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Abstract. Raman spectroscopy is a potentially important clinical tool for real-time diagnosis
of disease and in situ evaluation of living tissue. The purpose of this article is to review the
biological and physical basis of Raman spectroscopy of tissue, to assess the current status of the
field and to explore future directions. The principles of Raman spectroscopy and the molecular
level information it provides are explained. An overview of the evolution of Raman spectroscopic
techniques in biology and medicine, from early investigations using visible laser excitation to
present-day technology based on near-infrared laser excitation and charge-coupled device array
detection, is presented. State-of-the-art Raman spectrometer systems for research laboratory and
clinical settings are described. Modern methods of multivariate spectral analysis for extracting
diagnostic, chemical and morphological information are reviewed. Several in-depth applications
are presented to illustrate the methods of collecting, processing and analysing data, as well as
the range of medical applications under study. Finally, the issues to be addressed in implementing
Raman spectroscopy in various clinical applications, as well as some long-term directions for future
study, are discussed.

(Some figures in this article appear in colour in the electronic version; see www.iop.org)

Contents

1. Introduction R2

2. Application overview R6
2.1. Excitation wavelength strategies for biomedical Raman spectroscopy R7
2.2. Visible excitation R7
2.3. Near-IR excitation: FT Raman spectroscopy R8
2.4. Near-IR excitation: CCD based dispersive Raman spectroscopy R9
2.5. UV resonance Raman spectroscopy R11

0031-9155/00/020001+59$30.00  © 2000 IOP Publishing Ltd R1



R2 E B Hanlon et al

3. Instrumentation for biomedical Raman spectroscopy R12
3.1. Laboratory Raman system /Raman microprobe for tissue specimens R13
3.2. Laboratory Raman system for blood analytes R14
3.3. Clinical Raman system R15
3.4. System components R16

4. Modelling methods R19
4.1. Quantitative measurements R20
4.2. Disease classification R23

5. Diagnostic applications of Raman spectroscopy: case studies R24
5.1. Atherosclerosis R24
5.2. Breast cancer R34
5.3. Alzheimer’s disease R39
5.4. Raman analysis of blood analytes R44

6. Conclusion: some observations and future directions R50
6.1. Accomplishments R50
6.2. Clinical implementation of Raman spectroscopy R51
6.3. Future directions R51

1. Introduction

The physician’s ability to diagnose disease is enhanced by the timely availability of objective,
quantitative diagnostic information. Successive advances in biomedical technology have been
driven by the need to provide such information.

Novel biomedical applications of optical spectroscopy, such as fluorescence, reflectance
and Raman scattering, can provide information about the composition of tissue at the
molecular level. Of these techniques, Raman spectroscopy can provide the most detailed
information about the chemical composition of the tissue under study. Since the progression
of disease is accompanied by chemical change, Raman spectroscopy can provide the physician
with valuable information for diagnosing disease. And since light can be delivered and
collected rapidly via optical fibres, which can be incorporated into catheters, endoscopes,
cannulas and needles, as necessary, Raman spectroