a radiometer receiver to measure its intensity. 

In the microwave region the radiative power emitted per unit bandwidth is proportional 

to the temperature of the emitting tissue and the total radiative power received from the 

body tissues, P, is a weighted volume average of temperature

P = k B J w( r) T(r) dV
V

where k is Boltzmann's constant, B is the bandwidth, T(r) is the temperature at the

position r and w(r) is the weighting function. The weighting function depends on the

structure and dielectric properties of the tissues being viewed, the measurement
£frequency and the characteristics of the antenna.

The Glasgow developed microwave thermography system operates at a central 

frequency of 3.2 GHz, chosen to give the optimum compromise between the depth 

from which radiation may be received, which decreases with increasing frequency, and 

the lateral spatial resolution which increases with increasing frequency. A Dicke 

configuration radiometer receiver and a cylindrical low-impedance waveguide antenna, 

which operates in contact with the skin surface, are used. The output from the 

radiometer is calibrated to degrees Celsius to give a "microwave temperature" of the 

tissues being viewed.

The tissue temperature distribution, T(r), reflects the vascular and metabolic 

state of the tissue. Diseases which affect these physiological functions will result in 

changes in the tissue temperature and hence in the measured microwave temperature. It

%  This function will vary, to a certain extent, from individual to individual for the same 

region of the body, depending on the anatomical structure present, and, in particular, 

the thickness of any tissue region.



is not possible, however, to solve the indirect problem of retrieval of the temperature 

distribution in the tissue from a single frequency measurement of microwave 

temperature. It is therefore necessary to model the temperature distribution in the tissue 

and, from this, solve the direct problem of calculation of the microwave temperature. 

Measured microwave temperatures may then be compared with those modelled to 

indicate the physiological state of the tissue. Pennes (1948)

The temperature distribution in the tissue may be determined by solution of the 

steady-state heat transfer equation

K V 2T +W bcb (T - T )  + Q = 0

where K is the thermal conductivity of the tissue, Wb is the perfusion rate of blood

through the tissue, cb is the specific heat capacity of the blood, Ta is the arterial blood

temperature and Q is the rate of metabolic heat generation in the tissue. The boundary

condition of heat loss at the skin surface is governed by the equation

8T
K —  = h ( T - T  )

3n e

where Te is the ambient temperature and h is the heat transfer coefficient due to the 

combined effects of heat loss by radiation, convection and evaporation.

The microwave temperature may be calculated from the modelled temperature 

distribution and use of plane wave theory to determine the weighting function, with an 

increased power attenuation constant to account for the response of the antenna.

The modelling of the tissue is simplified by the fact that both the tissue thermal 

conductivity and the microwave dielectric properties of the tissue depend primarily on 

the water content of the tissue.

This thermal and electromagnetic modelling has been carried out to determine 

the expected microwave temperature profiles across the female breast. Microwave and 

infra-red temperature measurements were made on a group of young, normal women 

and a group of older, post-menopausal women with breast disease. In general the 

younger women will have higher water content breast tissue than that of the older



women due to the higher proportion of glandular and connective tissue and the smaller 

proportion of low water content fat tissue. However, by comparison of the modelled 

microwave and surface temperatures with those measured on the younger women and 

on the normal breast of the older group, it was found that it was not possible to 

distinguish between the breast tissue of the particular groups studied. The modelled 

temperatures indicated that the effective power penetration depth in breast tissue is less 

than 8.4 mm and that the thermal conductivity is between 0.29 and 0.46 Wm" 1K~ 1.

The microwave temperature was found to primarily reflect the level of perfusion 

in the breast tissue. A wide range of normal perfusion values, from 0.2 to greater than 

2 k g n rV 1, was found. The microwave temperature is most sensitive to perfusion 

changes at low values of perfusion.

In patients with breast disease the increased microwave temperature above that 

of the normal contralateral breast reflects increased vascularity due to disease activity. It 

is thought that this increased vascularity may only be present at the periphery of the 

tumour where the neoplastic cells are invading the surrounding tissue, forming 

capillary-like vessels and providing an abundant vascular network. At the centre of the 

tumour the blood perfusion may be less than that at the advancing edge. In very large 

tumours the tissue at the centre may be necrotic. The apparent thermographic size of a 

tumour might therefore be expected to be larger than its radiographic size determined by 

mammography.

The microwave and thermal modelling has also been applied to the knee joint. 

Patients suffering from inflammatory arthritis are known to have increased joint 

temperatures in those joints affected by disease. Modelled microwave temperatures 

were determined for the knee joint and compared with those obtained from normal 

joints and joints affected by rheumatoid arthritis. Rheumatoid arthritis is an 

inflammatory disease which may affect one or more joints and whose symptoms 

include pain, swelling of the joint, stiffness and lack of articulation. The increased joint



temperature in patients with rheumatoid arthritis was found to be attributable to 

increased blood supply to the synovial tissue in the joint cavity. The increased blood 

supply may result from both an increased volume of synovial tissue and an increased 

perfusion rate through this tissue.

Microwave thermography may therefore be used clinically as a non-invasive 

method of monitoring changes in tissue perfusion. Quantitative estimates of tissue 

perfusion may be determined by comparison of modelled microwave temperatures with 

those measured. This information will be a useful aid to research both in breast disease 

and in rheumatology.



Chapter 1 - Introduction to Microwave thermography

1.1 Introduction

Microwave thermography is the measurement of internal temperatures in the 

human body by detection of the natural thermally generated microwave radiation 

emitted by the body tissues. This technique has a number of potentially important 

medical applications for the detection, diagnosis and treatment monitoring of diseases 

which produce regional or localised changes in the body's normal temperature 

distributions.

The temperature variation over the surface of the human body and the thermal 

gradients into the body reflect variations in the physiological properties of blood flow 

and metabolic heat production. Diseases which cause changes in vascularity or 

metabolism produce thermal changes in the body which may be investigated by 

microwave thermography. Initial studies of the clinical applications of microwave 

thermography have included osteo-articular diseases, vascular disorders, diseases of 

the acute abdomen and cancers of the breast, thyroid and brain ( Barrett, Myers and 

Sadowsky, 1980; Edrich et al, 1980; Land, Fraser and Shaw, 1986; Abdul-Razzak et 

al, 1987). The advantage of microwave thermography in the study of these diseases 

over other thermographic techniques is that microwave radiation is able to pass through 

human tissue and therefore the subcutaneous temperature may be determined passively 

and non-invasively. This microwave measurement of internal temperature is related 

more strongly to physiological conditions in the deeper tissues than to the effects of 

heat transfer to the environment, which occur mainly in the skin and are strongly 

reflected in measurements of surface temperature such as in infra-red thermography. 

Infra-red thermography is a similar technique to microwave thermography but the 

transmission through body tissues of electromagnetic radiation at the higher infra-red 

frequencies is only of the order of 0.1 mm and this technique therefore provides a 

measure of skin temperature. [10]

If microwave thermography is to be widely used and fulfil its potential as a

1



clinical technique then it is important that it has specific objective criteria for its 

interpretive use. In order to successfully determine the most effective such criteria it is 

necessary to fully understand the factors which affect the observed microwave 

temperatures. The aim of this work has been to develop computer assisted modelling 

techniques which indicate the influence of each of the factors contributing to 

microwave measurements, give quantitative assessments of the most important among 

these factors and can be used in the development of diagnostic criteria for microwave 

thermography.

The application of microwave thermography to the study of breast cancer and 

joint disease has been considered in particular. Numerical and analytical models of the 

temperature distributions in these regions of the body have been developed and used to 

calculate the expected microwave temperatures of these parts. In the case of breast 

cancer these models were used to assist in the analysis of microwave and infra-red 

thermographic measurements on two groups of subjects: a group of normal volunteers 

in the age range 19-26 and a group of breast patients at the Western Infirmary, 

Glasgow, in the age range 30-72. This small sample was used to demonstrate the 

potential of microwave thermography to estimate blood flow and tissue water content 

in breast tissue of women of different ages and to assess the changes which take place 

in the breast in the presence of cancer.

In the case of the knee joint work was carried out to improve understanding of 

the normal microwave patterns observed in limbs and so lead to a better interpretation 

of the thermographic findings in patients with disease. Infra-red and microwave 

thermographic measurements were made on normal volunteers and patients suffering 

from rheumatoid arthritis. Using the theoretical model of expected microwave and 

infra-red temperatures to compare with the measured values the effect of the anatomy of 

the limb on the observed temperature profiles was studied and the disease activity 

indicated by the measured microwave temperatures was assessed.

An introduction to microwave thermography is given in the remainder of this

2



chapter which describes briefly the basic principles of microwave thermography, gives 

a brief account of clinical thermometry and thermography and reviews present and 

previous work in the field of microwave thermography. Chapter 2 discusses more fully 

the principles behind microwave thermography. Chapter 3 describes the microwave 

thermography system used in this study and Chapter 4 discusses the modelling of 

temperature distributions in the human body. Chapter 5 considers the tissue properties 

which affect microwave thermographic measurements. The application of microwave 

thermography to the study of breast cancer and joint disease is presented in Chapters 6 

and 7 respectively and conclusions are given in Chapter 8.

1.2 Principles of Microwave Thermography

A body which is a perfect absorber of radiation is also a perfect emitter and is 

known as a black body. The radiation at any wavelength from such a body depends 

only on the temperature and radiation wavelength and is independent of the nature of 

the material of the black body. Planck's Law describes the intensity of radiation from a 

black body at a temperature T in the wavelength region X  to tadX:

2hc2
B (ft = ---------------------------  (ft (1.2.1)

( « * ( - “ _ ) - 1)
XkT

where B^d^ is the power emitted per unit surface area per unit solid angle in the 

wavelength interval d .̂, h is Planck's constant (Js), c is the velocity of light (ms-1), X  is 

the wavelength (m), T is the temperature (K) and k is Boltzmann's constant (J K 1).

Figure 1.1 shows this intensity spectrum for a black body at a temperature of 

300K, approximately that of the human body. Human skin behaves very close to a 

black body at wavelengths between 0.2 and 20 |im for both white and black skin 

(Mitchell et al, 1967). It is in this region, at about 9.5 |im, that maximum emission of 

radiation occurs. Infra-red thermography systems have been designed to detect 

radiation around this maximum, in the wavelength range 3-15 |J.m (Jones, 1987). 

Planck’s Law can be used to relate the measured radiation in this wavelength range to

3
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the temperature of the skin surface.

The absorption properties of human tissue vary with frequency and it is only in 

the infra-red region that the emission takes the form of black body radiation. Figure 1.2 

illustrates this variation with frequency in the absorption properties of high and low 

water content tissues in terms of the tissue penetration depth. This depth is the 

thickness of tissue which will absorb e 1 (or 37%) of the power of incident plane-wave 

radiation. It can be seen that the penetration depth decreases with increasing frequency. 

The larger the penetration depth the greater the depth in the tissue from which radiation 

emerging at the surface originates. At a frequency of 3 GHz, for example, the 

plane-wave penetration depth in high water content tissues, such as muscle and skin, is 

about 0.8 cm and in low water content tissues, such as fat, it is about 5 cm. Radiation 

may therefore pass through clinically significant depths in all tissues at this frequency 

and measurement of the radiation emitted by the body in this spectral region will be 

related to the internal temperature of the body tissues.

As the wavelength increases, however, although radiation which originates at

greater depths in the tissue may be detected the lateral spatial resolution, which is of the
*

order of one half the wavelength in the tissue, decreases. The choice of frequency for 

measurement of emitted radiation is, therefore, a compromise between the depth of 

tissue from which radiation originates and the resolution. The intensity of the radiation 

is also dependent on the wavelength and, although the emission at microwave 

wavelengths is approximately 108 less than that at infra-red wavelengths, equipment 

developed originally for radio astronomy can detect radiation of this intensity.

The radiation emitted by the body's tissues is detected by a radiometer system. 

The radiometer consists of two essential parts: a microwave radiometer receiver which 

measures the power of the thermal signal and an antenna which receives this power and 

provides a transition between the radiation emitted by the tissues and the measuring 

system. The antenna may be designed to operate in contact with or remote from the skin 

surface. Remote sensing thermography systems are not practical at frequencies below 9

(Land 1987) 4
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GHz because of the large size of collecting aperture which would be required and 

because of significant reflections of radiation from the deeper tissues at the skin-air 

boundary. Contact antennas matched to the impedance of the body tissues and operated 

flush with the skin surface minimise these reflections and are suitable for lower 

frequencies.

The total signal received by the radiometer is a weighted volume average of 

tissue temperature over a volume determined by the absorption properties of the tissues 

being viewed, the geometry of the tissues and the characteristics of the antenna. This 

will be discussed more fully in Chapters 2 and 3.

1.3 Thermometry and Thermography

Temperature has been used as a clinical measurement since Hippocrates used 

his hand to assess a patient's temperature in 400 BC. It was not until 1612 AD, 

however, that the first thermometer was used to measure body temperature by 

Sanctorius of Padua, following the development of the air thermometer by Galileo in 

1595 AD. By the 1870's temperature measurement was generally adopted as a medical 

procedure (Solsona, 1978).

Measuring the general temperature of the body remains to this day an important

technique for indicating the health of a patient. Normal body "core" temperature is

approximately 37 °C but may vary about this throughout the day by as much as 1 °C. It
fall

is considered dangerous if the temperature should rise above 41 °C or^below 35 °C.

The use of localised temperature measurements as a clinical technique began in 

about 1956 when Dr. Ray Lawson observed an apparent relationship between locally 

increased skin temperature and the presence of breast cancer. He initially used 

thermistors and other means of contact temperature measurement but in an effort to gain 

more complete information on the superficial thermal characteristics of female breasts 

he investigated the use of infra-red thermography (Lawson, 1956). Since then 

thermography has been applied to the investigation of an increasingly wide range of

5



diseases as may be seen from inspection of a journal such as Thermology. ^

A measurement of local temperature reflects the vascular and metabolic state of 

the underlying tissue and the degree of inflammation. Skin temperature can be mapped 

successfully by infra-red or liquid crystal thermography. The effect of the temperature 

of the subcutaneous tissues on the skin temperature is extremely difficult to quantify 

and methods of measuring internal temperature are required to give information about 

the thermal condition of the deeper tissues and so provide information about their 

vascular and metabolic state.

1.3.1 Skin temperature measuring techniques

(i) Temperature probes

A variety of thermistor and thermocouple probes are available for point 

measurements of skin temperature (Cetas, 1985). These must be placed in contact with 

the skin and so may affect the delicate balance of heat transfer at the skin surface, 

altering the quantity which is to be determined. They do not provide an overall picture 

of the temperature distribution on the skin surface unless a large and time-consuming 

number of measurements are made.

(ii) Liquid crystal plate thermography

This technique makes use of liquid-crystal compounds which exhibit 

colour-temperature sensitivity in the cholesteric phase and thus reveal the skin 

temperature pattern as a coloured image. A thin blackened plastic sheet containing liquid 

crystals dispersed in a translucent polymer is placed firmly and uniformly against the 

surface being examined and the resulting image is usually photographed to obtain a 

permanent record of the thermal image. This technique has the disadvantages 

associated with a contact method of skin temperature measurement but it is cheap and 

reasonably effective and has been applied to investigate temperature patterns of the 

female breast, varicose veins patterns and back pain problems. (Jones 1987) [7,8]

[ M Abernathy (ed.); published by American Academy of Thermology]
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(iii) Infra-red thermography

This is a non-contact method of measuring skin temperature. The skin surface is 

imaged by scanning the scene in front of an infra-red detector which transduces the 

radiant energy incident upon it into an electrical signal. Thermal, photon or pyroelectric 

type detectors can be used for this purpose, but most commercial systems employ 

photon detectors. The resultant thermal image is usually displayed quantitatively in the 

form of a colour picture on a television image tube. Scanning speeds range from one to 

fifty frames per second depending on the imaging system being used. A thermal 

resolution of 0.2 °C is provided by most systems designed for routine clinical use, 

although more complex systems with resolutions of 0.1 °C are available. This 

technique has a wide range of medical applications and is more accurate than liquid 

crystal plate thermography. (Jones 1987) [6]

1.3.2 Internal temperature measuring techniques

(i) Invasive techniques

Measurement of the internal temperature may be achieved by insertion of 

narrow temperature probes, such as thermistors or thermocouples, into the tissue. 

These are usually mounted in structures similar to hypodermic needles. Non-metallic 

temperature probes have been developed for use in the electromagnetic fields applied in 

the hyperthermia treatment of cancer. These fibre-optic thermometers use light 

propagating through optical fibres as a means of transmitting thermal information. 

(Christensen, 1981). Invasive measurement of temperature is undesirable due to the 

danger of physical damage and infection and the discomfort to the patient. It is also 

only possible to investigate the temperature in a limited volume of tissue with such 

techniques. [1]

(ii) Non-invasive techniques

A number of possible methods of non-invasive thermometry to determine 

internal temperatures, other than microwave thermography, are currently being

7



investigated. The motivation for these studies is often the need for a non-invasive 

method of monitoring hyperthermia treatment of cancer. This treatment involves heating 

tumour tissue to a temperature of 42 - 45 °C. Treatment may be either regional, in 

which case the temperature of normal tissue will be increased and the effectiveness of 

the therapy depends on the fact that at temperatures between 42 and 43.5 °C cancer cells 

are destroyed but normal cells are unharmed, —̂ The techniques considered 

depend on the measurement of a property of the tissue which has a temperature 

dependence.

(a) Microwave tomography : This is a method of active imaging involving illumination 

of the body tissues with microwave radiation. Appropriate tomographical techniques 

may be used to reconstruct an image of the observed part of the body which depends on 

the permittivity and conductivity of the tissues. The temperature may be determined 

from the temperature dependence of these properties with an expected resolution of 

about 1 °C (Perronet, 1983).

(b) Ultrasonic Tomography : This technique depends on the temperature dependence of 

the speed of sound in tissue, but may not be used in regions containing bone or gas 

(Johnson et al, 1977).

(cl NMR Imaging : The temperature dependence of the nuclear magnetic relaxation 

times of protons, mainly in the tissue water, may be applied with a resulting resolution 

of 2 °C (Parker, 1984).

(dl X-Rav Computed Tomography : The change in tissue density and hence absorption 

of X-rays with temperature can provide a technique with an estimated resolution of 1 

°C (Fallone et al, 1982). Both this technique and NMR are very expensive.

1.4 Review of microwave thermography

Since 1974, when the first microwave thermography system was proposed for 

medical use (Enander and Larson, 1974), a number of different groups have been 

investigating this technique. Research so far has concentrated on the development of

^  or local hyperthermia may be applied,

8
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suitable radiometric equipment with only limited assessment of the clinical potential of 

the technique.

One of the first clinical microwave radiometer systems was developed by

Barrett and Myers (1979, 1980a,b, 1986) who carried out extensive clinical trials of

their equipment in the detection of breast cancer, examining a total of about 6000 female

patients. This investigation was chosen because of the need for a simple screening

technique for the early detection of breast cancer in view of the risks associated with
[2]

X-ray mammography^and the uncertainty in the effectiveness of infra-red 

thermography. [5]

Their original system operated at 3.3 GHz and they later built and clinically 

tested a 1.3 GHz and a 6 GHz system. All systems consisted of a conventional 

Dicke-switched radiometer and a rectangular waveguide antenna filled with a low-loss 

dielectric, which was operated in contact with the skin surface.

Measurements were made at nine points on each breast and a number of 

different tests were applied to this data to find the best criteria for detection of cancer. 

This was found to be the maximum temperature difference between symmetrically 

opposite points on each breast. A threshold value for this difference was chosen above 

which the scan was designated positive. The performance of their systems indicated 

true-positive and true-negative detection rates of about 0.7 for microwave 

thermography. Their sample of patients, however, was not a random selection of the 

population but consisted of women who attended a breast cancer detection clinic and the 

results of screening on the general population might have produced different results.

In a subgroup of 1000 patients who underwent infra-red thermography as well 

as microwave thermography the findings of these two techniques disagreed in 41% of 

the cancer cases, indicating that different thermal information is extracted from these 

two methods. They suggested that a combination of both techniques could be used to 

improve the detection rates and reduce the number of women requiring mammography 

(Barrett and Myers, 1980).

9



The equipment used in this study was of a basic design. A compensation for the 

impedance mismatch at the antenna-tissue interface does not appear to have been used 

which could result in sensitivity of the results to impedance variations in the tissue. 

These results should therefore be considered as indicative of the potential of the 

technique rather than as an absolute measure of the performance to be expected of all 

microwave thermography systems.

Edrich (1979) developed a remote sensing thermography system which 

focussed the radiation through a lens or large reflector into a horn and detected the 

signal with a Dicke radiometer. Measurements were carried out at millimetre 

wavelengths of 4mm (68 GHz) and 9mm (30 GHz) and at the centimetric wavelength 

of 3cm (9 GHz). The use of this technique was demonstrated in the monitoring of 

arthritis, in thermal imaging of the head and neck region and in detection of breast 

cancer (Edrich, 1980). Millimetre wavelengths are suitable for detection by 

non-contacting thermography because the emissivty of the skin is close to 1 in this 

region (i.e. the tissue strongly absorbs radiation of this wavelength) and as a result of 

this the radiation detected originates within only a few millimetres of the skin surface so 

that the advantage over infra-red thermography is only slight. At the lower frequency of 

9 GHz radiation is less strongly absorbed and a smaller percentage of the total emission 

originates at the skin surface. This leads to reflection of radiation originating in deeper 

tissues at the skin-air boundary. To compensate for this measurements were carried out 

in an environment of 32-33 °C where reflection of radiation from the surroundings at 

the skin surface would compensate for the internal reflection of radiation. This would 

appear to be an unsatisfactory arrangement since placing the patient in such a warm 

environment would cause an increase in blood flow through the skin and so mask the 

effects of "hot spots" buried deeper in the tissue.

Recently another system using a remote, scanned, focussed-beam antenna 

operating at a frequency of 9 GHz has been built (Abdul-Razzak et al, 1987). 

Measurements made on 25 patients with occlusive vascular disease and on 30 normal
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controls indicate that a detection rate for this disease may be achieved which is 

comparable with the present invasive and more costly technique of angiography. The 

advantage of this method of non-contacting thermography over infra-red thermography 

is, however, unclear. The spatial resolution achievable is less than that with infra-red 

and the value of the increased penetration depth is uncertain in view of the reflection of 

this radiation from deeper in the body at the skin-air boundary.

Thouvenot (1982) has investigated the detection of intracranial lesions by 

non-contacting radiometers, operating at 9, 30 and 68 GHz, developed by Edrich, and 

a contacting radiometer developed by Leroy operating at 9 Ghz. Nine normal controls 

showed left-right symmetry and an absence of sharp variations in local temperature, 

while in a group of 30 patients with tumours, thermal anomalies were seen in all those 

with superficial lesions. Only 5 deep lesions out of nine were detected. If a lower 

frequency were to be used to improve the penetration depth it is possible that these 

results might be improved. A comparison of the results of the contacting and 

non-contacting systems operating at 9 GHz was, unforunately not discussed.

The detection of various human cancers by microwave thermography has been 

studied by Shaeffer (1982) using a 4.7 GHz contacting radiometer. It was found that 

this system was able to detect breast cancers but had little success detecting deeply 

seated tumours in other regions of the body such as the lung, esophagus, femur and 

humerus. This is most probably due to the lack of penetration of the microwave 

radiation through these tissues, but the physiological changes which take place in the 

presence of tumours and lead to thermal changes need to be considered as well. In the 

case of breast cancer it is often possible to detect deeply seated tumours due to vascular 

changes and Barrett and Myers found no correlation between the temperature rise 

associated with a tumour and either tumour size or tumour depth. This illustrates the 

importance of physiological aspects in tumour detection by thermography which must 

be taken into account as well as the absorbing properties of the tissue.

A method of improvement of detection of tumours by combined local heating
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and thermography by microwaves has been proposed by Carr (1982). Preferential 

heating of the tumour is expected to occur because of its vascular insufficiency, &

This method may also be applied as a 

method of simultaneous hyperthermia treatment and monitoring of tissue temperature.

Iskander (1983) has proposed microwave radiometry for measuring changes in 

the water content of the lung and has constructed a 1 GHz system which has been 

tested experimentally with "phantom" materials. It is possible to use such a low 

frequency in this case because the average lung water content is the quantity of interest 

and spatial resolution is not a restriction. In this application the temperature of the lung 

is assumed kept constant by the high rate of blood perfusion and changes in the 

observed microwave radiation are taken to be due to a change in the emission of 

radiation from the lung with water content. The effect of emission from the cutaneous 

tissues, however, has to be taken into account and the author proposes combining 

measurements at 1 GHz with measurements at millimetre wavelengths to determine the 

surface temperature. Further research is required to clarify the potential of this method.

An improvement in the conventional Dicke-switched radiometers, which are 

generally used for microwave thermography, has been proposed by Mamouni (1977) 

and by Ludecke (1978). This modified radiometer is designed to eliminate the effect of 

reflections at the antenna-tissue interface and more accurately measure the radiation 

emitted by the body tissues. This type of radiometer has been built at the Universite de 

Lille with six probes used to receive the signal instead of the usual single antenna (Enel 

et al, 1984). Each probe consists of a rectangular waveguide filled with a low-loss 

dielectric and they are placed together to form a 2 x 3 grid. This multi-probe system 

can be used to provide an improved spatial resolution and reduces the data acquisition 

time. A micro-computer is used to control switching between the probes, acquisition, 

storing and processing of the data and the final imaging. Radiometers working at 

frequencies of 1.5 and 3 GHz have been used to experimentally determine the 

microwave visibility of a compact thermal structure (Bocquet, 1986) and work has been

which may occur in malignant tumours other than of the breast, and also at the nectrotic 

core of malignant breast tumours.



earned out to determine the volume of tissue which contributes to the received signal 

for a defined situation (Robillard, 1982). A clinical investigation of the use of this 

equipment is currently being carried out (Bocquet, 1988).

The problem of inversion of multi-frequency microwave radiometric data to 

provide a reconstruction of the temperature distribution in the tissue has been studied by 

a group at the Universita' Tor Vergata, Rome (Bardati 1986,1987) and initial 

experimental tests of a proto-type four channel radiometer (with central operating 

frequencies in the range 1.5 to 5.5 GHz) have been carried out (Bardati, 1987). This is 

a difficult approach to the problem of interpretation of microwave thermography data 

but, if successful, will greatly improve the results available from single frequency 

microwave thermography. It will be particularly useful in the monitoring of 

hyperthermia treatment where it is necessary to carefully monitor the temperature of the 

tumour and that of the surrounding tissue.

Correlation microwave radiometry has also been proposed as an improvement 

of single frequency, single antenna microwave thermography (Mamouni, 1983). This 

technique uses two identical radiometer channels and antennas. The antennas are 

arranged to view a common volume of tissue inside the body. Since the signal in each 

channel is composed of a component from the common region and a component from 

the rest of the antenna's field of view, the common component may be separated out. 

The radiometric signal originating at depth inside the tissue may therefore be 

determined. By adjusting the relative orientation of the two antennas the depth observed 

inside the tissue may be altered. This technique is still in the early stages of 

development.

Research in microwave thermography has demonstrated that it is practical to 

build microwave thermography systems with sufficient sensitivity to detect thermal 

anomalies and suitable for operation in clinical environments at a very reasonable cost. 

It is now necessary to clinically evaluate the different applications of this technique. 

Improvements have been made in radiometers since the relatively simple design of
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Barrett and Myers. They carried out the only large scale clinical investigation published 

so far and further work of this kind should be carried out. It is also important to 

consider the different factors involved in producing the thermal anomalies associated 

with disease and observed by microwave thermography. This will lead to improved 

interpretation of microwave thermographic data and clarification of the areas in which 

this technique will be useful.
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Chapter 2 - Basic Principles of Microwave Thermography

2.1 Introduction

This chapter introduces some fundamental quantities and equations used in 

radiometric sensing of the human body and examines the formation of the signal 

received by the radiometer. Many of the concepts involved in this field are also applied 

in radio astronomy and for consistency, where appropriate, notation and terms used 

here are similar to those in radio astronomy. The topics discussed here will include 

emission and absorption of radiation, radiative transfer, the effect of the antenna pattern 

on the observations and antenna temperature.

2.2 Equation of radiative transfer

Radiation is usually defined in terms of intensity, either spectral intensity which 

refers to radiation emitted in a small frequency interval about a central frequency or total 

intensity which refers to the combined radiation at all frequencies. In microwave 

thermography it is the spectral intensity in a small band of microwave frequencies 

which is the relevant quantity and this will be referred to in future merely as the 

intensity.

Intensity, Iv, is related to the amount of radiative power, dP, in a specific 

frequency band, dv, which is transported across an element of area, do, and in 

directions confined to an element of solid angle dco,

dP = Iv cos0 dco do dv (2.2.1)

where 0 is the angle between the direction considered and the outward normal to the 

surface do.

As already described in Chapter 1 the intensity of radiation emitted by a black 

body, Bv, is independent of its nature and is a function only of temperature. This 

function is often referred to as the "Planck function" and is given by the Planck law:



At microwave frequencies and body temperatures hv/kT « 1 ,  and the Planck 

function can be approximated to the Rayleigh-Jeans law,

2 k T v2
ID =

V c

The intensity, BV(T), given in equations (2.2.2) and (2.2.3), is in terms of a 

frequency bandwidth dv, whereas in equation (1.2.1) the intensity was given in terms 

of a wavelength interval, dX .

For a non-black body the intensity is dependent on both the temperature and the 

nature of the material and will be less than that emitted by a black body at the same 

temperature.

For a small element dm of an isotropic non-black body in an isotropic field of 

radiation the power emitted in a bandwidth dv, in directions confined to an element of 

solid angle dco, can be expressed as

jv dm dco dv (2.2.4)

where jv is the emission coefficient for frequency v.

A pencil of radiation passing through a thickness dz of this material will be 

reduced from its original intensity Iv to Iv + dlv where

dlv = - kv p Iv dz (2.2.5)

where kv is the mass absorption coefficient and p is the density of the material.

An important relation between these two quantities of emission and absorption 

is given by Kirchhoff s law (Chandrasekhar, 1939) which states that the ratio of the 

emission to absorption coefficients of any body in thermodynamical equilibrium is 

equal to the intensity of the radiation emitted by a black body at the same temperature, 

T:

B (T) = , (2.2.6)
v k

V

A small cylinder of material at a temperature above absolute zero, with
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cross-sectional area do and length dz, which has radiation of intensity Iv incident in the 

z-direction on one face and intensity Iv+dlv emerging from the second face in the same 

normal direction will both absorb part of the incident radiation and emit radiation. The 

power per unit bandwidth through the cross-section of the cylinder in a direction 

confined to a solid angle dco about the z-direction is given by Ivdodco, of which an 

amount kvpIvdzdcoda is absorbed by the cylinder. The power per unit bandwidth 

emitted by the cylinder is equal to jvpdzdcoda and in a steady state condition,

dl da  dco = p jv da dco dz - p kv Iv da dco dz (2.2.7)

or

dl
- r 1 = j p -  k p I - .  0dz v v r  v (2.2.8)

This equation is known as the equation of transfer (Chandrasekhar, 1939).

The ratio of the emission to absorption coefficients is called the source function,

S = i -  (2.2.9)
v k

V

and the equation may be expressed in the form

1 dl
2- = I -S  (2.2.10)

P k ^  v v
V

which has a formal solution

I (0) = I (d) exp( -x (0,d)) + J  S^z') exp( -1  (0 ,z ')) kv p dz' (2.2.11)
0

where x(z,z') is known as the optical thickness of the material between the points z and 

z’ and is given by
c,

T ( z,z') = J  k^ p ds (2.2.12)

For a material with uniform density, as may be considered the case for human

tissue, the optical thickness is

x ( z , z , ) = kv p ( z ' - z )  (2.2.13)
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and equation (2.2.11) becomes

d

I (0) = 1(d) exp (-k p d) + | S (z') exp ( -  k p z') k p dz' (2.2.14)
V J  v V V

0

Comparison of this equation with the power attenuation of electromagnetic radiation as 

it passes through a lossy medium indicates that

kv p = 2 a  (2.2.15)

where a  is the plane wave field attenuation constant determined by the dielectric 

properties of the material.

The human body may be considered to be in thermodynamical equilibrium

when at rest in an environment of constant temperature and in this case the source

function is equal to the Planck function which at microwave frequencies is

approximated to Rayleigh-Jeans law, giving the final expression

d
2v2k f

I (0) = I (d) exp (-2ad) + - y -  I 2a T (z’) exp (-2az’) dz’ (2.2.16)
c o

The physical meaning of this equation is that the intensity of radiation emitted at

the body surface in a given direction is the sum of the emission at all the interior points

at position z' reduced by an amount exp(-2az') to account for absorption by the

intervening matter. The emission at each interior point depends on the temperature at

that point and the dielectric properties of the material which determine a . If more than

one type of material is present then integration should be performed over each region.

For a layered material with three regions, corresponding to a skin layer of thickness tlf

a fat layer of thickness t2, and an infinite muscle layer, the intensity emitted at the

surface, neglecting the effect of reflections at the boundaries, will be
h  h +  * 2

1(0) = 2a.T(z) exp(-2a.z) dz + ^-^exp(-2a1t1) f 2a2T(z) exp(-2a2z) dz
c: J  c: J

1 0  2 h

CO

+2 ^ L CXp(-2a1t1) exp(-2a2t2) f 2a3T(z)exp(-2a3z) dz (2.2.17)
c J3 h+ 4
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where the subscripts 1, 2 and 3 refer to the skin, fat and muscle layers respectively.

Radiative transfer models for layered dielectric materials, which include the 

wave effects of reflection and interference have been developed (Wilheit, 1978, Bardati 

and Solimini, 1984). These models were developed originally for applications in 

remote sensing of the earth’s surface but are applicable also to imaging of the human 

body.

If the temperature T is uniform throughout the material the intensity emitted by a 

homogeneous slab of thickness d is given by

2 v k T (1 - exp (-2ad)) (2.2.18)
c

It can be seen that if ad is very large, in other words the material is "optically 

thick" then the intensity emitted is approximately equal to that emitted by a black body 

at the same temperature. If the material is optically thin (i.e. ad « 1 )  then the intensity 

emitted is approximately

2 y2 k T 2 a  d (2.2.19)
c

and is much less than that emitted by a black body at the same temperature.

2.3 Antenna response function

The noise power available per unit bandwidth, w, at the terminals of a resistor 

with resistance R and temperature T is given by (Nyquist 1928)

w = kT (2.3.1)

Consider an antenna in contact with a lossy material of the same impedance and 

connected to a terminating resistor by a lossless transmission line which is also 

impedance matched to the antenna. If the system is in thermodynamic equilibrium and 

is at a uniform temperature T, then the terminating load, being a resistor at temperature 

T, radiates an average power of kT watts per unit bandwidth through the transmission 

line and into the lossy material. The condition of thermodynamic equilibrium requires 

that the antenna must also receive kT watts per unit bandwidth from the lossy material. 

If the antenna, transmission line and load are at a temperature different from the lossy
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medium the antenna must still receive the same power per unit bandwidth.

The power per unit bandwidth, P, received by the antenna may also be 

expressed as

P = | J l v(r)Pn(r)dV (2.3.2)
V

where Iv(r) is the intensity of radiation emitted by the volume element dV at position r, 

with origin at the position of the antenna. Pn(i) is the normalised power response 

pattern of the antenna given by

P„(I) = ---- . (2.3.3)max ( P(r))

and is referred to as the antenna pattern. The factor of 1/2 in equation (2.3.2) arises 

because the radiation is of an incoherent, unpolarized nature and, because any antenna 

is responsive to only one polarisation component, only half of the incident power is 

received.

By the reciprocity theorem (Slater 1942) the transmitting and receiving power

patterns of an antenna are identical. This means that the power dissipated in a volume

element when the antenna is radiating into the lossy medium is proportional to the

power received from that volume element when the antenna is receiving. The power, P,

dissipated in a subvolume dV is given by

P = i a l E 0 l2dV (2.3.4)

where a  is the conductivity ( and E = Eq e1<ot is the electric field.

The receiving power response pattern must be proportional to this and so 

Pn(r)=A I E(r) I2 (2.3.5)

where A is a constant of proportionality.

From equation (2.2.19) the intensity of radiation emitted in the region of the 

Rayleigh-Jeans law by a small thickness, dz, of homogeneous material is given by

Iv(r) = 2 y2 *1T — 2a dz (2.3.6)
cJ

Using (2.3.5) and (2.3.6) in (2.3.2) we have

P  =  v l k  A  f  2a T(r) I E(r) I2 dV (2.3.7)
c2 J
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For a uniform temperature T it has already been shown from thermodynamical 

considerations that the power received per unit bandwidth is equal to kT and so we 

must have

-  A22a f I E(r) I2 dV = 1 or ^ - f p n(r)dV = l (2.3.8)
c v X  i

In general, for a lossy material, it is a difficult problem to determine 

theoretically the distribution E(r). The antenna pattern, however, may be described 

approximately by an exponential variation in the direction of the central axis of the 

antenna in a single region of tissue, while the lateral response is considered to be 

uniform over an area of effective aperture size, Ae , and zero outside this area, 

i.e.

Pn(r) = exp (-|r) if (x,y) 6 Ae

= 0 if (x,y) <t Ae (2.3.9)

where 5' is the effective power penetration depth which is related to the effective field 

attenuation constant, a ', by the equation

8' = ^  (2.3.10)

This is the normalised power pattern having a maximum value of 1 at z=0 and 

for this form of power pattern equation (2.3.8) requires that

Ae = |- > .2 (2.3.11)

where 8 is the plane wave power penetration depth.

The effective power penetration depth must always be less than the plane wave 

power penetration depth, and it should be noted that the plane wave penetration depths 

in tissue indicate the maximum possible performance of a radiometer system. These 

plane wave depths will not in practice be achievable because the tissue being viewed is 

in the near-field of the antenna. If we assume, however, that we may have a far-field 

antenna response then we have a minimum effective aperture size given by

Ae = X 2 (2.3.12)

and equation (2.3.2) is given by,
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ckF:2a T(z) exp (-2az) dz (2.3.13)

for a temperature variation in the z-direction only.

It can be seen by comparison with equation (2.2.16) and applying equation

(2.2.1) that this corresponds to observing the radiation emitted at the surface with an 

antenna which has a product of effective area and solid angle equal to A,2. This is in 

agreement with antenna theory for an antenna viewing sources in its far-field which 

gives (Kraus 1966)

A2
Ae = 7 r  (2.3.14)

“ a

where QA is the beam solid angle,

Oa = f pn(6,0) d£l (2.3.15)
4 71

In the case where the effective power penetration depth is less than that of the 

plane wave penetration due to near field effects the effective aperture size A e is larger 

than A.2, indicating a widening of the response pattern of the antenna.

Since the effective aperture size must vary, according to (2.3.11), as A.2 this 

cancels out the Ar2 dependence of the intensity of the emitted radiation and substituting 

equations (2.3.6), (2.3.9) and (2.3.11) into (2.3.2) gives
oo

P = k J  T(z) 2a' exp(-2a'z) dz (2.3.16)
o

for a temperature variation in the z-direction only and for a single region of tissue. The 

quantity 2a'exp(-2a'z)dz is proportional to the power deposited in a thickness of tissue 

dz at position z. The power deposited in any region of tissue may be calculated from 

the time averaged Poynting vector, Sav , where

Sav= i  Re (E* x K) (2.3.17)

The electric and magnetic fields, E and H, may be calculated by solution of Maxwell’s 

equations and the power deposited in a small thickness of tissue dz, for power 

propagation in the z-direction, is given by
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Equation (2.3.16) may therefore be expressed
oo

(2.3.18)
o

where A is a constant of proportionality such that ASav(0)=l.

This equation may be used to determine the power received per unit bandwidth 

from a planar layered volume of tissue, with known dielectric properties in each layer 

and temperature distribution T(z), assuming that there is no impedance mismatch 

between the antenna and the volume of tissue. The effect of the antenna is assumed to 

increase the field attenuation constant from a  to a ' and with this assumption the 

derivative of the Poynting vector in the layered material may be calculated using plane 

wave theory (Johnk, 1975).

2.4 Antenna temperature

The antenna temperature, for a lossless antenna, is not the physical temperature 

of the antenna itself but is related to the temperature of the radiation sources viewed by 

the antenna. If the power received by the antenna per unit bandwidth is equal to w then 

the antenna temperature is defined to be

If a volume of homogeneous lossy material at a uniform temperature T is being 

viewed by the antenna and this material completely fills the entire volume V of the 

antenna’s pattern then the antenna temperature is equal to the physical temperature of 

the material. If the material does not entirely fill the volume V then the antenna 

temperature will be less than the physical temperature of the material. The antenna 

temperature in this case will be the equivalent temperature required for a material filling 

the entire volume to emit the same power. This is an analogous situation to that of the 

intensity emitted at the surface of a planar layer of lossy material discussed in section

(2.4.1)
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2.2. If the material completely fills the volume seen by the antenna then it is effectively 

a semi-infinite layer and the power received by the antenna is equal to that emitted by a 

black body at the same temperature, if the antenna is matched to the material. Otherwise 

the power received is less than that emitted by a black body at the same temperature and 

it is necessary to know the antenna pattern Pn(r), the geometry of the emitting volume 

and the coefficient 2a to determine the physical temperature. If the temperature is not 

uniform then it is not possible to determine the temperature distribution in the material 

from a measurement of microwave power at a single frequency even if the antenna 

pattern and geometry of material are known.

24



Chapter 3 - Microwave Radiometry

3.1 Introduction

Microwave techniques developed to detect and measure the emission from 

astronomical sources can be applied, with some modifications, to the detection of 

radiation from the human body. The requirements which must be considered in the 

design of a medical microwave radiometer are

(1) spatial resolution

(2) penetration depth of microwave radiation through tissue

(3) temperature resolution 

and (4) system response time

The spatial resolution and the penetration depth are both dependent on the 

frequency at which the radiometric measurement is made, and also on the design of the 

receiving antenna. The temperature resolution is determined by the sensitivity of the 

radiometer, which is affected by statistical fluctuations in the thermal noise emitted by 

the source and by the receiver, and by spurious variations in the gain of the receiver. 

The temperature resolution required for clinical applications of a single frequency 

microwave thermography system is about 0.1 °C, which may be achieved by 

appropriate receiver design. The system response time should be as short as possible, 

but is limited by the requirements of temperature resolution; a shorter response time 

reduces the sensitivity of the radiometer. A response time of longer than 10 seconds 

would most likely be considered unsuitable for clinical applications because of the 

length of time required for data collection.

The following sections of this chapter discuss the measurement frequency 

which provides the best compromise between the requirements of spatial resolution and 

penetration depth, and the factors which affect the temperature resolution. The 

microwave radiometric system used in this study is described and the factors affecting 

the antenna response pattern are considered. Experimental and theoretical 

determinations of response patterns of antennas suitable for microwave thermography
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are reviewed.

3.2 Choice of measurement frequency

In microwave radiometry it is important to carefully consider the central 

frequency at which a spectral measurement of the radiation emitted by the human body 

is to be made, since this choice of frequency strongly influences the lateral spatial 

resolution available and the possible depth of penetration of the microwave radiation.

The lateral resolution, determined from geometrical optics, is of the order of one 

half the wavelength in the tissue,

where X Q is the wavelength in free space and e/ is the relative dielectric constant.

As the frequency increases the wavelength in the tissue decreases and the 

achievable resolution improves.

The depth of penetration of microwave radiation through tissue, however, 

decreases as the frequency increases (see figure 1.2). The choice of measurement 

frequency is therefore a compromise between lateral spatial resolution and the depth in 

tissue from which temperature information is received. In order to obtain a clinically 

useful penetration depth in all tissues figure 1.2 indicates that the measurement 

frequency should be below 10 GHz. As noted in section 2.3 this plane wave 

penetration depth indicates the maximum depth from which a signal may be received. In 

practice this depth will be reduced by the effects of the antenna pattern. This distance, 

however, is a very useful measure to determine the optimum performance of

microwave radiometry.

The inverse of power penetration depth, the power attenuation constant, which 

is twice the field attenuation constant, is given by the expression (Lorrain and Corson, 

1970),
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where e,. is the loss factor. When e/' /  e/, which is the loss tangent, tanS, is small (i.e. 

less than one) this expression is given approximately by

2a = —^ tan 5 (3.2.3)

This is a valid approximation for body tissues.

Maximum spatial resolution occurs at a minimum of equation (3.2.1) and 

maximum penetration depth occurs at minimum of equation (3.2.3). The product of 

these two functions is proportional to the loss tangent, tan 8, and a minimum value of 

this, in the microwave region, will provide the best compromise between the 

requirements of lateral spatial resolution and penetration depth. The loss tangent of 

physiological saline solution has a minimum value at around 3 GHz. This arises 

because between 1 and 10 GHz the dielectric constant is relatively constant, being at the 

beginning of the dielectric dispersion due to the polar water molecules. The contribution 

to the loss factor from the dielectric dispersion is increasing in this frequency range, 

while the contribution from the ionic conductivity is decreasing. These factors combine 

to produce a loss tangent minimum at 3 GHz (see figure 5.2). The loss tangent of body 

tissues can be expected to follow this behaviour since the dielectric properties of tissue 

at microwave frequencies are strongly dependent on the water content of the tissue. 

This indicates that 3 GHz represents the optimum measurement frequency for 

microwave thermography (Land, 1987).

3.3 Temperature resolution

3.3.1 Noise signals

Thermal radiation is characterised by a very wide spectrum. The amplitudes and 

phases of different frequency components are completely independent and the intensity 

of this thermal noise signal is very low. The radiometer which detects and measures 

this signal must be a very sensitive, low noise broad-band receiver. The minimum



temperature change which may be detected is limited by fluctuations in the receiver 

output caused by the statistical nature of the noise waveform. This noise is proportional 

to the system temperature, which may be divided into two principal parts, that 

contributed by the antenna temperature, due to the source of thermal radiation, TA, and 

that contributed by the receiver, TR. The sensitivity is equal to the rms noise 

temperature of the system which is given by (Kraus, 1966),

where Ks is the sensitivity constant (dimensionless),

Tsys is the system noise temperature at the antenna terminals, Tsys = TA+TR (K),

Avhf is the pre-detection bandwidth (Hz),

and xLF is the post-detection equivalent integration time (s).

The constant Ks depends on the type of receiver and its mode of operation, but 

is of the order of unity. The system noise temperature at the antenna terminals depends 

on the antenna noise temperature, the receiver noise temperature, the physical 

temperature of transmission line between the antenna and receiver and the efficiency of 

the transmission line. The sensitivity of the radiometer may be improved by increasing 

the pre-detection bandwidth but this is limited practically by the frequency over which 

the antenna may be matched to the body tissues. Increasing the post-detection 

integration time will also improve the sensitivity but this is limited by the required 

response time of the system. The effect of reducing the noise temperature, TR, while 

improving the sensitivity, becomes progressively less worthwhile because the antenna 

noise temperature, TA, due to the source, is always present.

3.3.2 Gain fluctuations

The gain of the receiver may vary due to supply voltage changes to active 

devices and changes in the ambient temperature. Stabilised voltages are easily provided, 

but inherent gain variations of a few percent per degree Celsius in active devices

min (3.3.1)
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require precise temperature sensitive compensation. Practical measures can reduce gain

variations to 1 -10 % over the typical environmental temperature ranges encountered in 

clinical use.

In a receiver which measures the total noise power from the antenna and 

receiver the output reading, R, is proportional to to the total input noise temperature and 

to the receiver gain, G,

R = G (T a + Tr ) (3.3.2)

A small fractional variation in the gain, dG, will cause a change in the output dR,

dR = dG (Ta + Tr ) (3.3.3)

For a typical situation where TA is 310 K, T r is 400 K and a change in gain of 

only 1% occurs, the output reading will change by 7 K causing a serious reduction in 

the temperature resolution. Another problem with this type of radiometer is that any 

variation in the noise temperature, TR, will be indistinguishable from a variation in the 

antenna temperature caused by a source temperature change.

The effect of gain variations can be reduced by the use of a Dicke radiometer 

configuration in which the receiver input is continually switched between the antenna 

and a comparison noise source at a frequency high enough to ensure that the gain is 

stable over a switching period (Dicke, 1946). The output from the radiometer is now a 

square wave rather than a steady dc voltage. The size of the square wave represents the 

difference in magnitude between the signal from the antenna and the signal from the 

reference source. A synchronous detector is used to measure this signal and give an 

output which is directly proportional to this difference,

R = G ( TA + Tr ) - G ( Tref + Tr ) = G ( TA - Tref) (3.3.4)

and the change in output due to a change in gain is now given by

dR = dG (T A-T ref) (3.3.5)

It can be seen that this change can be made negligibly small by adjusting the 

reference temperature to be equal to the antenna temperature, and that the measured 

signal is not dependent on the noise temperature T r .
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3.4 Radiometer equipment

The radiometer used in this study was a 3 GHz system designed and built by 

Dr. D V Land, University of Glasgow. This equipment was designed to be suitable for 

routine clinical use. A diagram of the radiometer design is shown in figure 3.1 and 

figure 3.2 shows a photograph of this equipment.

The radiometer is Dicke-switched between the antenna and a reference source. 

After low noise pre-amplification over the bandwidth 3.0 to 3.5 GHz the signal is 

converted by a mixer and local oscillator at 3 GHz down to an intermediate frequency 

(IF) band of 0 to 500 MHz for further amplification. The signal is then measured by a 

square law detector. The amplified and detected input difference signal, G (TA- Tref), at 

the 1 kHz switching frequency is further amplified, synchronously detected and passed 

through a low-pass filter (~ 1 Hz). Compensation is applied for the gain variation with 

temperature of the microwave pre-amplifier. The microwave difference signal and the 

reference source temperature signal are added, and scaled to provide a calibrated 

antenna temperature in degrees Celsius.

The reference noise source is a standard microwave 5012 coaxial load, heated to 

approximately 40 °C. This temperature is measured with a semiconductor temperature 

sensor. When the Dicke switch is on the antenna the noise from the reference source is 

directed to the antenna by a circulator where some of it is reflected at the antenna-skin 

boundary back into the receiver. This compensates for the radiation reflected internally 

back into the tissue. The accuracy of this method depends on how close the reference 

temperature is to that of the source. Self-balancing radiometers have been proposed 

(Ludecke, 1978) which adjust the reference temperature to be equal to that of the source 

and so eliminate the effect of reflections at the boundary. This method is more complex 

than that used here and is accompanied by a reduced receiver sensitivity and a longer 

response time for a given temperature resolution.
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Figure 3.2 Glasgow microwave thermography system

Figure 3.3 Cylindrical waveguide antenna used in Glasgow microwave thermography 

system



3.5 Radiometer sensitivity

The radiometer sensitivity is given by equation 3.3.1. For the 3 GHz radiometer 

the equivalent noise temperature of the receiver, TR, can be measured to be 

approximately 400 K, primarily due to the losses in the input components (antenna, 

switch, circulator, cables) and the noise of the GAsFET pre-amplifier (Land, 1983). 

The pre-detection bandwidth is 500 MHz and the equivalent integration time, Tlf* 

approximately 2 seconds critically damped. The source temperature will be close to 310 

K. For a Dicke radiometer with square-wave modulation and square wave 

multiplication in the synchronous detector the sensitivity constant Ks is 2. This is twice 

the value for a total power receiver because the receiver is only switched to the source 

for half the time. Using equation 3.3.1 this gives an rms ac noise in the radiometer 

output of 0.04 K.

The peak to peak magnitude of the noise is approximately eight times the rms 

value (Meredith, 1964), while 95% of the signal will be within 3.92 times the rms 

value, for a Gaussian distribution. This 95% value is 0.16 K and is a convenient 

measure of the temperature resolution of the system. The peak to peak variation was 

measured to be 0.16-0.18 K.

The resolution will also be affected by fluctuations in the gain of the receiver 

caused mainly by the relatively slow ambient temperature changes. The largest effect is 

from the GAsFET pre-amplifier which, after compensation, has a <1% change in gain 

for a temperature change of 1 K. Since the difference between the antenna temperature 

and the source temperature will always be less than about 5 K, a change of 1 K will 

cause a maximum change in output of 0.05 K. A variation of more than 1̂ in the 

operating temperature is unlikely to take place in the time to scan one patient, which is 

usually less than 20 minutes. The variation in gain does not therefore in practice reduce 

the temperature resolution, but affects the absolute temperature calibration of the 

system.
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The temperature resolution of the radiometer may be improved by reducing the 

receiver noise. In this way it would be possible to reduce the temperature resolution 

from 0.16 K to 0.025 K at the cost of convenience of use (Newton, 1986). As the 

sensitivity is increased, however, variations in gain will become relatively more 

important.

3.6 Antennas 

£6.1 Antenna design

The antenna used in the Glasgow microwave thermography system is a 

cylindrical waveguide antenna, with an internal diameter of 2.5 cm and 5.2 cm in length 

with a tapered fin-line type waveguide to coaxial line transition (see figure 3.3). The 

signal is transmitted from the antenna to the radiometer by flexible coaxial cable. The 

antenna waveguide is loaded with a low-loss dielectric (Emerson and Cummings 

Eccoflo HiK dielectric powder, e /  = 12 - j 0.0084).

The waveguide modes which may propagate in the operating bandwidth of 3.0 

to 3.5 GHz are the TEn - mode and the TM01 - mode. The dielectric filling allows the

dimensions of the guide to be smaller than those required for a hollow guide since it
/

reduces the wavelength by a factor of Vej' in an unbounded volume of dielectric. For 

the cylindrical waveguide antenna used in the Glasgow microwave thermography 

system the cut-off frequency for the TE^- mode is 2.03 GHz and the cut-off frequency 

for the TM or mode is 2.65 GHz. The fin-line transition, however, will couple only to

the TEi r  mode field.

The most commonly used contact antenna for clinical microwave thermography 

is a dielectric filled rectangular waveguide antenna operating in the TEjo^mode. Guy 

(1971) in a study of multi-mode rectangular waveguide antennas showed that this 

mode gave optimum heating in the muscle layer of a planar tissue model consisting of a 

layer of fat 2cm thick above a semi-infinite layer of muscle. By the reciprocity theorem 

this antenna will receive maximum signal from the muscle tissue and so will have the
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best response with depth for a rectangular waveguide antenna. From diffraction 

considerations rectangular and cylindrical waveguide antennas of the same dimensions 

should have very similar behaviour.

Table 3.1 lists contact antennas which have been used clinically for microwave 

thermography.

3.6.2 Antenna pattern

The antenna pattern, introduced in Chapter 2, determines the contribution of a 

small volume element of the tissue to the total signal. It is a difficult problem to 

calculate theoretically the antenna pattern, which depends on a large number of 

parameters as follows:

(i) frequency

(ii) dimensions and geometry of guide

(iii) dielectric loading of guide

(iv) dielectric properties of observed tissue 

and (v) geometry of tissue

The antenna pattern may be determined either theoretically by numerical 

methods, in which case the tissue geometry is usually assumed to be in planar layers, 

or experimentally using "phantom” materials which simulate the dielectric properties of 

the tissue. The antenna pattern reduces the effective penetration depth of the microwave 

radiation from that of the plane wave and this may be used to characterise the response 

of the antenna.

Cheever et al (1987) have calculated theoretically the effective penetration depth 

in a homogeneous volume of tissue from a hollow TEjq- mode rectangular waveguide 

antenna for a range of antenna sizes and tissue dielectric properties. The TEjq- mode is 

the dominant mode for a rectangular waveguide. The operating frequency was mid-way 

between cut-off for the TEjo- mode and the TE^- mode. The calculations were earned 

out using the mode-matching technique (Harrington, 1961), which involves a number
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Frequency Antenna 
(GHz)

3.3 Rectangular waveguide

1.3

6.0

Dimensions Dielectric 
(cm) constant of

antenna loading

Reference

2.3 x 1.0 11 Barrett and Myers (1977)

30 Myers, Sadowsky and 

Barrett (1979)

4.7 Rectangular waveguide 1.83 x 0.92 9.8 Carr, E l-M ahdi and

Shaeffer (1982)

3.0 Rectangular waveguide

and (6 antennas arranged in

1.5 a 2 x 3  grid to form a

multi-probe)

2.2 x 1.1 25 Enel, Leroy, Van de Velde

and Mamouni (1984)

1.1, Truncated rectangular ~ 4.8 x 2.2 6?* Bardati et al (1987)

2.6, waveguide at lower frequencies

4.0 (multi-frequency ~ 2.3 x 1.0

and radiometry system) at higher frquencies

5.5

3.2 Cylindrical waveguide 2.5 diameter 12 Land (1987)

[* Emerson and Cummings STYCAST]

Table 3.1 Contact antennas used in clinical microwave thermography



of approximations, and experimental measurements in liquids verified that these 

approximations gave adequate results. The calculations showed that there were two 

limiting cases for the effective penetration depth in tissue; the plane wave penetration 

depth and a penetration depth determined by the size of the aperture. The plane wave 

penetration depth, the upper limit, is approached when the observed dielectric is lossy 

or the aperture is large and the lower limit, in which the aperture determines the 

penetration depth, is approached when the aperture is electrically small.

The Microwave Thermography Group at the Universite de Lille, France have 

also studied theoretically the radiation patterns of TEjq- mode rectangular waveguides 

(Robillard, 1980,1982, Nguyen, 1980 and Audet, 1982). Numerical calculations have 

been carried out to determine the effective penetration depth from a variety of 

waveguide aperture sizes operating at frequencies of 1, 3 and 9 GHz and filled with 

dielectrics of relative permittivity 1 to 25. The effective penetration depth in two types 

of homogeneous tissue was calculated; one representing the dielectric properties of 

muscle and the other the dielectric properties of fat. In both tissues the effective 

penetration depth was reduced by reducing the width of the guide. This is in agreement 

with the results of Cheever for a hollow waveguide and is to be expected as diffraction 

effects increase as the ratio of aperture size to wavelength in tissue decreases. The 

diffraction effects are important because at the frequencies considered the wavelength in 

the tissue is of the order of the dimensions of the dielectrically loaded waveguide. 

Larger diffraction effects widen the lateral response of the antenna and so reduce the 

on-axial response causing a decrease in the effective penetration depth.

An increase in the dielectric constant of the waveguide filling requires a 

reduction in the dimensions of the guide in order to restrict propagation to the 

TE10-mode. This means that the guide dimensions are determined within certain limits 

by the type of dielectric loading if multi-mode propagation is to be avoided. The 

dielectric loading of the guide and the waveguide dimensions also determine the 

transverse-wave impedance of the guide. The impedance mismatch at the antenna-tissue
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interface causes a reflection of the radiation signal from the tissue and it is desirable that 

this reflection should be minimised. Nguyen et al (1980) verified that, although closer 

values of the permittivities of the guide and the tissue improve the matching, the 

reflection coefficient will be less than 0.2 if the ratio of permittivity of guide dielectric to 

permittivity of tissue is between 0.5 and 5.

In the muscle phantom Robillard et al (1980) found effective penetration 

depths very close to those of the plane wave penetration depth, in agreement with 

Cheever s results for lossy dielectrics. At 3 GHz, with dielectric constants of the guide 

loading between 4 and 9 and guide widths between 3 and 5 cm the effective penetration 

depth was calculated to be between 89% and 100% that of the plane wave value and the 

reflection coefficient was between 0.17 and 0.40. Increasing the dielectric constant of 

the guide loading to 25 reduced the reflection coefficient to 0.04 but also reduced the 

penetration depth to 61% of its plane wave value. This illustrates the compromise 

necessary when choosing the dielectric loading between the reflection coefficient and 

the effective penetration depth. In the fat "phantom" the permittivity is much lower and, 

for similar sizes of waveguides to those used with the muscle "phantom", dielectric 

loadings with permittivities in the range 4 to 9 gave reflection coefficients between 0 

and 0.26 and effective penetration depths between 16% and 37% those of the plane 

wave value. These values are greatly reduced from those in the muscle "phantom" 

because of the longer wavelength in the fat "phantom" and the resulting larger 

diffraction effects.

These computational results indicate the effective penetration depth from the 

antenna in homogeneous tissues and illustrate the correlations which exist between this 

quantity and the size of aperture and the dielectric loading. The antenna pattern also 

depends on the structure of the tissues being observed and Edenhofer (1980) has 

computed the near-field characteristics of a rectangular waveguide antenna in contact 

with planar layers of tissue. The tissue model used is a surface layer of skin 2mm thick 

over a 5mm layer of fat and followed by an infinite muscle region. The time-averaged
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Poynting power flux density was calculated in three dimensions for frequencies of 1 

and 3 GHz. The guide was filled with dielectric of relative permittivity 10 and the guide 

dimensions were 6.2 by 3.1 cm at 1 GHz and 2.3 by 1.1 cm at 3 GHz. It was found 

that at 3 GHz the power was attenuated by e-2 by 0.67 cm of tissue and as a result only 

about 13% of the total signal would originate in the muscle layer. At 1 GHz the same 

attenuation required 1.9 cm of tissue, but the electrically effective lateral area of tissue 

which contributed to the signal was 11 cm2 , compared with 1.25 cm2 at 3 GHz. This 

illustrates the degradation in spatial resolution which accompanies an improved 

penetration depth at lower frequencies. At 3 GHz the effective penetration in fat was 

approximately 12% of its plane wave value and that of skin was 38% of its plane wave 

value. This small effective penetration in skin is probably due to strong near-field 

effects close to the antenna aperture in the thin skin layer. At 1 GHz the effective 

penetration depth in the muscle layer was approximately 60% of the plane wave value 

and this, because of the larger aperture size, indicates an upper limit for effective 

penetration in muscle tissue of the smaller guide at 3 GHz.

Newton (1986) has determined experimentally the antenna pattern at 3 GHz for 

the cylindrical waveguide used in the Glasgow microwave thermography system and 

two rectangular waveguide antennas loaded with the same dielectric material. The 

radiation patterns were measured in homogeneous tissue "phantoms", simulating fat 

and muscle tissue, using a small probe to radiate broad-band noise. The radiometer 

reading was recorded for different positions of the probe in the liquid "phantom". At 

positions very close to the antenna interaction between the probe and antenna causes a 

distortion of the true radiation pattern as currents are set up in the coaxial cable which 

supports the diode noise source of the probe. To reduce this effect in the calculation of 

the effective penetration depth the distance at which the power was reduced to 0.1 of its 

initial value was measured and used to calculate the e '1 penetration depth. The 

rectangular waveguide with dimensions 2.7 by 6.2 cm gave, within errors, the same 

effective penetration depth as the cylindrical waveguide with diameter 2.5 cm, because
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of the similar x dimension. In fat phantom (5-j3) the effective penetration depth was 

40% of the plane wave value. An estimated value for the effective penetration in fat 

tissue (5-jl) was given to be 20% of the plane wave value. The smaller rectangular 

waveguide (2.3 by 0.5 cm) which propagates only the TE10- mode at 3GHz, as 

opposed to the 10 modes propagated at this frequency by the larger guide, has an 

estimated effective penetration depth in fat of only 7% of the plane wave value. In 

muscle phantom the effective penetration depth for this smaller guide was 50% of the 

plane wave value while the other two guides gave approximately 75% of the plane 

wave value. This result for the smaller guide is less than the 61% value obtained 

theoretically by Robillard for a guide (2 by 1 cm; e=25) in a similar muscle phantom. 

For a similar size of guide (2.3 by 1 cm; e=9) at a lower frequency of 2.45 GHz 

Cheung (1981) found a value of 67% of the plane wave value.

The response pattern of the cylindrical antenna used in the Glasgow 

thermography system has also been measured using a non-resonant perturbation 

technique (Land 1988). This technique avoids interaction effects with a probe close to 

the antenna. Different homogeneous liquid "phantom" materials have been used to 

determine effective penetration depths (Mimi, to be published) and the results are 

shown in figure 3.4.

The linear relationship shown on the graph has been used to relate empirically 

the plane wave power attenuation constant, 2a, which may be calculated from the 

dielectric properties of the tissue using equation (3.2.2), to the ratio of plane wave 

power attenuation constant to effective power attenuation constant, 2a '. This 

approximate relationship is necessary to account for the effects of the antenna in any 

tissue with a given power attenuation constant and is given by the equation

—  = 1.83 x lO '3 2a  + 0.544 (3.6.1)
2 a ’

For the two liquids with dielectric constants greater than 70, saline and de-ionised 

water, the effective penetration depth is closer to the plane wave penetration depth than
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will be expected in tissue of the same power attenuation constant, because of the 

smaller wavelength in these liquids, due to the higher dielectric constant than will be 

found in tissue, resulting in reduced diffraction effects.

3.7 Calculation of expected microwave signal

The impedance mismatch at the boundary between the antenna and the body will 

cause a reflection of radiation which will affect the signal measured. If there is an 

impedance mismatch at the antenna-tissue interface which results in a field reflection 

coefficient of pe'-i0, then lpl2kTA of the power emitted per unit bandwidth by the tissue 

is reflected. By thermodynamical considerations the tissue must emit (1- lp|2)kTA. In a 

Dicke radiometer the signal received is not proportional to the temperature TA, but to 

the difference between the temperature of the reference source, Tref> and the antenna 

temperature, TA. The power received by the radiometer per unit bandwidth is therefore

(1- lp|2 ) k (Ta - Tref) (3.7.1)

If a self-balancing radiometer, as proposed by Mamouni and Ludecke, is used in which 

the reference temperature is adjusted to be equal to the antenna temperature then there is 

no effect on the received signal due by this reflection.

In the Glasgow microwave thermography system, since the reflected signal 

from the reference source is also received, the total signal after calibration to °C, is 

(Land, 1983)

Ipl2 (1- a2) Te + Ipl2 a2 Tref + (1 - Ipl2) TA (3.7.2)

where Te is the ambient temperature and a is the power transmission factor for both the 

signal path from aerial to switch and the signal path from reference source to switch. 

An effective reference temperature, Tref*, may be defined to be

Tref* = (1 ‘ a2) Te + a2 Tref (3.7.3)

and (3.7.2) may be written

Ipl2 Tref* + (1-lpl2) Ta (3.7.4)

The reflection coefficient, Ipl2, may be calculated approximately by assuming
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plane wave reflection at the antenna-tissue boundary. The transverse wave impedance 

of the waveguide is given by

where Zq is the impedance of air ( 377 Q ), er’ is the relative dielectric constant of the 

waveguide filling, X 0 is the free space wavelength and X ^  is the cut-off wavelength.

For the antenna used in the Glasgow microwave thermography system this 

impedance is 141 Q  at a frequency of 3.2 GHz.

Figure 3.5 shows the variation in the plane wave reflection coefficient at the 

antenna-tissue boundary with the relative dielectric constant of the tissue. In this case 

the loss of the tissue has been neglected since it has a negligible effect on the impedance 

of the tissue. The range of dielectric constants found in tissue is between 2 and 55 (see 

Chapter 5) and it can be seen that in this range the average reflection coefficient is about 

0.1. The Glasgow microwave thermography system is therefore calibrated assuming a 

0.1 reflection coefficient at the antenna-tissue boundary and the expected microwave 

signal is calculated as follows:

The antenna temperature, TA may be determined as described in sections 2.6 and 2.7 

and this equation (3.7.6) may be used to calculate the expected microwave signal. This 

signal, calibrated to °C, will be referred to henceforth as the "microwave temperature". 

In Chapters 6 and 7 the expected microwave temperature will be calculated for modelled 

temperature distributions in tissue.

(3.7.5)

( ipi2 - o . i ) T;ef + (i- ipi2 ) t a 
( 1 - 0.1)

(3.7.6)
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Chapter 4 - Calculation of temperature distributions in the human body

4.1 Introduction

This chapter introduces the most commonly used equation governing heat 

transfer in the human body. The limitations of this equation are discussed and 

alternative descriptions of heat transfer are reviewed. The transfer of heat to the 

environment is discussed and a quantitative estimate of the heat lost at the skin surface 

in a normal clinical environment is made.

4.2 Heat transfer in the human body

Heat is generated in the human body as a result of chemical reactions which take 

place at a cellular level. This heat is then distributed throughout the body by means of 

the vascular system which acts as a method of heat transport from large sources of heat 

production, such as the organs, to other areas of the body such as the limbs. Heat is 

lost to the environment at the skin surface and through the respiratory tract at a level 

which is controlled by the body's thermoregulation system to ensure a constant body 

temperature.

The vascular system in the body has a highly complex structure (Figure 4.1). 

The circulation of the blood through the body may be divided into two separate 

systems; the pulmonary division and the systemic division. The heart pumps the blood 

through both these systems by means of two ventricles. The right ventricle propels 

blood through the pulmonary artery to the lungs, while the left ventricle pumps blood 

through the aorta and systemic arteries to the rest of the body. The main arteries form a 

distribution system which, through the small arteries and arterioles, delivers blood to 

the capillary system. The capillary system consists of numerous, tiny microscopic tubes 

with many branches in all directions. The combined volume of this system is small but 

the total surface area is immense and it is through the capillary walls that exchange of 

nutrients and heat takes place. Since the surface area is large it is reasonable to assume 

that the surrounding tissue comes to equilibrium temperature with the blood flowing in
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the capillaries. The blood is then collected in small venules and fed to veins which drain 

the blood back to the heart atria where it is pumped through another cycle. Heat is also 

transferred through the body by conduction due to the thermal gradients in the tissue.

In order to formulate an equation of energy balance in the tissue it is necessary 

to assume that the properties of each tissue type are uniform and isotropic over the 

volume being considered. Since this is not necessarily the case, the tissue properties are 

taken to be equal to the average value over the volume considered.

The earliest equation of heat transfer in tissue was given by Pennes (1948) who 

stated that

p c ^  = K V 2 T + W b cb ( T - T )  + Q (4.2.1)

where p is the density of the tissue (kgm*3), 

c is the specific heat capacity of the tissue (Jkg1 K~*),

T is the temperature distribution in the tissue (k),

K is the tissue thermal conductivity (Wm*1 K ~x),

Wb is the rate of blood perfusion (kgm 'V1),

Ta is the arterial blood temperature (K),

cb is the specific heat capacity of blood (Jkg-1 K “ x),

and Q is the rate of metabolic heat production (Wm-3).

In this equation the left-hand term represents the the rate of change of stored 

energy in an infinitesimal control volume. The first term on the right-hand side 

represents the rate of transfer of energy due to conduction while the second term 

represents the heat transferred to the tissue by arterial blood flowing in the capillaries. 

The third term represents the heat generated by metabolic processes. It is in the second 

term, used to describe the effects of perfusion, that a number of assumptions are 

inherent. Firstly it is assumed that the exchange of heat between the blood and tissue 

takes place entirely in the capillary bed and that this exchange is complete resulting in 

the tissue and blood reaching the same temperature. It is also assumed that there is no 

directionality involved in the capillary blood flow. Furthermore heat exchanges between
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artery-vein pairs and between large blood vessels and the surrounding tissue are 

neglected.

The validity of this second term has been critically questioned by a number of 

authors (Wulff 1974, Klinger 1974, Chen and Holmes 1980, and Weinbaum and Jiji 

1985). The mathematical difficulty involved in the derivation of this term has been 

highlighted by Wulff. He pointed out that this perfusion term has resulted from an 

application of global energy balance which has then been applied to local tissue energy 

balance to provide consistency with the other terms in the equation. This is a 

contradiction of the requirement that each application of the First Law of 

Thermodynamics is restricted to a unique control system. The equation also implies that 

two temperatures exist simultaneously at the same point in space, namely the tissue 

temperature T and the blood temperature Ta . Wulff suggests that this term is replaced 

by

- p b cb V.VT (4.2.2)

where V is the local mean apparent blood velocity vector (m s1) and pb is the density of 

blood. This convective term accounts for the directionality associated with the blood 

flow.

A solution to the equation of heat transfer with this term (4.2.2) representing the 

effects of blood flow would describe the temperature at each point in the tissue, but due 

to the lack of detailed knowledge of the convection field in the tissue this is not 

generally possible (Klinger 1980).

Weinbaum and Jiji (1984a, b, 1985) have proposed that heat transfer between 

blood and tissue is primarily due to incomplete countercurrent exchange between 

thermally significant artery and vein pairs, rather than due to heat exchange between 

capillaries and surrounding tissue. They have produced an equation to describe this 

mechanism, but this equation has been challenged by Wissler (1987a, b) who points 

out that their alternative formulation cannot be used to describe rewarming of cool 

tissue by increased blood flow. This is an effect which is well-known physiologically
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and is described by the blood flow term in Pennes original equation. The original term 

represents blood flow as a set of spatially distributed heat sinks whose effectiveness is 

proportional to the difference between the blood and tissue temperatures and the rate of 

blood flow. The Weinbaum and Jiji equation results in the effect of perfusion being 

described as principally causing an increased effective conductivity. This equation may 

be an appropriate alternative to Pennes original equation in certain applications but 

careful consideration should be given to the assumptions involved.

Chen and Holmes (1980) have approached this problem of the effects of 

perfusion by considering the nature of biological tissue and describing the macroscopic 

effects of the microscopic vascular structure. They have considered the exchange of 

heat between the different sizes of blood vessels and the surrounding tissue. The 

characteristic length over which the blood in the vessel comes to equilibrium 

temperature with the surrounding tissue was estimated and compared to the typical 

vessel length. It was found that blood travelling in the main arteries remains at 

essentially a constant temperature, and that most of the equilibration takes place in 

vessels whose diameter is between that of the main arteries and the arterioles. Blood 

flowing in the arterioles, capillaries and venules is essentially at a temperature equal to 

that of the tissue. The effect of heat exchange between vessel pairs, as considered by 

Weinbaum and Jiji, was not treated.

Chen and Holmes propose that the equation of heat transfer in living tissue 

should be
a r  * *

p c ^  = V. KVT + V .K V T + Wb cb (Ta- T) - .VT + Q (4.2.3)

The second term on the right hand side represents a conductivity term, where Ke is an 

effective conductivity, due to the fact that the component of blood flow parallel to the 

thermal gradient enhances the thermal conductivity. This term assumes that the 

conductivity enhancement is isotropic because of the random arrangement of the 

microvasculature. The next term is similar to that of Pennes, representing a distributed 

heat source due to blood flow. The temperature Ta* is the temperature reached by the
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blood after it has passed through the larger vessels (arteries and veins) whose 

contribution to tissue heating should be treated individually. Wb* is the total perfusion 

rate through the smaller vessels and does not include blood delivered through the larger 

vessels. As a result of this treatment of the problem only the macroscopic temperature 

may be determined. The smallest volume of interest, whose average temperature is to 

be determined, must be large enough to contain all bifurcations from terminal arteries to 

arterioles, because it is in these vessels that equilibration with tissue temperature 

occurs. The fourth term is a convection term of the type proposed by Klinger and Wulff 

and accounts for the contribution of the mean blood flow vector, V.

This equation includes a description of all the expected effects of the 

microcirculation with the effects of large vessels to be calculated individually. The 

currently available information on vascular structure, however, is not detailed enough 

to allow determination of Ke, Wb* and V, and Chen suggests that in the absence of this 

information the standard equation proposed by Pennes should be employed.

For microwave thermography, where the experimental measurement of 

temperature is a volume average over a scale much larger than the largest vessels the 

use of Pennes equation to estimate macroscopic temperatures is entirely appropriate. 

The calculated temperature distribution must be combined with the antenna response 

function (see section 2.3) and efforts in increasing the accuracy of the estimated 

temperature distribution must be carefully considered in view of the inaccuracy which 

will arise in the estimated microwave temperature due to uncertainty in the antenna 

pattern.

Further study of heat transfer in the body is required in order to clarify the 

effects of the microvasculature and determine the limitations of Pennes equation. This 

work will be on a measurement scale much smaller than that employed in microwave 

thermography.
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4.3 Heat exchange with the environment

The differential equation governing heat transfer in the body cannot be solved 

without knowledge of the appropriate boundary conditions. The most important 

condition to consider is that of the heat exchange which takes place between the skin 

surface and the environment.

The constancy of man's body temperature implies that a balance must be 

maintained between the metabolic heat generated in the body and the heat lost to the 

environment and, in fact, this is achieved mainly by controlling heat loss from the skin 

surface. The principle method of physiological control of heat loss in comfortable 

environmental temperatures is the regulation of the blood flow to the skin which may be 

increased (vasodilation) or reduced (vasoconstriction) in order to raise or lower the skin 

temperature and so increase or reduce heat loss. In more extreme conditions heat loss 

can be increased by sweating or panting and decreased by erection of the surface hairs 

on the skin. At very low temperatures shivering can be used to increase heat 

production.

Microwave thermography measurements are carried out on patients in a 

comfortable clinical environment The area to be scanned is unclothed, while the rest of 

the body is normally lightly clothed. In this situation heat loss from the skin occurs by 

means of radiation, convection and evaporation of insensible perspiration. The heat loss 

by conduction is negligible. The total heat loss must be equal to the heat generated by 

metabolic activity in order to maintain a constant body temperature.

4.3.1 Heat loss by radiation

The net rate of heat loss per unit surface area of a body with a surface 

tem perature Ts surrounded by walls at a temperature Te is given by the

Stefan-Boltzmann Law to be

Hr = c s e(T s -T e )4 (4 .3 .1)

where Gs is Stefan’s constant (5.67 x 108 Wm 2 K*4) and e is the emissivity of the
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skin surface which can be assumed equal to 1 (Mitchell, 1967) since the main loss of 

radiation occurs in the infra-red region in which the skin behaves as a black body.

In a comfortable environment the temperature difference Ts - Te will be small 

compared to the mean temperature Tm = 0.5 (Ts + Te) and equation (4.3.1) may be 

written (Draper and Boag 1971)

The environmental temperature Ts will be in the range 20-26 °C while the skin 

temperature will be approximately in the range 28-35 °C. This gives an estimated 

radiative heat transfer coefficient of 6.2 ± 0.2 W nr2 °C_1.

4.3.2 Heat loss by convection

Heat loss by convection is due to the transport of heat away from the skin 

surface by the movement of air surrounding the body. Convection may be either due to 

changes in the temperature or the density of the air caused by the warming of a layer of 

air next to the skin surface (free convection) or due to an external force, such as 

air-conditioning, impelling the air past the surface (forced convection). The rate of 

convection is governed by a large number of factors including the temperature 

difference between the air next to the skin and the bulk air, the air density, its viscosity, 

specific heat capacity, thermal conductivity, temperature coefficient of expansion, the 

shape and orientation of the surface and the air velocity in the case of forced 

convection. These variables may be grouped into dimensionless quantities which each 

describe a particular aspect of the air behaviour important in convection.

The rate of convective heat flux per unit surface area is usually expressed for 

convenience in the form

where values of hc the coefficient of convective heat transfer, have been found

Hr = 4 a s e Tm3 (Ts -Te ) 

and a radiative heat transfer coefficient may be defined to be

hr = 4 s s e T m3 (4 .3 .3)

(4.3.2)

Hc = hc (Ts-T e ) (4.3.4)
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empirically, generally for engineering applications, for different surface geometries in 

terms of the dimensionless parameters. These values can be applied to man to provide 

an estimate of the convective heat loss. Table 4.1 gives experimental measurements 

from a number of investigators of the coefficient of convective heat transfer for 

humans. These values are chiefly in the range 2.1 - 5.6 Wm-20^ 1 and consider the 

airspeed in a normally ventilated room to be between 0.1 and 0.2 ms*1 .

The dimensionless quantities involved in estimation of convective heat loss

include:

(i) Reynolds number, Re (ratio of inertial force to viscous drag force)

Re = - ! ^ ^  (4.3.5)
Ma

where ua is the average air speed, L is the characteristic length of the object (diameter 

or length), pa is the density of the air and Tja is its viscosity

(ii) Nusselt number, Nu (ratio of convective heat flux to conductive heat flux)

Nu = ^  (4.3.6)

where Ka is the thermal conductivity of air

(iii) Prandtl number, Pr (ratio of kinematic viscosity to thermal diffusivity)

Pr = % ^  (4.3.7)
Ka

where ca is the specific heat capacity of air

(iv) Grashof number, Gr (ratio of buoyancy forces to viscous drag forces)

Gr = gP„L ATp* (4 3 g)

T|.

where g is the acceleration due to gravity, Pa is the coefficient of thermal expansion of 

air and AT is the temperature difference between the surface of the object and the 

surrounding air.

The ratio Gr/(Re)A2, representing the ratio of buoyancy forces to (inertial 

forces)2, indicates the ratio of free to forced convection. If this value is greater than 

about 16 then free convection will dominate and if it is less than about 0.1 forced 

convection will dominate while between these limits a mixture of free and forced
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Coefficient of condition
convective heat transfer

h c

(Wm-2 ° C 1)

remarks reference

2.3

2.1

3.1

2.4 - 4.6

2.5 - 4.5

2.7

2.7 + 8.7 U0-67 

(5.6 at U = 0.2)

3.05 +10.6 U 

(4.1 at U = 0.2)

3.9

2.5

3.5 + 18.6 Vu 

0.9 - 1.6

3.8

4.6

5.0

seated

seated

seated

seated

standing

standing

reclining

reclining

semi-reclining

chest wall 

upper surface of 

female breast 

lower surface of 

female breast

free convection S eagrave (1971)

0.05<U<0.2 ms*1 Gagge et al (1965)

Nishi and Gagge (1970) 

0.15<U<0.20 m s 1 Nishi (1973)

0.11<U<0.22 ms-1 Nishi (1973)

free convection S eagrave (1971)

0.2<U<1.2 m s'1 Colin and Houdas

(1967)

U<0.25 Missenard (1973)

free convection 

low air flow speed

no air flow

0.1<U<0.2 ms-1

Winslow et al (1937) 

Buettner (1934)’ 

Winslow and 

Herrington (1949) 

Hardy and Dubois 

(1938)

Draper and Boag (1971)

Table 4.1 Experimental measurements of convective heat transfer coefficients for humans



convection will exist (Leyton, 1975).

The body may be considered as composed of cylinders of different sizes 

(Wissler, 1961) and appropriate empirical engineering formulae may be used to 

determine the coefficient of convective heat loss, hc. Table 4.2 lists the formulae used 

to estimate the coefficient of convective heat transfer, assuming free convection, for 

cylinders representing the head, trunk, arms and legs. The air-speed required for free 

convection to dominate is also estimated and is found to be less than 0.07 ms-1. In a 

normally ventilated room, with an air-speed between 0.1 and 0.2 ms'1, convective heat 

loss from the body will fall in the region of mixed convection. The McAdams rule for 

mixed convection states that in this region both the free convection and the forced 

convection transfer coefficients should be calculated and the larger value taken. 

Measured values obtained for flow through vertical tubes did not deviate by more than 

25% from values calculated by this rule (Eckert 1959). The transfer coefficients for 

forced convection with an air-speed of 0.2 ms*1 were also calculated and are also 

shown in table 4.2. Following the McAdams rule, the larger values will be considered 

as estimates of the convective heat transfer coefficient. Considering these values and the 

experimental values from Table 4.1 it was decided to use as an estimate of the 

convective heat transfer coefficient the value 4 ± 1 Wm-20C'1 and to apply this value to 

all areas of the body, since within the limits of error involved, it is not possible to 

determine the difference in convective heat loss caused by the varying body geometry.

4.3.3 Heat loss by evaporation

In a normal clinical environment sweating will not be present and heat loss by 

evaporation will be due to insensible perspiration. This is the passage of water through
to

the skin surface and is thought^be a diffusion process (McLean, 1975).

The diffusion process through the skin is governed by the equation

^  = (Xw(Ts) - %s ) hD (4.3.9)

where dm^/dt is the rate of diffusion through the skin,
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Xw(Ts) is concentration of air saturated with water vapour at the skin temperature,

Xs *s concentration of water vapour at the skin surface and 

hD is the diffusion coefficient, a property of the skin.

In the absence of sweating this is equal to the rate of evaporation of water from 

the skin surface
dmM
“dT  = (Xs -Xa)hM (4.3.10)

where x a is concentration of water vapour in the air and hj^ is a transfer coefficient. 

These two equations may be combined to give

=  (Zw(Ts) - Z a ) h  (4 .3 .1 1)

where

1  = -L  + - L  
h hD

The evaporative heat loss due to the evaporation of this water is given by

He = = h L ( Xw(Ts) - Xa) (4.3.12)

where L is the latent heat of evaporation of water. The concentration of water vapour x 

is identical to the density, pv, of the water vapour in air. The density may be related to 

the vapour pressure (the partial pressure of water vapour in air) by the gas laws,

assuming water vapour to be a perfect gas, as follows (Leyton, 1975):
= Mw e pa _ 0 .6 2 2  pa£  (4.3.13)

k  Map P

where Mw and Ma are the molecular weights of water (18 x 103 kg) and moist air (29 x

103 kg) respectively,

p is the total air pressure,

and e is the vapour pressure, the partial pressure of water vapour in air.

Substituting (4.3.13) into equation (4.3.12) we have

He = h L ° p62- P-4 ( ew(Ts) - e.) (4.3.14)

The relationship between saturation vapour pressure and temperature is 

approximately linear in the region of skin and environmental temperatures (20^T<35) 

and ew(Ts) may be expressed
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ew(Ts) = m T + c (4.3.15)

where m = 1.635 mmHg ° C '1 and c = -16.5 mmHg

If <j)a is the relative humidity of the air, the ratio of vapour pressure of air to the 

saturation vapour pressure at the same temperature, then

He = he (Ts - Te*) (4.3.16)

where Tc* = 4>aTe + (l-<l>a)c/m (4.3.17)

The heat loss due to evaporation is therefore proportional to the difference 

between the skin temperature and the equivalent environmental temperature which is 

dependent on the humidity. Measurements of insensible perspiration have been made 

by several workers. Buettner (1953), Webb, Garlington and Schwartz (1957), Zollner, 

Thauer and Kauffman (1955) and Brebner, Kerslake and Waddell (1956) all found a 

linear relationship between insensible perspiration and air vapour pressure, in 

agreement with the theory and suggesting that this loss is in fact a diffusion process. 

Goodman and Wolf (1969), however, claimed a non-linear relationship and postulated 

that this process was not entirely due to diffusion.

For the purposes of estimating heat loss by evaporation the important fact is that 

this process depends, at least approximately, on the difference in vapour pressures 

(equation 4.3.14) and not the difference in temperatures as is the case for radiation and 

convection. For convenience, however, it is desirable to express the evaporative loss in 

terms of the temperature difference.

If we assume that the relative humidity indoors is 0.5, that the room temperature 

is 24 °C and that the skin temperature is 34 °C, then the partial pressure difference is 

approximately 28 mmHg. Using equation 4.3.14, with the rate of mass transfer 

determined from the combined results of the workers listed above [0.622hpa/p = 0.133 

xlO 6 kgm^s^mmHg-1], and the latent heat of evaporation of sweat measured by 

Snellen, Mitchell and Wyndham (1970) [2.59 x 106 Jkg1], gives an estimate of the rate 

of heat loss from the skin surface due to evaporation as 9.5 Wm 2. This is in reasonable 

agreement with the value of evaporative heat loss per unit surface area of 8.3 Wm*2
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(assuming a body surface area of 1.8m2) given by Richards (1973). The value of the 

evaporative heat transfer coefficient, in terms of the temperature difference between the 

skin surface and the environmental temperature, may be estimated by assuming an 

average temperature difference of 10 ®C. The approximate value of the heat transfer 

coefficient due to evaporation may then be taken to be 0.9 ± 0.2 Wm ^ C 1.

4.3.4 Total heat loss

The heat transfer coefficients for radiation, convection and evaporation may be 

combined to give the total heat transfer coefficient

h = hr + hc + he = 11 ± 1 W m ^ C '1

The heat loss from the body may therefore be expressed as

H = h (Ts - Te) (4.3.18)

In the steady state condition this heat loss must be equal to the heat transferred inside 

the tissue to the skin surface

K | I  = h(Ts - Te ) (4.3.19)

This equation expresses the continuity of heat flux across the skin boundary and may 

be used as a boundary condition in solving equation (4.2.1).

4.4 Balance between heat production and heat loss

The average metabolic rate for males is approximately 45 Wm'2 (Brown 1973) 

which implies that the average temperature difference between the skin and the 

environment required to maintain a balance between the heat produced and that lost is 

approximately 4 for an unclothed body and for a heat transfer coefficient of 11 

Wm 2 ° C ' 1 (neglecting the loss of heat through the respiratory tract). This is much 

lower than the 10 °C difference assumed earlier in estimating the loss by evaporation. It 

can be seen that both the evaporative and convective coefficients as determined 

previously are dependent on the difference between the skin temperature and the 

environmental temperature, while only the radiative coefficient hc is essentially
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independent of this difference. It was found that the temperature difference required to 

balance the heat lost and the heat generated is 3.8 °C. This temperature difference gives 

a new coefficient of evaporative heat transfer of 2.4 W nr2 0C _1 and alters the 

convective transfer coefficient to 78% of its value with a 10 °C temperature difference. 

This gives a new combined heat transfer coefficient of 11.7 Wm*2 0C_1. This is still 

within the error limits of the original estimate and indicates that the combined coefficient 

is not strongly dependent on the temperature difference between skin and environment.
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Chapter 5 - Electrical, thermal and physiological properties of tissue

5.1 Introduction

This chapter considers the properties which affect the thermal state of human 

tissue and the detected microwave signal. The temperature distribution, as discussed in 

Chapter 4, is determined principally by the physiological properties of blood flow and 

metabolic heat production and the thermal conductivity, while the microwave emission 

is dependent on the temperature distribution in the tissue and the microwave power 

penetration depth. This penetration depth depends on the dielectric properties of the 

tissue.

The importance of tissue water content on the both the dielectric properties and 

the thermal conductivity will be discussed in this chapter and a review of measured 

values of these properties given. The blood flow expected in different organs and 

tissues will be given and its relationship to metabolic heat will be discussed. Finally the 

characteristics of malignant human breast tumours will be considered.

5.2 A brief note on tissue structure

Water is a very important part of the composition of the human body forming, 

on average, 50-70% of the body weight of adult males and 45-65% of adult females; 

the actual amount present depending on age and obesity. This fluid provides the 

essential constant internal environment necessary for the vital life processes of the 

body's cells.

The vital building block of all tissue types is the cell. Cells can vary widely in 

shape, size, structure and function. Each tissue is made up of different types of cells 

and is specialised to perform a particular task. In a simplified and ideal form the cell 

may be considered to be a spherical mass of protoplasm, bound by a delicate 

membrane, which contains various microscopic and sub-microscopic substances. 

Polysaccharides, proteins, nucleic acids and lipids form the principal large organic 

molecules in the protoplasm, with the proteins far exceeding the other macromolecules
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in number and variety. Water forms the solvent of the intracellular fluid in which these 

molecules of the protoplasm are suspended. It is also present in the intercellular fluid, 

and in the plasma of the vascular and lymphatic systems.

The fluids of the body are essentially solutions of electrolytes occupying three 

hypothetical "compartments"; the intracellular fluid which contains 67% of the body’s 

total water content, the intercellular fluid which contains 25% and the plasma which 

contains 8%. The fluids in each of these compartments vary in their ionic composition. 

The major difference between the intercellular fluid and the plasma is the protein 

content, while the intracellular fluid has a vastly different ionic profile from these two 

(Windle 1976). Plasma and intercellular fluid may be treated as 0.9% NaCl solution.

5.3 Frequency dependent dielectric behaviour of tissue

The behaviour of electromagnetic radiation in non-magnetic materials depends 

on the dielectric properties of the tissue, namely the electrical conductivity, o, and the 

permittivity, e. These two quantities are often conveniently expressed in terms of a 

complex relative permittivity, er*, given by

e* = er’- j e r" = - j _ 2 _  (5.3.1)
e coe

O o

where £0 is the permittivity of free space (8.85 x 1 0 12 F n r1), co is the angular 

frequency and e/' is known as the loss factor.

For propagation of time-harmonic plane waves, in the positive direction of the 

z-axis, in an infinite, homogeneous, isotropic, linear medium the wave number will be 

complex with a real part, y, given by
_i_

2 T .2Y = — \ l - k -  { ( 1  + ( " t )  ) + 1 1 <5 -3'2>X„V 2 er

where X,0 is the wavelength in free space, and an imaginary part, oc, given by
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The imaginary part is the field attenuation constant introduced earlier in equation 

(2.2.15) and related to the power penetration depth by equation (2.3.10). It can be seen 

that in a non-conducting material with c=0, a  is zero and there is no attenuation of the 

wave. The real part is equal to 2tc / X  where X  is the wavelength in the material.

In order to determine the plane wave power penetration depth at a given 

frequency it is necessary to know the dielectric properties of the tissue at that 

frequency. The frequency dependent nature of the dielectric properties of tissue has 

been studied (Schwan 1957, Pethig 1984) and it has been found that the dielectric 

constant of tissue decreases with frequency in three major steps which have been 

labelled the a , P and y  dispersions.

The low frequency a  dispersion takes place at around 100 Hz and is associated 

with interfacial electrical polarizations occurring at the cell membrane. In the 

radio-frequency range the (3-dispersion is due to the capacitive, charge storing 

properties of the cell membrane. A minor dispersion has been observed to take place at 

100-900 MHz and is thought to be caused by the relaxation of the protein molecule or 

the water molecules bound to the protein or both. At high frequencies, above about 1 

GHz, the capacitance of the cell membrane provides a low impedance in series with 

other impedance elements provided by the proteins and the intercellular fluid, and has 

little effect. In this region the dielectric behaviour is essentially that of a macromolecular 

suspension, and the dielectric dispersion is due to the relaxation of the polar water 

molecule. The dielectric tissue properties, at the microwave thermography frequency of 

3 GHz, are therefore dominated by the behaviour of the tissue water.

5.4 Dielectric properties of water and electrolytes

The two main theories which may be applied to describe the frequency 

dependent behaviour of the dielectric properties of polar fluids are the Deybe equations
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and the Cole-Cole equations (Franks, 1972). The Deybe equations assume only one 

relaxation time for the polar molecules while the Cole-Cole equations allow a spread of 

relaxation times. In the case of water the spread of relaxation times is small and here the 

Deybe equations will provide a sufficiently accurate description of the dielectric 

properties of water.

The Deybe equations are as follows:

where f is frequency, fc is the characteristic frequency of rotation of the polar 

molecules, es is the static dielectric constant and £« is the high frequency limit of the 

dielectric constant.

The static dielectric constant, as a function of temperature, is given by the 

equation provided by the best fit to the data of Malmberg and Maryott (1956)

where T is the temperature in °C.

The high frequency dielectric constant at 37 °C is about 4.2 and the 

characteristic frequency of rotation at this temperature is 25 GHz (Franks 1972). Figure

5.1 shows the Deybe dispersion of water.

The addition of salts, present in the biological fluid does not significantly affect 

the above values but an additional loss due to the ionic conductivity of the ions must be 

added to the pure water loss factor. The ionic conductivity of the intercellular fluid can 

be expected to be the same as that of a 0.9% saline solution due to the sodium and 

chlorine ions in this fluid. At 37 °C this ionic conductivity is about 2 Q m 1 (Stogryn, 

1971). The complex permittivity of this solution at 3 GHz and 37 °C, calculated from 

the Deybe equations describing the dielectric behaviour of water and with the additional 

ionic conductivity is

r

es = 87.740 - 0.40008 T + 9.398 x KM T - 1.140 x 10 6 T (5.4.2)

eZ-je,"  = 73.2- j  20.3 (5.4.3)
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These values most probably represent the upper limits for the dielectric 

properties of tissue. The calculated plane wave penetration depth at 3 GHz from these 

values is 6.8 mm, but it is possible that some tissue penetration depths may be smaller 

than this, depending on the ratio of the loss factor to relative dielectric constant. This 

ratio is the loss tangent (see section 3.2) and is shown as a function of frequency for 

physiological saline in figure 5.2 as determined from the Deybe theory. This figure also 

shows the measured loss tangents of different tissue types [Cook, 1951,1952; Herrick, 

1950, England, 1950]

5.5 Dielectric properties of tissue at 3 GHz

A number of investigators have considered the dielectric behaviour of tissue and 

attempted to relate the water content to the dielectric properties (Schwan and Foster, 

1977; Schepps and Foster, 1980; Foster et al, 1980). This is a very difficult problem. 

Some of the water present in the tissue is bound to proteins and is therefore unable to 

rotate freely in an alternating electric field, but it is difficult to define exactly this amount 

(Cooke and Kuntz, 1974). It is also necessary to determine whether bulk water 

molecules in tissue have the same characteristic frequency of rotation and high and low 

frequency limits of dielectric constant as free water molecules. A number of equations 

(Maxwell, 1881; Fricke, 1924; Bruggeman, 1935) have been developed which describe 

the dielectric properties of suspensions of particles in terms of the dielectric properties 

of the suspended and the suspending mediums, and the relative volumes of the two 

mediums present. These mixture equations may be applied successfully to describe the 

dielectric behaviour of blood (Cook, 1951) or suspensions of protein (Grant, 1968) but 

in the more complicated case of tissue it seems that a mixture equation of this form may 

only account approximately for the dielectric properties of different tissues in terms of 

water content. This is most probably due to the factors mentioned above together with 

the complicated structure of tissue and the variation in structure between tissue types.

The dielectric properties of tissue have been tabulated by Stuchly and Stuchly
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(1980) and, more recently, by Foster and Schwan (1986). The difference in measured 

complex permittivities between the same tissues from various non-acquatic mammals is 

small in the frequency range 0.1-10 GHz (Stuchly and Stuchly 1984), except perhaps 

in the case of fat tissue. The difference between measurements using excised (in vitro) 

or living (in vivo) tissues (Foster and Schwan 1986) is also small. Any consistent 

difference due to either of these factors is indistinguishable among the variations due to 

tissue heterogeneity.

The values of measured dielectric properties of tissue at 3 GHz and 37 °C, both 

in vivo and in vitro, and human and animal, as compiled from the literature are given in 

Table 5.2, together with the calculated plane wave power penetration depths from these 

values. The tissue water contents are given in Table 5.1. It can been seen that tissue 

divides clearly into two categories; high water content tissues with water contents above 

60% by weight, which includes the majority of tissues and organs, and the lower water 

content tissues of fat and bone.

Figure 5.3 shows the measured values of dielectric constant, as listed in Table 

5.2, as a function of tissue water content. The calculated dielectric constants from 

mixture theory, assuming tissue to be composed of physiological saline solution and 

protein or fat, are also shown. The upper and lower limits for the dielectric constant are 

set by the cases where the tissue is composed of fibres which are, respectively, parallel 

and perpendicular to the applied electric field. It can be seen that the experimental values 

fall between these two limiting cases. The mixture equations of Maxwell and 

Bruggeman are also shown. Maxwell's equation considers tissue to be a suspension of 

spherical particles in physiological saline solution. In deriving this equation Maxwell 

assumed that the suspended particles had no effect on each other, therefore requiring a 

very dilute solution (high water content tissue) for application of this equation. 

However, experiments suggest that this equation is a reasonable approximation for 

much larger concentrations (Lewin, 1947). Fricke (1924) extended this theory to 

account for suspensions of ellipsoids. Bruggeman (1935), using the same tissue model
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Tissue Water content (%  weight^ Water content (%  volume)

Whole blood 78.5 83

Blood plasma 91 93

Blood corpuscles 68-72 73-77

Muscle 70-80 75-84

Skin 62-76 68-80

Fat 5 - 20 4 - 1 8

Liver 71-77 76-81

Lung 79-84 83-87

Spleen 75-80 80-84

Kidney 78-84 82-87

Whole brain 73-78 78-82

Grey matter of brain 80-85 84-88

White matter of brain 68-73 73-78

(i) Percentage weight water contents compiled from Altman and Dittmer (1964), Best 

and Taylor (1950), Spells (1960), Mitchell (1945) and Pethig (1984)

(ii) Water content by percentage volume calculated by assuming a density of 1.3 

gem-3 for the non-water content of the tissue, except in the case of fat where a 

density of 0.86 g cm 3 was used.

Table 5.1 Water contents of human organs and tissues



Dielectric Loss Power
constant

e'
factor

e"
penetration 
depth (cm)

Source Reference

Eat
3.9-7.2 0.67- 1.36 2.3 - 6.2 Human Herrick (1950)
4.92 1.46 2.4 Human Cook (1951)
3.94 0.87 3.7 Human Cook (1951)
7.0 1.75 2.4 Human * Cook (1951)
11.6 2.25 2.4 Human Cook (1951)
5.2 1.5 2.4 Human England (1950)
7.2 1.7 2.5 Human England (1950)

Bone
7.5 1.0 4.3 Human Herrick (1950)
8.35 1.32 3.4 Human Cook (1951)

Bone marrow
4.2-5.8 0.7-1.35 2.4 - 5.6 Human Herrick (1950)

Muscle
** 52.5 16.2 0.72 Cat Kraszewski (1982)
** 55.5 17.2 0.70 Rat Kraszewski (1982)

53 16.8 0.70 Cat Kraszewski (1982)
46 16.8 0.65 Canine Schepps(1980)
45-48 13-14 0.77 - 0.85 Human Herrick (1950)
50 17.1 0.67 Human Cook (1951)
51 18 0.64 Human Cook (1951)
52 18.9 0.62 Human Cook (1951)

** 56 17.3 0.69 Rat Burdette (1980)
47 15 0.74 Bovine Brady (1981)

Whole blood
55-56 15-18.6 0.65 - 0.08 Human Herrick (1950)

56 15.9 0.76 Human Cook (1952)

53 15 0.78 Human England (1950)

Table 5.2 Dieletric properties of tissues and organs at a frequency of 3 GHz and at 

37 °C
[ ** indicates measurement in - v iv o , otherwise measurement in - v i t r o  ]



Liver

**

**

Dielectric
constant

e’

43
53
42-43
49
47
46

Loss
factor

13
14.4
1 2 - 12.2
13.8
12.6
12.7

Power 
penetration 
depth (cm)

0.87
0.81
0.85 - 0.88 
0.81 
0.88 
0.85

Source Reference

Bovine Brady (1981)
Canine Schepps (1980)
Human Herrick (1950)
Cat Kraszewski (1982)
Cat Kraszewski (1982)
Rat Kraszewski (1982)

Spleen
* * 52

52.3
52
46

15
15.1 
15.3
16.2

0.78
0.77
0.76
0.68

Cat Kraszewski (1982)
Rat Kraszewski (1982)
Cat Kraszewski (1982)
Canine Schepps(1980)

Kidnev
**
**

47.5
50.6 
47
47 
49
48

13.8
13.5
13.2
12
18
15

0.80
0.85
0.83
0.92
0.63
0.75

Cat Kraszewski(1982)
Rat Kraszewski (1982)
Cat Kraszewski (1982)
Canine Burdette (1980)
Canine Burdette (1980)
Bovine Brady (1981)

Skin

40
42.4
51.1 
40.9
52.2
50.2

13.1
13.1
15.2 
16.8 
17 
14.8

0.80
0.80
0.76
0.62
0.68
0.77

Human
Human
Human
Human
Human
Human

Cook (1951) 
Cook (1951) 
Cook (1951) 
England (1950) 
England (1950) 
England (1950)

Table 5.2 (continued) Dieletric properties of tissues and organs at a frequency of 
3 GHz and at 37 °C
[ ** indicates measurement in - v iv o , otherwise measurement in - v i t r o  ]



Dielectric Loss Power
constant factor penetration Source

£' e" depth (cm)
Brain
(cerebellum - 76 % water content by weight)

40 12.2 0.83 Mouse
(cerebrum - 74 % water content by weight)

39 12.5 0.81 Mouse
(brain stem - 72 % water content by weight)

36 10.7 0.90 Mouse
(white matter - 72% water content by weight)

33 9 1.02 Canine
(grey matter - 82% water content by weight)

44 12 0.88 Canine
(whole)

33 18 0.53 Human
** 52.5 13.7 0.85 Rat

Eve parts
(retina - 89% water content by weight)

56.2 16.4 0.74 Rabbit
(choroid - 78% water content by weight)

51.9 13.3 0.87 Rabbit
(iris - 77% water content by weight)

51.7 15.6 0.74 Rabbit
(cornea - 75% water content by weight)

49.9 17.9 0.63 Rabbit
(cortex - 71% water content by weight)

48 13.4 0.83 Rabbit
(nucleus - 71 % water content by weight)

22.7 9.9 0.78 Rabbit

Reference

Nightingale (1983)

Nightingale (1983)

Nightingale (1983)

Foster (1979)

Foster (1979)

Lin (1975) 
Burdette (1980)

Gabriel (1983) 

Gabriel (1983) 

Gabriel (1983) 

Gabriel (1983) 

Gabriel (1983) 

Gabriel (1983)

Table 5.2 (continued) Dieletric properties of tissues and organs at a frequency of 
3 GHz and a t37°C
[ ** indicates measurement in - v iv o , otherwise measurement in - v i t r o  ]
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as that of Maxwell, took interparticle interaction into account in the derivation of his 

mixture equation.

Bone, because of its very different structure from the soft tissues, cannot be 

considered in terms of these mixture equations, and is consequently not included in 

figure 5.3 or the subsequent figures which consider tissues in terms of their water 

content.

Figure 5.4 illustrates the variation in loss factor with tissue water content. The 

experimental values from Table 5.2 are shown together with Maxwell's mixture 

equation. In figure 5.5 the power penetration depth is shown. The theoretical curve is 

determined from the calculated variation of dielectric constant and loss factor with tissue 

water content using Maxwell's mixture equation. For tissues with water contents 

greater than 66% by volume (60% by weight) the decrease in penetration depth with 

water content can be seen to be very gradual. These high water content tissues have 

measured penetration depths between 6 mm and 9 mm, while the low water content 

tissues have a much larger range, with penetration depths between 23 mm and 63 mm.

Using the measured values and the theoretical curve to estimate the penetration 

depth for the water content range for which experimental data is not available the 

penetration depth of tissue may be related to the tissue water content by means of the 

following three categories:

WATER CONTENT (% weight) PENETRATION DEPTH (mm)

low water content (0-30)

medium water content (30-60) 

high water content (60-100)

14-63

9 - 1 4

6 - 9

These divisions are represented by the dotted line in figure 5.5.
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5.6 Thermal conductivity of tissues

As in the case of the dielectric properties of tissue, it is expected that the water 

content of tissue will determine to a certain extent the tissue thermal conductivity. Water 

has a thermal conductivity of 0.623 W m 1 K~1 at 37 °C, which is the highest thermal 

conductivity of any of the components of soft biological tissue. The other major 

constituents of body tissue, protein and fat, have thermal conductivities of 0.18 and 

0.19 Wm_1K 1 respectively (Poppendiek, 1966). The thermal conductivity of various 

tissues have been measured by a number of investigators and a comprehensive 

tabulation of results is given by Chato (1969). Table 5.3 lists the values of thermal 

conductivity for some human tissues at 37 °C and figure 5.6 illustrates these measured 

values as a function of tissue water content together with the theoretical curve from 

Maxwell's mixture equation, which may also be applied to thermal conductivity. 

Representative values of the thermal conductivity of tissues in each of the water content 

categories above, with an extra division to account for very high water content tissues, 

may taken to be as follows:

WATER CONTENT (% weighri THERMAL CONDUCTIVITY ( W m ± K ~  x) 

low water content (0-30) 0.18-0.31

medium water content (30-60) 0.31 - 0.44

high water content (60-80) 0.44 - 0.52

very high water content (>80) 0.52 - 0.62

High values for the thermal conductivity of bone, compared with those expected 

from its water content, have been reported (Kirkland 1967) and bone will be considered 

to have a thermal conductivity of 0.8 Wm'* K ~ 1.This exceeds the thermal conductivity 

of water and is possibly due to the large amount of minerals present in bone.

It is important to note that only in vitro measurements of thermal conductivity 

have been considered. In vivo measurements include an additional conductivity effect
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Tissue Thermal conductivity fWm 1 ©c-i) Reference

Whole blood 0.51

Blood plasma 0.58

Blood corpuscles 0.48

Muscle 0.41

0.44

Skin 0.39

0.32

Fat 0.22

0.20

Liver 0.51

Lung 0.45

Spleen 0.54

Water 0.62

100 %  protein 0.18

100 % fat 0.19

(living, blood flow occluded) 

(excised, moist)

Spells (1960)

Spells (1960)

Spells (1960)

Lipkin (1954)

Hatfield (1953)

Lipkin (1954)

Lipkin (1954)

Lipkin (1954)

Hatfield (1953)

Valvano (1985) 

Valvano (1985) 

Valvano (1985)

CRC Handbook (1977) 

Poppendiek (1966) 

Poppendiek (1966)

Table 5.3 Thermal conductivities of human organs and tissues at 37 °C
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due to the flow of blood. In applying equation (4.2.1) to determine temperature 

distributions in tissue it is the actual thermal conductivity which is required. 

Measurements of in vivo thermal conductivity would be required if equation (4.2.3) 

were to be applied.

Gautherie (1980) has reported measured values of thermal conductivity in 

healthy breast tissue, from post-operative samples, of 0.12 W m 1 ° C A  for fat tissue, 

0.25 W m '1 °C_1 for fibrous tissue and 0.32 Wm'1 ^C'1 for glandular tissue. These 

values for fat are significantly lower than those reported by other investigators.

5.7 Blood flow and metabolic heat generation in tissue

The physiological properties which determine the internal temperature

distribution are the rates of blood perfusion and metabolic heat generation. These two

quantities may be related by considering a volume of tissue perfused by blood at a rate

of Wb k g m V 1. The tissue extracts oxygen from the blood supply and this amount is

determined by the difference in oxygen content between the arterial and the venous

blood, d ml 0 2 per 100 ml blood. Due to the breaking of the oxygen-oxygen bond

2X104 J of heat are liberated for each litre of oxygen used. The density of blood is 1.06

x 103 kgnr3 and the rate of metabolic heat production Q Wm*3 is therefore

Q = 189 dW b (5.7.1)

Table 5.4 gives the blood flow of various organs and tissues, the

arterial-venous 0 2 difference and the rate of metabolic heat generation calculated from

these values using equation 5.7.1. It can be seen that the kidney, liver, heart and brain

have a high blood flow per unit volume and are large sources of metabolic heat, while

resting skeletal muscle, skin and the tissues grouped under other, which include bone,

cartilage, fat and connective tissue, have a low blood flow per unit volume and are

relatively avascular tissues. The rate of heat production in these tissues is much less

than that in the organs.

The blood flow distribution in the body may be significantly altered under stress
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Tissue Arterial-venous Blood perfusion Metabolic heat production 
oxygen difference rate rate
(ml 0 2/ 100 ml) (kgm V 1) (Wm-3)

Brain 6 10.5 11.7 x 103

Heart 11 13.6 27.7 x 103

Liver 5 18.6 17.3 x 103

Kidney 1.5 59.9 16.7 x 103

Muscle 5 0.8 0.7 x 103

Skin 2 1.6 0.6 x 103

Other 5 0.2 0.2 x 103

[Data from Smith and Kampine (1984)]

Table 5.4 Typical blood perfusion rates, arterial-venous oxygen extractions and 

aerobic metabolic heat production rates in the main organs and tissues of a normal 

adult at rest.



conditions, such as severe exercise, but the values for a subject at rest, as given in 

Table 5.4, are appropriate for a patient in a normal clinical environment. The skin blood 

flow, since this is a method of control of heat loss, may vary depending on the 

environmental conditions.

There is very little data for blood perfusion in normal breast tissues, but it is 

likely that, in normal conditions, the perfusion of the breast will have values in the 

range between resting muscle and fat tissue (Wells 1977). The range of perfusion in the 

normal breast is therefore likely to be between 0.2 and 0.8 k g n rV 1.

5.8 Characteristics of malignant breast tumours

The very high water content of malignant tumours is a well known characteristic 

(Homburger and Fishman 1953). As a result of this it is expected that tumour tissue 

will have power penetration depth and thermal conductivity in the very high water 

content category (i.e. 6 < 8 < 9 mm and 0.52 < K < 0.62 Wm*1 ‘C*1).

The blood flow in patients with breast carcinoma has been studied in vivo by 

Beaney et al (1984) using positron emission tomography. Nine post-menopausal 

patients with breast cancers varying in size from a largest diameter of 3cm to 14 cm 

were successfully studied. For the smaller tumours the whole neoplasm was analysed, 

while for the two largest tumours, which exhibited necrotic centres, this area of mostly 

dead tissue was excluded. The blood flow in the contra-lateral normal breast, including 

as much of the breast as possible, was also studied. The blood flow in normal breasts 

was found to be in a range between 0.5 and 1.0 kgnr^s*1 with an average value of 0.7 

k g n rV 1. The perfusion in tumours was found to be between 1.4 and 5.6 kgnr^s*1 

with an average of 3.3 kgnr^s*1. The metabolic heat production from consumption of 

oxygen (assuming a value of energy release of 2 x 104 J l '1) was between 1.1 x 103 

and 3.5 x 103 Wm*3 in tumours with an average value of 2.2 x 103 Wm*3 , while in 

normal tissue the values ranged from 1.1 x 103 to 2 x 103 Wm 3 with an average of 1.5 

x 103 Wm*3.
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These results indicate that perfusion is significantly greater in viable tumour 

tissue than in normal breast tissue, but that there is only a small difference in the 

oxygen metabolic rate. Beaney suggests that glucose metabolism may be 

disproportionately larger than oxygen metabolism in breast tumours compared with 

normal breast tissue. The total heat produced by both the oxygen and the glucose 

metabolism may therefore reach a significantly higher value in tumours than in the 

surrounding normal tissues.

Mantyla (1979) has investigated the blood flow in a variety of human tumours 

using the xenon clearance method. For three different types of tumours from a variety 

of locations in the body, and with approximately 30 tumours in each group, the average 

blood flow was found to be 6.7 kgm 'V 1 for lymphomas, 3.0 kgm V 1 for anaplastic 

carcinoma and 4.4 k g n rV 1 for differentiated tumours. These values are in reasonable 

agreement with those of Beaney for unclassified tumours occurring in the breast. 

Mantyla concludes that "most human tumours have a considerably lower blood flow 

than what one would expect to find in the surrounding normal tissue". In the case of 

breast tumours, however, the results of Beaney strongly indicate that this is not the 

case. In tumours occurring in the organs and glands the blood flow in tumours may be 

lower than that in the surrounding tissue but in the case of breast tissue, with normal 

perfusion rates lower than those of organs and glands, the blood flow is most probably 

greater than that of the surrounding normal tissue.
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Chapter 6 - Microwave Thermography in Breast Disease

6 1 Introduction

This chapter examines the use of microwave thermography in the study of 

breast disease. A brief description of the structure of the breast will be given followed 

by a short discussion of breast imaging. The relationship between microwave 

temperature and the electrical, thermal and physiological properties considered in 

Chapter 5 will be discussed. The results of numerical modelling of the breast to 

determine the expected microwave and infra-red temperatures from both cancerous and 

normal breasts will be presented and compared with measurements on patients with 

breast disease and normal volunteers.

6.2 Anatomy of the breast

The female breast consists of glandular tissue and fat arranged within a 

supporting connective tissue. This connective tissue contains fibrous bands which 

attach the breast firmly to the skin and to the muscles on the deep surface of the breast 

(see figure 6.1). The glandular structure consists of alveoli (small sac-like dilations 

which are inconspicuous in the non-lactating breast) which lead into lactiferous ducts. 

The ducts are larger than the alveoli and are embedded in the fibrous connective tissue 

and fat. Each duct dilates into a sinus and opens onto the nipple. (Rehman 1978)

In the normal mature breast the relative amounts of fat and glandular tissue 

present vary among individuals. As the menopause approaches the breast as a whole 

shrinks and the glandular portion involutes. In fatty breasts there is an increase in the 

amount of fat and with advancing years the glandular tissue is replaced by fat. If little 

fat is present or involution is incomplete there may be a relative increase in the amount 

of fibrous tissue (Evans and Gravelle 1973).

As a result of the varying relative amounts of fat, glandular tissue and fibrous 

connective tissue which may form the breast, the microwave penetration depth may be 

expected to vary from individual to individual, with a difference between pre- and

64



Pectoralis 
major muscle

Fibrous connective 
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Lactiferous duct

Figure 6.1 Structure of the female breast



post-menopausal breasts, due to the difference in the average breast tissue water 

content. Those with fatty breasts, most probably post-menopausal women, might be 

expected to have greater microwave penetration depths through the breast tissue, since 

this tissue will have a lower water content than that containing greater relative amounts 

of glandular tissue.

6.3 Breast diseases and imaging

There are many diseases which affect the female breast but the most common

are cystic disease, fibroadenomas and cancer, which together account for more than

90% of breast lesions (Haagensen 1971). Cysts, the most common lesions, are hollow,

benign tumours containing fluid or soft material. In the breast they are, in most cases,

the result of blockage in milk ducts due to inflammation. They are well delineated and

slightly mobile. Fibroadenomas, which occur generally in young women, are also

benign tumours and are composed of gland-like tissue. They are very mobile, solid,

and well-delineated. These benign tumours, cysts and fibroadenomas, grow slowly at

one spot, pressing neighbouring parts aside but not invading them, unlike malignant

tumours, cancers, which spread rapidly from point to point and invade and destroy

surrounding tissues. Cancers are solid, poorly delineated and immobile. A wide range

of growth rates of malignant tumours have been reported, with doubling rates varying

from 30 days to 300 days. Early detection and treatment of cancer has been shown to

reduce mortality (Roebuck 1986) and it is important that imaging techniques are able to
an addded advantage is the ability 

detect breast cancer at the early stages anc^to distinguish between benign and malignant

lesions. The ability to detect small early cancers is important if an imaging technique is

to be used as a screening method. At present mammography, examination of the breast

by means of low energy radiography, is the principal imaging technique and studies

have shown that this method is much superior to clinical examination in detecting

cancers less than 2 cm in diameter (Roebuck 1986). Other more recent techniques, such

as microwave and infra-red thermography, and ultrasonic imaging, have not been
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evaluated as fully as mammography, but may provide useful additional methods of 

imaging to be used

(i) in women with dense glandular tissue in which detection of lesions by 

mammography is difficult,

(ii) to give additional information to aid in diagnosis,

or (iii) as preliminary screening methods to identify high risk women who may then 

be given mammography. This would reduce the number of women exposed to x-rays 

and the risk associated with this.

An excellent, comprehensive review of methods of breast imaging has been 

given by Jones (1982).

6.4 Factors influencing microwave and infra-red thermographic measurements

The effects of the tissue properties, principally blood flow and tissue water 

content, on the measured microwave and surface temperatures may be studied 

theoretically by considering plane layers of tissue. In this section a single planar region 

of tissue is used to grossly illustrate these effects, and a two-region planar model is 

used to indicate the effects of the skin layer on these temperatures. The effects of 

reflections occurring at the boundary between the skin and the underlying tissue and at 

the interface between the antenna and tissue are included, as is the effect of enhanced 

attenuation in the tissue due to the antenna response pattern.

6.4.1 Single region model

In the case of a semi-infinite planar layer of homogeneous tissue the solution to 

the steady state heat transfer equation in one-dimension,

H2r
K —  + w bcb (Ta - T )  + Q = 0 (6.4.1)

dz

with the boundary equation at the surface given by

K = h ( T - T ) at z = 0 (6.4.2)
dz e
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and the condition that the temperature remains finite as the depth in the tissue increases 

is

T - T ’
T (z) = —---- -  exp(-pz) + T ' (6.4.3)

i + H
h

where T ' = T + J L  and p =
a * wbcb V  K

This equation describes the temperature distribution in the tissue and from this 

the measured microwave temperature may be determined, using (2.3.16) to calculate 

the antenna temperature due to the radiation emitted by the tissue, and (3.7.6) to include 

the reflection of power which takes place at the antenna-tissue boundary and the 

calibration of the Glasgow microwave thermography system to an assumed power 

reflection coefficient, lp|2, of 0.1.

The antenna temperature, TA, for this temperature distribution is

T - T 1
t a = k p  p + T - (6 A 4 )

( 1 + h ) ( 1+^ 7)

For the Glasgow microwave thermography system the power transmission

factor, a, is approximately 0.84, the reference temperature is 40°C and the 

environmental temperature at which measurements are made is usually 25°C. This gives 

an effective reference temperature, Tref* of 35.5°C and the measured microwave 

temperature, TM, in this case is, from equation (3.7.6),

_  ( l - l p l 2 )T A + (lp |2 -0.1) 35.5
Tm = --------------- * -0 9 --------------------------------  (6A 5)

The difference between the measured microwave temperature, TM, and the 

antenna temperature, the actual microwave temperature of the tissue, TA, is clearly zero 

when Ta is equal to 35.5#C or the power reflection coefficient is 0.1. The antenna 

temperature is unlikely to differ from 35.5#C by more than 3.5#C, while the power
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reflection coefficient will not vary from 0.1 by more than about 0.1, giving a maximum 

difference between the actual source temperature, TA, and the measured temperature, 

Tm, of 0.4 °C.

Figure 6.2 illustrates the effect of tissue water content and blood perfusion rate 

on the microwave temperature, TM, calculated from equations (6.4.4) and (6.4.5), and 

the surface temperature, Ts, given by

(T - T ’ )
T< = - e Kap + Ta' (6.4.6)

z. = -It- = 1 (6.4.7)

( 1 + 1 T )

for a single region of tissue.

The surface temperature depends on the temperature difference Te - Ta', the 

effective thermal resistance of the perfused tissue, Zt, given by

'l " K P  “ 7 ^ ^
and, in series with this, the thermal resistance between the skin and the environment 

given by the inverse of the heat transfer coefficient, h. The skin temperature increases 

as the effective resistance of the tissue is decreased, which occurs with increasing 

thermal conductivity (i.e. water content) or perfusion. The effective tissue resistance 

decreases rapidly at first with increasing perfusion which leads to a large surface 

temperature increase for a small increase in perfusion at low values of perfusion, as can 

be seen clearly in figure 6.2.

The antenna temperature, TA, given by equation (6.4.4) may also be expressed

as

Ta = ( V T‘ } + T.- (6.4.8)

(1 + 2 ^ )

and so can be seen to depend on the surface temperature Ts and the dimensionless 

parameter (3/2a’ . This parameter may also be expressed as 8’/d and represents the ratio 

of the effective power penetration depth, 8', to the characteristic depth of the 

temperature variation, d, which is equal to (3'*. The depth, d, is the thickness of tissue
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Figure 6.2 Variation of microwave and surface temperatures with blood 

perfusion rate for tissues of 10, 30, 50 and 70 %  water content [with 

properties as shown in table below]

Approximate 
water 

content 
(%  volume)

Thermal 
conductivity 

(W nr10C-1)
Cr' Er" 6

(cm)
6'

(cm)

10 0.21 7 1.7 2.33 1.45

30 0.29 23 6 1.20 0.84

50 0.37 37 10 0.92 0.67

70 0.46 51 14 0.77 0.60

Skin 0.44 45 15 0.68 0.55

Table 6.1 Typical properties of different water content tissues



required to reduce the difference between the tissue temperature and the core 

temperature, Ta , by e 1 of this difference at the skin surface. The ratio S’/d indicates 

the fraction of the temperature variation in the tissue which is "seen" by the microwave 

radiometer. The total depth of temperature variation, the depth of tissue over which the 

temperature rises from skin temperature to close to core temperature will occur typically 

over about three characteristic lengths and so if 8'/d is equal to about three the entire 

temperature variation is seen, while for values less than this only a fraction will be 

"seen". As the ratio 8'/d becomes larger the microwave temperature approaches the core 

temperature and becomes less sensitive to changes in blood perfusion rate.

At a given value of blood perfusion an increase in tissue water content will 

increase the thermal conductivity and decrease the penetration depth. The increased 

thermal conductivity causes an increase in the microwave temperature while the 

decreased penetration depth decreases this temperature. These effects mean that in a 

high water content tissue, although the radiometer does not "see" to such a large depth 

as in low water content tissues, a larger amount of heat is carried to the surface of the 

tissue. These are compensating effects in the detection of "hot spots" in the tissue. The 

overall effect of increased water content, however, is to decrease the microwave 

temperature (see figure 6.2). The difference in microwave temperature between 

different water content tissues is smaller than the difference seen in the surface 

temperatures.

For a single region of tissue the reflection of power at the antenna-tissue 

boundary has been shown in figure 3.5. Figure 6.3 shows the variation of microwave 

temperature with surface temperature for different water content tissues, for the 

Glasgow microwave thermography system with a mismatch at the antenna-tissue 

boundary and for an antenna which is matched to the tissue. The variation in surface 

temperature is due to different values of blood perfusion between 0.1 and 3 kgm-^s*1. 

The 50% water content tissue has not been shown in this figure because there is very 

little difference between this tissue and the 70% water content tissue. However, a
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significant difference exists among the 10, 30 and 70% water content tissues. This 

indicates that, for a single region of tissue, it is possible to determine from 

measurements of the microwave and surface temperatures the approximate water 

content and perfusion of the tissue. In practice, however, a single region of tissue is not 

an appropriate model for the human body since there always exists a thin layer of skin 

covering the tissue and in some cases it may also be necessary to consider other tissue 

layers, such as a layer of subcutaneous fat.

6.4.2 Effects of thin skin layer

The case of a thin layer of skin covering a planar volume of uniform tissue has 

been studied to determine the effects of the skin layer on the observed microwave and 

surface temperatures. As before the heat transfer equation has been solved to determine 

the temperature distribution in the tissue, with the appropriate boundary conditions of 

continuity of temperature and heat flux applied at the interface between the skin and the 

deeper tissue layer. The microwave temperature has been calculated by numerical 

integration of equation (2.3.18) to determine TA and using (6.4.5) to calculate the 

measured microwave temperature.

The thickness of the dermal skin layer, which is a high water content tissue, has 

been determined by ultrasound to be between 0.66 and 1.07 mm on the forearm 

(Miller, 1979). The upper limit of skin thickness may be taken to be 2 mm. The 

properties of the skin used in the calculations here are given in Table 6.1.

The skin temperature is given approximately, as a function of skin thickness d, 

for small thicknesses, by the expression
3T

Ts(d) = Ts(0)+-=j^-d (6.4.9)

where

3TS _ ___________ 4 K1p 1 (K2p2 ~ K1p1) h (Te - Ta )___________  (6.4.10)

^  [ (h+KjPj) (K2P2+KjPj) e 1 - (h-KjPj) (K ^ -K jp j)  e ]

The subscripts 1 and 2 refer to the properties of the skin and the inner tissue
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respectively. This is a useful formulation since it can be used to illustrate the effect of 

the skin on the surface temperature.

If the thermal resistance of the skin is equal to that of the inner tissue then the 

temperature distribution will be unaltered from that of the single region case. This is an 

equivalent situation to that of impedance matched media in wave propagation. If the 

thermal resistance of the skin is less than that of the inner tissue the skin will cause a 

temperature rise above the single region surface temperature Ts(0), while a larger 

resistance will cause a temperature drop. The variation of surface temperature with skin 

thickness decreases as the thickness increases and the limiting value of surface 

temperature is the surface temperature for a single region of skin.

For a fixed thickness of skin an increase in the skin blood flow will reduce the 

thermal resistance of the skin and cause an increase in surface temperature. Figure 6.4 

shows the surface temperature as a function of blood perfusion in the inner region for 

different values of skin blood flow. The effect of the skin blood flow is greatest when 

the difference between the thermal resistance of the skin tissue and the inner tissue is 

largest.

The skin therefore affects the surface temperature in a manner which is 

determined by the thickness and thermal resistance of the skin. The most important 

effect to consider is the highly variable level of perfusion which may be found in the 

skin. In a study of forearm skin and muscle blood flow Cooper, Edholm and Mottram 

(1955) found that skin blood flows in 30 subjects, at room temperatures between 22 

and 27 °C, varied between 0 and 12.5 k g n rV 1, with two thirds of these being below 

2.3 k g m -V 1. The range of values found for muscle was between 0.3 and 1.7 

k g n rV 1. This muscle blood flow is comparable to that expected in normal breast tissue 

and so it is reasonable to assume that the skin blood flow will also be in the same 

range.

The skin layer also affects the microwave temperature due to the changes which 

occur in the temperature distribution and in the antenna pattern. The thermal effects of
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the skin on the microwave temperature will follow the same trends as those experienced 

by the surface temperature.

The pattern of power absoption, and by reciprocity, power emission also, 

dSav/dz, in the presence of a 2mm layer of skin is shown in Figure 6.5 for different 

types of inner tissues, with properties as listed in Table 6.1. For low and medium water 

content tissues there is a significant impedance mismatch at the boundary between the 

skin and the inner region which results in a standing wave pattern in the skin layer and 

a larger contribution from this layer than in the higher water content tissues. The 

variation of the reflection coefficient at the antenna tissue interface for this 2mm skin 

layer can be seen in figure 6.6, along with the reflection coefficient for a 1mm skin 

layer. It can be seen that the 1mm skin layer results in a reflection coefficient which is 

close to that of a single region when the permittivity in the inner region is greater than 

about 33. In this region the impedance mismatch between the skin and inner region is 

small and the tissue behaves electrically in a manner similar to that of a single region. 

The thicker 2 mm layer of skin greatly increases the reflection coefficient at low values 

of relative permittivity, while at the higher values, above 33, it remains constant and the 

difference from the single region case is not so large.

Figures 6.7 and 6.8 show the microwave temperature plotted against the 

corresponding surface temperature for a 2mm layer of skin and an inner tissue region of 

water content 70% and 10% respectively. The inner region perfusion rate, which 

causes the variation in surface temperature, is between 0.1 and 3 kgnr-V1, while skin 

perfusion rates of 0.5, 2 and 10 kgm V 1 are shown. By comparison of these graphs 

with the single region case, it can be see that the skin layer reduces the differences 

observed between the different water content tissues. The microwave temperature of the 

low 10% water content tissue is significantly reduced due to the increased attenuation of 

the signal from the inner region caused by the skin, while the 70% water content tissue 

has similar microwave temperatures to that of the single region. In the case of the skin 

blood flow of 2 k g n rV 1, the increased skin temperature is accompanied by an
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Figure 6.5 Contribution to microwave signal as a funcnon of depth in tissue from 

tissues of 10,30,50 and 70% water content with a 2mm layer of skin.



F
ra

c
ti

o
n

 
of

 
po

w
er

 
re

fl
e

c
te

d

3

2

1

10 20 30 k0  50 60 70
R e l a t i v e  d i e l e c t r i c  c o n s t a n t

Figure 6.6 Power reflected at antenna-tissue boundary with varying dielectric constant 

of tissue and with A. no skin layer

B. 1mm skin layer

C. 2mm skin layer



ML
 

cr
ou

/a
ve

 
te

m
p

e
ra

tu
re

37

36

u

35

34-

33

10 kgm3 s'

0. 5 kgm" s
/

/

No skLn Layer -------

32 J L

30  31 32 33 34- 35 36
S u r f a c e  t e m p e r a tu r e  ( C)

Figure 6.7 Microwave and surface temperatures for a 70% water content tissue with 

blood perfusion varying between 0.1 and 3 k g n rV 1 , and a 2mm skin 

layer with blood perfusion rates of 0.5, 2 and 10 kgnr-V1



ML
 c

ro
w

av
e 

t e
m

p
er

at
u

re

10% water c o n t e n

36

C_J
o

35

33
/~70% water  c o n t e n t

32
35 36333230 31

0 VS u r f a c e  t e m p e r a tu r e  ( C;

Figure 6.8 Microwave and surface temperatures for a 10% water content tissue with 

blood perfusion varying between 0.1 and 3 k g n rV 1 , and a 2mm skin 

layer with blood perfusion rates of 0.5, 2 and 10 k g n rV 1 

[ 70 % water content tissue with no skin layer shown for comparison]



increased microwave temperature and the range of temperatures observed for the same 

range of inner tissue perfusion rates is reduced. In this case the microwave and surface 

temperature pair correspond approximately to the single region case with an equivalent 

blood flow which is between that of the skin and the inner region. At high values of 

blood perfusion in the inner region, above about 2 kgnr-V1, it becomes more difficult 

to identify differences among the microwave and surface temperature pairs of different 

water content tissues. At the very high skin perfusion rate of lOkgnrV1 it is difficult to 

determine either water content or perfusion in the inner region. At values of perfusion 

in the inner region less than 2 kgnrV 1, except in the case of very high skin perfusion, 

measurement of the microwave and surface temperature, including the effects of skin, 

should be able to differentiate between low and high water content tissues and provide 

an estimate of the blood flow.

6.5 Numerical modelling of normal breast

In order to determine the effects of the geometry of the breast the heat transfer 

equation was solved for a transverse cross-section of the breast using a fmite-difference 

method. Figure 6.9 illustrates the model of the breast used. The breast is assumed to 

consist of a homogeneous layer of breast tissue backed by a high water content, 

well-perfused inner tissue. The temperature distribution was calculated for different 

types of breast tissue, to represent the varying relative compositions of fatty and 

glandular tissue found in the breast, and various perfusions. From this model the 

expected microwave and surface temperatures across the breast were determined. Three 

different types of breast tissue were considered, representing 30%, 50% and 70% 

water contents with properties as listed in Table 6.1. Perfusion rates in the breast tissue 

of 0.2, 0.5 and 2.0 k g n v V 1 were used and, as previously, the environmental

temperature was assumed to be 25 *C.

The calculated microwave and surface temperatures for the 30% and the 70% 

water content tissue are shown in figures 6.10 and 6.11 respectively, as a function of
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position on the breast. These graphs illustrate the expected form of the microwave and 

surface temperature variation across the breast. The effect of the varying thickness of 

the breast tissue is that of an effective perfusion whose value is between that of the 

inner and outer regions. The larger the difference in perfusion between these two 

regions the greater is the range of temperatures measured and, as in the case of the 

single region, the lower the water content of the tissue the greater is the microwave 

temperature at the same value of surface temperature.

For the dielectric properties of the different water content tissues used in the 

numerical model the penetration depths into the tissue do not vary greatly. The 70% 

water content tissue has, including the effects of the antenna, a penetration depth of 6 

mm, while the 30% water content tissue has a penetration depth of 8.4 mm. This 

suggests that the microwave temperature will not vary greatly with the breast tissue 

water content but will predominantly reflect the level of perfusion in the breast.

Figure 6.12 shows the microwave and surface temperatures of the numerical 

model for the 30% water content tissue and a perfusion of 0.2 k g n rV 1 as a function of 

breast tissue thickness. In this case the range of surface temperatures observed is larger 

than in the other cases because of the largest difference between the thermal resistance 

of the inner and outer tissues. The temperatures determined from a planar model of two 

regions, in which the thickness of the outer region is equivalent to the breast tissue 

thickness, is also shown. For the planar model the heat transfer coefficient at the skin 

surface has been increased to 20 W m ^’C '1 to account for the increased surface to 

volume ratio of the breast geometry. It can be seen that as the tissue thickness increases 

the change in microwave and surface temperature becomes more gradual and so the 

tissue thickness is not crucial.

6.6 Experimental determination of normal breast temperatures

The microwave temperatures of 10 normal subjects, aged between 19 and 23, 

were measured with the Glasgow microwave thermography system. Measurements
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were made at two levels, scanning continuously from the outer edge of the left breast to

to the outer edge of the right breast, at approximately 2 cm above and below the nipple
*

level, at intervals of 1 cm. The measurements were made with the subjects lying 

comfortably in a room temperature of around 25 °C. The surface temperatures were 

recorded at the same positions as the microwave temperatures, using an infra-red 

thermometer. Surface temperature measurements were made immediately after 

completion of the microwave temperature measurements. The results of the 

measurements are shown in figures 6.13 to 6.22. The positions directly above and 

below the nipple are marked on these figures, as is the mid-line position.

It can be seen that in the 10 subjects there is a wide range of patterns observed, 

but these may be divided into three categories. Subjects 1-3 (figures 6.13-6.15) have a 

"dipping" pattern across the breast similar to that of the lower perfusion patterns of the 

numerical model (Pattern A), while subjects 4-6 (figures 6.16-6.18) show no trace of 

this pattern at all and exhibit a flat trace similar to the high perfusion case in the 

numerical model (Pattern C). Subjects 7-10 ( figures 6.19 -6.22) are between these two 

cases with patterns which show a lesser decrease in temperature across the breast than 

that seen in subjects 1-3 (Pattern B). These patterns are the same as those observed by 

Draper and Jones (1969) using infra-red thermography alone, who classified the 

thermal patterns of 442 clinically normal women into 4 categories; those with cold 

breasts (Pattern A), those with some vascularity (Pattern B), those with warm breasts 

(Pattern C) and those with a "patchy pattern". The "patch pattern" of Draper and Jones 

will not be observed in the line scans of this study, since recognition of this pattern 

requires a thermographic image of the whole breast.

The minimum measured microwave and surface temperatures at both levels of 

each breast of subjects 1 to 3, with thermographic Pattern A, and subjects 7 to 10 with 

thermographic Pattern B, are shown in figure 6.23. If a minimum of microwave and 

surface temperature, corresponding to the form of the minimum seen in the numerical 

model was not present, for example at the lower level of the left breast of subject 8

Scanning was carried out by holding the antenna in contact with the skin surface and 
moving it from one position to the next at intervals of 2.5 seconds. The antenna is 
therefore only held in contact with a particular area of the skin for a short period of time 
in order to attempt to minimise the thermal disturbance. ----------------
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(figure 6.20), no point was plotted. The calculated minimum temperatures from the 

numerical model are also shown. As discussed earlier, variations in breast tissue 

thickness have a small effect and these minimum temperatures should be close to the 

microwave and surface temperatures of a single region of breast tissue and hence may 

be used to estimate the properties of the breast tissue. It can be seen that the measured 

temperatures, except in one case, lie below the calculated temperatures for the 30% 

water content tissue, indicating that the effective microwave penetration depth in breast 

tissue is less than 8.4 mm. For the subjects with Pattern A the measured temperatures 

indicate, in general, perfusion rates of 0.5 k g n rV 1 and less. For subjects 7-10, with 

Pattern B, comparison of the measured temperatures with those of the model indicate 

that the blood perfusion rate is around 0.5 k g n rV 1 or greater but is clearly less than 2 

k g n rV 1.

In subject 9 (figure 6.21) the surface temperature measured at the upper level 

shows a sharp peak of increased surface temperature close to the nipple position in both 

breasts. A similar sharp peak is also observed at the upper level in the left breast of 

subject 10 (figure 6.22) at the same position.

Draper and Boag (1971a,b) have calculated the thermal pattern at the skin 

surface due to veins lying parallel to the surface at various depths. In their model heat 

was transported from the vein to the surface by conduction and a thermal gradient of 3 

“Ccnr1 existed in the tissue. This is approximately the thermal gradient existing near the 

surface in the 70% water content model with a perfusion of 0.5 k g n rV 1. The results 

of their calculations showed that subcutaneous veins carrying warm blood near the skin 

surface produce a linear thermal pattern with a high peak and small half-width, while 

deeper veins cause wide, shallow linear patterns. This indicates that the sharp peaks 

observed are due to subcutaneous veins carrying warmer venous blood from the deeper 

tissues close to the skin surface, and that the smaller, wider peaks observed, for 

example, in the left breast of subject 8 (figure 6.22) are due to deeper veins.

For subjects 4 to 6, with flat temperature profiles, the surface temperatures are
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much higher than those of the other subjects, consistent with a high blood perfusion. 

The irregular surface temperature profile, shown particularly in the lower level surface 

temperatures of subject 6 (figure 6.18), suggests that a number of veins are carrying 

hot blood near the skin surface. Love (1980) points out that "collateral venous 

networks provide for blood returning to the vena cavae to flow in either the deep veins, 

the superficial system or both".

The results here indicate that in subjects 1 to 3, with low perfusion and an 

absence of temperature peaks, the venous blood is either returning through the deeper 

veins, or that the lower tissue temperatures cause the venous blood from the deeper 

tissues to lose its heat before it passes close to the skin surface. In subjects 7 to 10 

some veins passing close to the surface and some deeper veins can be seen, while in 

subjects 4 to 6 the venous blood can be seen to be returning mainly through the 

superficial system and because of the higher tissue temperatures does not lose its heat 

as it travels from the deeper tissue to close to the surface. The use of the superficial 

system to drain the venous blood is consistent with a high blood flow in the breast 

tissue supplying a greater amount of heat to the tissue and therefore requiring greater 

heat loss at the skin surface to maintain thermal equilibrium. In subject 5 (figure 6.17) 

who exhibits the lowest surface temperature over breast tissue of those with Pattern C, 

the surface and microwave temperatures in the right breast, at the region of low surface 

temperature and therefore not close to a vein, are consistent with a blood perfusion rate 

of 2 kgnr3s_1.

In the case of Subjects 1 and 7, who have had repeated microwave temperature 

breast scans at intervals over a period of 4 years, the microwave temperature profile has 

been found to remain constant with time. It is likely therefore that it possible to 

determine a characteristic breast microwave temperature pattern for each woman. It is 

possible for this normal temperature pattern to be asymmetric, as in subject 7, where, at 

the nipple position at the lower level, the microwave temperature in the right breast is 

1°C higher then that in the left. The false-positive detection rate in screening women for
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breast cancer could therefore be improved by recording a normal temperature profile for 

each woman and comparing subsequent measurements with this.

The temperature profiles across the breast may be used to indicate qualitatively 

the blood perfusion in the breast, while the measured values of microwave and surface 

temperatures and the use of numerical modelling may be used to provide quantitative 

estimates of the breast perfusion. Love (1980) has suggested that infra-red 

thermographic measurements may be used to estimate blood perfusion. His suggested 

technique depends on the measurement of the avascular skin temperature and the 

estimation of the temperature of the blood in the superficial veins by measurement of 

the skin temperature over a vein. The vein temperature is considered to represent the 

average tissue temperature and these two temperatures may be used to eliminate the 

thermal conductivity effect and so estimate blood flow. The skin temperature superficial 

to the veins, however, is difficult to determine accurately with commercially available 

scanning infra-red cameras (Love 1985). The measurement of breast microwave 

temperatures may be used to determine a volume average of tissue temperature to be 

used in place of the vein temperature. The estimation of blood perfusion and water 

content from measurement of microwave and surface temperatures depends primarily 

on the difference between these two temperatures over an avascular skin region 

indicating the tissue water content. This estimation of water content would require 

improved knowledge of the variation in the microwave dielectric and thermal properties 

of breast tissue with water content from those available here. The skin temperature 

gives an estimate the thermal resistance of the tissue. If the estimated water content 

were used to determine the thermal conductivity then the blood perfusion rate could be 

found from the tissue thermal resistance.

The information gained from the modelling of the breast carried out here may be 

used to provide estimates of breast perfusion to be used in more accurate modelling of 

the breast. Osman and Afify (1984) have developed a three-dimensional mathematical 

model of the temperature distribution in a normal woman's breast using a finite element
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method. More accurate modelling of this nature will be appropriate when more detailed 

information about the vascularity in the breast is available.

6.7 Microwave thermography in patients with breast disease

An initial clinical trial of the use of microwave thermography in breast 

disease, involving around 300 patients, is currently being carried out with the Glasgow 

microwave thermography system at the Glasgow Western infirmary (Land, Fraser and 

Shaw, 1986). The microwave temperature increases over the breast lesions of 104 

patients relative to the contra-lateral area of the unaffected breast are shown in figure 

6.24. It can be seen that a wide range of temperature increases, with some as large as 

2.5 °C, have been measured. The temperature increase may be localised to the region 

over the lump or may be more widespread.

The infra-red thermographic findings in breasts with tumours include local or 

generalised increases in heat emission and increased vascularity. A number of possible 

causes for the temperature increase associated with malignant tumours have been 

proposed. Lawson and Gaston (1964) measured the temperature of blood flowing in 

the arteries supplying the breast, the temperature of the tumour and the temperature of 

the venous drainage from the tumour. They found that breast cancers were hotter than 

both the arterial supply and the venous drainage and that the blood flowing in the veins 

was hotter than that in the arteries. Similar results were found by Gautherie (1980) 

during surgical operations on breast cancer patients. This situation, similar to that found 

in the kidneys where the renal vein is normally hotter than the renal artery, implies that 

tumours have a very high metabolic rate and produce a large amount of heat. This 

increased heat production above that of the surrounding tissue has often been explained 

as the cause of the temperature rise measured by infra-red and microwave 

thermography. The arterial temperatures measured by both Lawson and Gautherie were 

around 34 #C for the lateral thoracic artery and 32 *C for the internal mammary artery. 

These temperatures are extremely low for arterial blood, especially considering that the
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arterial supply to the breast is deep and the measurements have been questioned by 

Love (1980), who stated that "the arterial blood temperatures that I am aware of in our 

surgery department and elsewhere generally runs at around 37-37.5 #C." The arterial 

temperatures measured by Lawson and Gaston, and Gautherie, would suggest that the 

arterial blood supply is at the same temperature as the surrounding tissue and does not 

therefore act as a source of heat. This seems unlikely and the calculations of Chen 

(1985) showed that blood flowing in the arteries does not reach equilibrium temperature 

with the surrounding tissue.

In order to show the expected temperature rise at the skin surface due to a 

tumour which is more metabolically active than its surroundings Draper and Boag 

(1971 a,b) have calculated the effects at the skin surface due to conduction of heat from 

a heat source in the tissue. Their results show that the thermal changes observed at the 

skin surface by infra-red thermography are often too large to be be due only to 

increased metabolism of the tumour. Torell and Nilsson (1980) have studied 

theoretically the increase in skin temperature due to veins at 37 #C approaching the 

surface from deeper tissue, and found skin temperature increases comparable with 

those found associated with malignancies in clinical situations using infra-red 

thermography. These theoretical studies show that the "hot spots" seen by infra-red 

thermography in breasts with cancer are not due to an increased metabolic heat 

production in the tumour but to an effect of the tumour on the blood flow in the breast 

tissue. This is in agreement with the measurements of Beaney at al (1984) who found 

that the blood flow in tumour tissue is significantly greater than that in normal tissue. 

Beaney also did not find a significant increase in the oxygen metabolic rate of tumour 

tissue. Furthermore, if it is assumed that the blood flow does act as a supply of heat to 

the breast tissue then equation (6.4.3) can be used to approximately describe the 

temperature distribution with depth in the breast tissue and it can be seen that the 

maximum temperature increase, AT, due to an increase in metabolic heat production, 

AQ, is
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AT = ^ ~  (6.7.1)
Wbcb

It has already been shown in (5.7.1) that the rate of metabolic heat production is 

related to the blood perfusion rate by the equation

Q = 189 Wbd (5.7.1)

and so the maximum possible increase in temperature assuming that all of the oxygen 

in the arterial blood supply (20 ml/ 100 ml) is extracted is 1 #C (Love 1985). Figure 

6.24 shows that temperature rises greater than this have been measured by microwave 

thermography and so an increased metabolic rate in tissue cannot alone be the cause of 

the observed temperature increases.

The calculations of Draper and Boag (1971 a,b) and Torell and Nilsson (1980) 

indicate that hot blood flowing in veins near the skin surface will cause an infra-red 

temperature increase which becomes more diffuse as the depth of the vein increases. 

The microwave temperature, however, being an average temperature of a volume of 

tissue, will not indicate the skin vasculature and local temperature increases due to hot 

blood flowing in veins will not cause a significant change in the microwave 

thermographic pattern. This can be seen by referring to the infra-red and microwave 

measurements on the normal subjects. In subject 9 there are large temperature peaks in 

the infra-red pattern, most probably due to veins, but these are not reflected in the 

microwave pattern. The temperature increase observed by microwave thermography 

must therefore be due to increased blood flow in and around the region of the tumour 

increasing the supply of heat to the tissue. A contribution to this increase may be due to 

an increase in heat production due to the tumour metabolism.

6.8 Experimental determination of breast temperatures in patients with breast disease

Microwave and infra-red temperatures were measured on 16 patients with breast 

disease between the ages of 54 and 71. The measurements were carried out as on the 

group of normal volunteers and the room temperature was again around 25 *C. It was
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found that within the accuracy of the measurements it was not possible to determine, by 

comparison of microwave and surface temperatures, a consistent difference between the 

breast water content of this older group and that of the younger group. This can be seen 

from figure 6.25 where the minimum microwave and surface temperatures are plotted 

for the younger group of women and for the normal breast of the older group.

The temperature patterns observed in this group were, except in one case, either 

pattern A or pattern B in the normal breast. This is consistent with the results of Draper
II M

and Jones who found less than 10% of normal women over 50 had warm breasts.

In breasts containing malignant tumours flat temperature profiles were 

observed, suggesting a high perfusion, while the normal breast often had the "dipping" 

profile of group A. An example of this is shown in figure 6.26. The left breast contains 

a large tumour of maximum diameter 5.5cm in the upper outer quadrant of the breast, 

which is intruding into the skin surface. The breast temperatures in the right breast are 

consistent with a low blood perfusion of around 0.2 kgm^s*1, while the left breast 

lower level temperatures indicate a perfusion of about 2 k g n rV 1 and the perfusion in 

this breast at the upper level, over the malignancy, is greater than this.

Figure 6.27 shows the temperature profiles, at 2cm above nipple level, of a 

woman with a malignant tumour of maximum diameter 2cm in the left breast. The 

temperature profile of the normal right breast is that of pattern B and by* comparison 

with the model the blood perfusion is around 1 kgnr3s_1. The numerical model, with 

70% water content breast tissue and a blood perfusion rate of 1 k g n rV 1’ was 

modified to include a 2 cm square region of increased perfusion representing the 

malignancy. The blood flow in the tumour was assumed to be 5 k g n rV 1 and the 

thermal conductivity and microwave penetration depth were taken to be the same as that 

of the surrounding tissue. The calculated microwave and surface temperatures from this 

model are shown in figure 6.28, together with the temperature profiles for this breast 

without a tumour region. It can be seen that the localised increase in perfusion gives 

rise to a local temperature increase, unlike that observed. The temperature increase
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Figure 6.28 Modelled microwave and surface temperatures for 70% water content 
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observed indicates that the increase in perfusion is over a larger region than that of the 

tumour. The temperature profiles measured in the lower part of the breast do not show 

a large difference between the left and right breast and the change in perfusion does not, 

therefore, extend over the entire breast.

An important factor to consider in assessing the temperature increase over a 

malignancy is the level of perfusion in the normal breast. A woman with a low 

perfusion rate in the normal breast may have a much larger temperature rise between the 

the normal breast and that containing the malignancy than a woman with the same type 

of malignancy and the same perfusion rate in the affected breast but with a higher 

perfusion rate in the normal breast.

The microwave and infra-red temperatures of a woman of 30 with a 

fibroadenoma in her right breast are shown in figure 6.29. It can be seen that the 

temperatures here are those of pattern C and no abnormality is observed.

Microwave thermographic measurements may be used to estimate quantitatively 

the changes in blood perfusion which occur in breasts with malignant tumours. By 

comparison of the temperatures in the affected and the normal breast the extent of this 

perfusion change may be determined. This information may be of use in prognosis of 

cancer patients and in treatment monitoring as well as in diagnosis.
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Chapter 7 - Microwave Thermography in Rheumatology

7.1 Introduction

This chapter discusses the potential role of microwave thermography in the 

assessment of disease activity in rheumatology. Present methods of assessment are 

described and compared. Measurements of microwave and infra-red temperatures of 

normal and arthritic knee joints are compared with modelled temperatures and used to 

estimate the physiological changes in diseased knee joints which can be determined by 

thermographic methods.

7.2 Disease assessment in rheumatology

In patients suffering from rheumatic diseases there is a need to quantitatively 

assess the activity of the disease, most particularly in order to monitor objectively the 

patient's response to treatment. A large number of rheumatic diseases, including 

rheumatoid arthritis and ankylosing spondylitis, are inflammatory diseases and the 

measurement of inflammatory activity is therefore extremely important in assessment of 

these diseases. Inflammation, however, involving multiple factors such as temperature 

rise, pain, redness, swelling and stiffness, is known to be extremely difficult to 

measure, both in clinical practice and in laboratory tests. Consequently, the lack of any 

measurement which can accurately reflect disease activity has led to the development of 

a large number of methods of assessment. At present these include clinical 

assessments, laboratory tests, radionuclide measurements and infra-red thermography. 

The use of microwave thermography in this field is currently being investigated.

Clinical assessment involves measurement of joint tenderness, grip strength, 

joint circumference, morning stiffness and range of movement. The patient's own 

assessment of pain is quantified, most commonly using a visual analogue scale. Certain 

laboratory tests reflect to some extent the severity of joint inflammation but these play a 

relatively small part in assessment because of the very indirect relationship between 

these tests and the discomfort of the patient.
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Radionuclides can be used to quantify factors related to joint inflammation either 

by measurement of the rate of clearance after intra-articular injection or by measurement 

of the rate of accumulation over a joint following intravenous administration. The most 

frequently used radioisotopic technique is 99m Tc pertechnetate uptake, described by 

Dick et al (1970). A correlation between pertechnetate uptake and clinical assessment 

has been confirmed by a number of workers (Dick and Grennan 1976; Haataja et al 

1975; Paterson et al 1978); De Silva et al (1986), although Huskisson (1973) did not 

find such a correlation.

Since inflammatory activity causes an increase in the tissue temperature 

thermographic methods can also be used and infra-red techniques have been developed 

with the aim of providing a reliable quantitative assessment of disease activity. The use 

of infra-red thermography in the assessment of disease activity has been compared with 

radioisotopic and clinical methods in a number of studies. This form of comparison is 

necessary since, without invasive investigation of the inflamed tissue, it is not possible 

to directly determine the absolute merit of any one assessment technique.

The relationships found between thermographic measurements and clinical 

assessment have been variable. This is probably due to differences in examination 

technique and difficulties in the quantitative interpretation of the results of infra-red 

thermography. A number of forms of interpretation have been employed. Collins et al 

(1974) have proposed a Thermographic Index (TI) which is the mean skin temperature 

over the region of the joint of interest. A good correlation between this value and 

clinical assessment has been found by Bacon et al (1976). Paterson et al (1978) 

calculated the mean temperature of a 10 cm square drawn on the knee, which is closely 

related to the Thermographic Index of Collins et al, but found considerable variations in 

this value between patients and with time in a single patient. As a result the difference in 

mean temperature between each subject's knees was used. No significant correlation 

was found in this study between the thermographic assessment and the subjective pain 

assessment or the physician's assessment of joint inflammation. Huskisson (1973)
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used the maximum temperature over the joint as a measure of inflammation and did not 

find a significant correlation between this value and clinical assessment. In this 

investigation, however, although the ambient temperature was kept constant for a single 

set of measurements on an individual patient, it varied by as much as 3.5 °C between 

each set and this probably accounts for the lack of correlation. Salisbury et al (1983) 

have proposed the use of a heat distribution index (HDI) which is related to the pattern 

and spread of temperature over a joint. This form of quantification overcomes the 

difficulties in standardization of absolute infra-red temperatures. Salisbury et al found 

that this index correlated better with clinical assessment than the Thermographic Index. 

In a further study (De Silva et al, 1986) this heat distribution index was shown to 

correlate significantly with both pertechnetate uptake and all components of clinical 

assessment except pain. The correlations between pertechnetate uptake and clinical 

assessments were, however, generally better than those between the heat distribution 

index and clinical assessments.

It appears that for routine assessment the estimates of inflammation by patient 

and clinician give satisfactory results which are as accurate as those of the current 

objective tests. The value of the objective tests provided by thermography and 

radionuclides is in drug assessment where stability, operator independence and 

sensitivity to change are required. In this area pertechnetate uptake appears to be more 

successful than infra-red thermography. Infra-red thermography has the advantage, 

however, of being easier to perform and avoiding the use of a radioisotope.

The major difficulty with infra-red thermography, however, is the stability of 

the skin temperature. The skin temperature is very sensitive to changes in the 

environmental conditions and in order to achieve accurate, reproducible results it is 

extremely important to have a standardised examination procedure. The most important 

factor of which is a constant ambient temperature with a uniform, constant airflow. 

This requirement of a strictly controlled environment is most probably the reason for 

the success of infra-red thermography at Bath, where a number of drug studies have
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been carried out using this technique (Bird, Ring and Bacon, 1978; Ring, 1980), and 

the difficulties encountered by other researchers in using absolute infra-red temperature 

measurements in disease assessment.

Microwave thermography, however, can be used to determine a volume average 

of joint temperature. This is less sensitive to changes in environmental conditions since 

it measures the temperature of the subcutaneous tissues as well as the skin temperature. 

This method also has the advantage of providing a more direct indication of the 

temperature deeper in the joint than that given by infra-red thermography.

An invasive method of direct intra-articular temperature measurement, involving 

insertion of a thermocouple into the joint, has been developed by Haimovici (1982) and 

carried out on 316 normal and 575 diseased joints. Skin temperature was measured 

around the joint before determination of the intra-articular temperature and patients with 

a highly increased local skin temperature were excluded from the trial. The comparison 

of intra-articular temperature with skin temperature showed that the skin temperature 

often bore no relation to the temperature in the joint itself. A single measurement of 

intra-articular temperature was able to differentiate a healthy joint from a pathologically 

altered or injured one through a temperature increase. In the knee joint, for example, the 

mean normal temperature was 32.8±1.1 #C, while in joints with active osteoarthritis the 

mean temperature was 36.1±1.2 #C, in rheumatoid arthritis 35.8±1.5 ’C, and in 

posttraumatic arthritis 35.2±1.4 #C. In patients with latent osteoarthritis the temperature 

in the joint was not significantly different from that in the normal joints. These internal 

measurements verify that the internal temperature in a diseased joint is increased above 

that in a healthy joint. This initial study did not include investigation of the correlation 

between joint temperature and other assessments of disease activity and so did not 

indicate the sensitivity of this determination of joint temperature as a measurement of 

disease activity.
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7,3 Microwave thermography in rheumatology

In a current evaluation of disease assessment using microwave thermography 

longitudinal scans of the knee, from 16 cm above the centre of the patella to 8cm 

below, have been taken on 44 knees of patients with rheumatoid arthritis and 8 normal 

knees (Fraser et al, 1987). Typical microwave thermographic profiles for a normal and 

an inflamed knee are shown in figure 7.1. In the normal knee a cool region is seen over 

the patella. This is also observed with infra-red thermography (Salisbury et al, 1983). 

In patients with inflammatory arthritis an increase in temperature over the patella is 

observed giving a flat temperature profile. The microwave temperature measurements 

were classified by using twice the amplitude of the first oscillatory term obtained by 

Fourier analysis of the curve. This "microwave thermographic index" was found to 

correlate significandy with a clinical assessment of pain and of synovitis.

The possible causes of this increased joint temperature are, as in the case of 

breast cancer, an increase in metabolic heat production and an increase in perfusion.

The maximum temperature increase which can be caused by increased metabolic 

heat production alone is approximately 1 *C (see section 6.7), and so the observed 

temperature increases, which may be much greater than this, must be due to increased 

perfusion. The increased perfusion will have a much larger effect on the temperature 

distribution than any increase in metabolic heat production.

In an inflamed knee joint the most likely site of an increase in perfusion is the 

synovial membrane (Salisbury et al, 1983), but the problem of measurement of 

synovial blood flow has not yet been solved (Simkin, 1989). The synovial membrane, 

also known as the synovium, is the tissue lining the narrow cavity (joint space) 

containing the lubricating synovial fluid (see figure 7.2). The use of xenon clearance as 

a technique for the study of blood flow in this synovial tissue has been abandoned 

following recognition of the fact that the recorded clearance of the isotope was from 

perisynovial fat rather than from the joint space (Phelps et al, 1977). However, in 

rheumatoid arthritis and degenerative joint disease, the clearance of ionic sodium and
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iodine is consistently increased above the rates of clearance in normal knees and has 

been found to correlate well with clinical signs of synovial inflammation. This effect 

has been attributed to an enhanced synovial blood flow in active synovitis (Simkin and 

Nilson, 1981).

The increased temperature observed in inflamed joints is, therefore, most 

probably due primarily to an increase in blood perfusion in the synovium.

7.4 Modelling of temperature distributions in the knee joint

The method of evaluation of the microwave temperature profile measured over 

the knee joint, which has been applied in the study of disease assessment in patients 

with rheumatoid arthritis (Fraser et al, 1987) depends primarily on the microwave 

temperatures measured over the quadriceps muscle at the beginning of the scan and 

over the centre of the patella. The expected temperature distributions in both these 

regions have been modelled by solution of the heat transfer equation (4.2.1). The 

expected microwave and surface temperatures have been determined and compared with 

measurements of microwave and infra-red temperature measurements on normal 

patients and patients with rheumatoid arthritis.^

The temperature distribution over the quadriceps muscle, for a range of blood 

perfusion values in the muscle tissue, was determined analytically by considering this 

region of the limb to be a homogeneous cylinder of muscle, of radius 8 cm, 

surrounded by a 2 mm layer of fat. This is a reasonable approximation since in this 

region only a small percentage of the leg is composed of the femoral bone. The 

expected temperatures have also been calculated without inclusion of the fat layer.

At the knee joint the temperature distribution was calculated numerically, using 

a finite difference method, from the model shown in figure 7.2; a two-dimensional 

representation of the cross-section of the knee joint. The accuracy of the numerical 

solution was determined by comparison of the analytical and numerical solutions for a 

circle of equivalent dimensions to the knee joint model.
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Forty-six pairs of microwave and infra-red temperature measurements over the 

left and right quadriceps of 12 normal subjects are shown in figure 7.3. The ambient 

temperature at which these measurements and subsequent knee joint temperature 

measurements were made was between 18 and 23 *C and calculated temperatures were 

determined with an environmental temperature of 20 °C. The calculated microwave and 

surface temperatures over the quadriceps muscle, both with and without a fat layer, are 

also shown in figure 7.3. The agreement between the measured and calculated 

microwave and surface temperatures indicate that the appropriate value for the effective 

attenuation in muscle tissue has been chosen. The muscle blood flow indicated by the 

modelled temperatures is in the range 0.1 to 0.9 kgm'3s_1. This is in reasonable 

agreement with the results of Lassen (1964) who found blood perfusion rates in the 

human calf muscle of 0.6±0.3 kgnrV1 using radioisotopic clearance methods. The 

lower blood flow values indicated by the modelled temperatures are perhaps due to the 

effects of skin blood flow, which, if lower than muscle blood flow reduce the effective 

blood flow of the tissue.

Figure 7.4 shows the results of 52 measurements of microwave and surface 

temperatures over the centre of the patella of the same 12 normal subjects under the 

same conditions. The microwave and surface temperatures calculated from the 

numerical model for different values of blood flow in the synovium are also shown in 

this figure.

The measured temperatures are generally consistent with a blood flow in the 

synovium of between 0.2 and 2.0 k g n rV 1. The calculated temperature distribution 

through the knee joint for this range of perfusion values in the synovium is shown in 

figure 7.5. The range of intra-articular knee joint temperatures, measured by Haimovici 

in normal joints was 32.8±1.1 °C. This temperature should be equal to the modelled 

temperature in, or close to, the synovium. Figure 7.5 indicates that modelled blood 

perfusion rates in the synovium of between 1 and 2 kgm V 1 are consistent with this 

temperature. A number of measurements, however, indicated blood flows in the
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synovium which were lower than this, and hence indicated lower intra-articular knee 

joint temperatures. Simultaneous measurement of microwave, infra-red and invasive 

intra-articular temperatures are required to verify the relationship between microwave 

and infra-red temperatures and synovial blood flow indicated by the numerical model.

The calculated temperature distribution through the knee joint is dependent on 

the thickness of the synovium. In normal joints more accurate knowledge of the 

anatomical structure of the knee joint will lead to improved modelling. In diseased 

joints the volume of synovium is often increased (Simkin, 1989) and this increased 

volume alone can result in an increased temperature to to the increase in the overall 

blood supply to the tissue. If the increased volume is accompanied by an increase in 

perfusion rate this will lead to a further increase in the knee joint temperature.

Figure 7.6 shows the measured microwave and infra-red temperatures over the 

centre of the patella of 13 knee joints of patients suffering from rheumatoid arthritis of 

varying degrees of activity from inactive to very active. Figure 7.7 shows the 

corresponding temperatures over the quadriceps muscles of the same rheumatoid 

patients. The muscle temperatures are similar to those of the normal group with 

indicated muscle blood flows of between 0.1 and 0.5 kgm'3s_1. The microwave and 

infra-red temperatures over the patella are similar to those of the normal joints for 

patients with inactive disease, while for patients with active disease the temperatures are 

much higher. The surface temperatures for these patients are higher than expected from 

the model and this is most probably due to an increased blood flow through the skin 

removing the excess heat from the jo in t. The microwave temperatures of these patients 

were between 32.7 and 33.6 #C. These temperatures would require a synovial 

perfusion of greater than 3 kgnrV1 (corresponding to a microwave temperature of 

32.2 °C) if the volume of synovium is assumed the same as that in the normal group. A 

blood perfusion rate of 5 kgnrV1 in the synovium would produce a microwave 

temperature of 33.2 #C. For twice the volume of synovium the microwave temperature 

at 3 kgnrV1 blood perfusion is 33.8 °C. The calculated maximum temperature in the
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synovium for the normal thickness of synovium at 3 k g n rV 1 is 34.8 #C and at 5 

kgnr3s_1 this temperature is 35.9 °C, while for twice this thickness of synovium the 

maximum temperatures in this tissue at perfusion rates of 1.0 and 3.0 k g n rV 1 are 

35.1° and 37 °C respectively. These temperatures are in agreement with the value of 

35.8±1.5 °C intra-articular temperature measured by Haimovici on patients with active 

arthritis. The synovium blood perfusion rate in patients with active rheumatoid arthritis 

is therefore consistent with modelled values of greater than 1 kgm V 1.

In patients with rheumatoid arthritis the microwave temperature increase above 

the level found in normal joints may be explained in terms of a perfusion increase in the 

synovium accompanied by an increase in the volume of this tissue. In order to 

determine more accurate quantitative estimates of the perfusion in this tissue it would be 

necessary to extend the numerical modelling of the temperature distribution to three 

dimensions and to have accurate anatomical knowledge of the of patient's knee joint.
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Chapter 8 - Conclusions
is a technique which can be used to 

Microwave thermograph^obtain information about the temperature of internal

body tissues by measuring the effective source temperature of the microwave radiation

emitted in a certain frequency range by the tissues of the body. The measured

microwave temperature is a weighted volume average of the tissue temperature and is

influenced by a large number of factors which include the measurement frequency, the

dielectric properties and anatomical structure of the body tissues and the characteristics

of the radiometer antenna as well as the temperature distribution in the tissue. For

medical applications it is the tissue temperature distribution which is the quantity of

interest since abnormal distributions indicate sites of disease. Alterations in the

temperature distribution from that found in normal, healthy tissue are due to changes in

the tissue vascularity and metabolic activity.

The temperature distribution in tissue may be estimated by modelling the heat

transfer processes which occur in the tissue. The expected microwave temperature may

be calculated from the modelled temperature distribution, provided that the weighting

function is known, and compared to clinically obtained temperatures. The most

important parameters in this modelling are the water contents of the tissues present and

the blood perfusion rate through these tissues. This is because, with the exception of

bone, the water content determines both the tissue microwave penetration depth and the

thermal conductivity, while the blood perfusion, with the exception of the major

organs, determines the heat carried to the tissue and overwhelms the effect of metabolic

heat production. The modelling of the temperature distribution is limited by the

accuracy of the model of biological heat transfer, which itself is limited by knowledge

of the microcirculation. Since the microwave temperature is measured over a volume of

centimetric dimensions it is reasonable to use the heat transfer equation of Pennes

(1948) and to assume that each tissue has homogeneous properties which are equal to

the average properties.

For the antenna used in the Glasgow microwave thermography system the
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weighting function in a single region of tissue may be described by an exponential with 

an effective penetration depth which is less than the plane wave penetration depth 

(Mimi, to be published). This allows the weighting function to be determined from 

plane wave analysis using appropriate effective penetration depths for each tissue. More 

accurate determination of the weighting function is possible by suitable electromagnetic 

modelling using numerical methods, but the practical benefits to be gained from this 

improved accuracy, considering the uncertainty in the dielectric properties of tissue and 

the heterogeneity of the tissue, are likely to be small.

This approach to determining temperature distributions in tissue by solution of 

the direct problem is particularly suited to the study of breast disease using microwave 

thermography. This is due to the relatively simple anatomical structure. The breast may 

be considered to be a region of homogeneous tissue supported by an inner region of 

well-perfused tissue which represents the core of the body. A set of modelled 

microwave temperature profiles may be produced which represent different values of 

blood perfusion in the breast and different breast tissue water contents. The shape and 

size of the breast is relatively unimportant since the temperature distribution tends to the 

limit of the single region temperature distribution as the thickness of breast tissue 

increases. The largest variation in microwave temperature occurs over thin regions of 

breast tissue.

Additional information may be provided by measurement of the skin 

temperature using infra-red or contact thermography. The surface temperature is 

calculated by the modelling of the tissue temperature distribution and the theoretical and 

experimental values of this may also be compared. The microwave and surface 

temperatures allow estimation of the two unknown properties of the breast tissue; water 

content and blood perfusion.

The modelled temperature profiles across the breast agree well with those 

observed clinically. In addition to the quantitative values of these temperatures, the 

temperature pattern also indicates the level of perfusion in the breast. Three forms of
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pattern have been identified for the microwave temperature profiles. These patterns 

represent a continuous progression from low to high blood perfusion in the breast. This 

is confirmed by the corresponding infra-red temperature profiles and the observations 

of Draper and Jones (1969) who carried out full infra-red thermographic examinations 

on a large number of women. It appears that as the perfusion in the breast increases the 

vascularity observable by infra-red thermography increases. This is consistent with 

venous blood making increasing use of the more superficial channels of drainage, in 

order to transfer more heat to the surface, as the increasing perfusion in the breast tissue 

supplies more heat to the breast.

In normal young women the perfusion was found to be in the range 0.2 - >2 

k gnr3s_1. At high values of perfusion, greater than 2 k g n rV 1, the microwave and 

surface temperatures both change gradually as perfusion is increased, making 

estimation of perfusion in this region difficult. At lower values of perfusion, however, 

both the microwave and surface temperatures are considerably more sensitive to 

changes in perfusion. This means that the accuracy in estimation of perfusion is 

relatively greater in tissues with lower blood perfusion rates.

In post-menopausal women the water content of the normal breast tissue, 

indicated by the microwave and surface temperatures, showed no difference from that 

of the younger pre-menopausal women. Any increase in the amount of fat present in the 

post-menopausal breast is not therefore large enough to cause an observable increase in 

the microwave penetration depth. A similar range of perfusion values to that in the 

younger women was found in the normal breast tissue of the post-menopausal women 

indicating that the level of perfusion in the breast is not determined solely by the 

menstrual cycle.

In breasts with malignant tumours the temperature rise observed is almost 

certainly due to an increase in perfusion. The area of increased perfusion may be either 

localised to the site of the tumour or may be more widespread. In the case of a 

widespread perfusion increase the temperature profile of the affected breast may be
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widely different from that of the normal breast. The difference in dielectric properties of 

the very high water content tumour tissue from the surrounding normal tissue has an 

insignificant effect compared to blood perfusion since the effective microwave power 

penetration depths are not greatly different.

Using comparisons with modelled temperatures microwave thermographic 

measurements on the breast may therefore be used to estimate perfusion both in normal 

and diseased breasts. This technique may have applications in the study of perfusion 

changes associated with the menstrual cycle or with malignant disease.

In clinical detection of breast cancer the most effective use of this technique is 

comparison of the temperatures of the left and right breast. The difference in 

temperature between breasts, which is due to perfusion changes, should be considered 

as well as differences in the temperature patterns. Infra-red thermography will give 

complementary information to microwave thermography since it reflects the perfusion 

in the skin. This skin perfusion is dependent, however, on the environmental 

conditions as well as the physiological conditions in the underlying tissue.

In rheumatoid disease measurement of microwave temperatures over the knee 

joint reflects disease activity. The increased temperature observed is most probably due 

to increased perfusion in the synovium and the increased volume of this tissue. 

Comparison of modelled microwave and surface temperatures with those obtained on 

both normal and arthritic knee joints indicated that these effects could account for the 

temperatures observed.

Infra-red thermography has already shown that a significant relationship exists 

between joint temperature and disease activity. Microwave thermography, since it 

indicates more directly the internal temperature in the joint, should provide an improved 

measure of disease activity. Furthermore, microwave thermography is an easier 

technique to apply since it does not require such rigorous control of the environment.

The aim of this study was to develop computer modelling techniques for 

microwave thermography. It has been found that the microwave thermographic
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measurements on both the breast and the knee joint primarily reflect the level of 

perfusion in the breast tissue and the synovium respectively. Continued clinical studies 

are required to determine the significance of these changes. Further studies on the 

microwave dielectric and thermal properties of tissue, and on antenna patterns, will 

improve the accuracy with which perfusion estimates can be made.

Microwave thermography techniques may be improved by correlation 

radiometry, using more than one antenna, and multi-frequency radiometry, where 

measurements are made at more than one frequency. The stability of single frequency 

microwave thermographic measurements could be improved by use of a 

thermostatically temperature controlled antenna, which could be heated to close to skin 

temperature to further reduce the the thermal disturbance caused by the contact of the 

antenna with the skin surface.
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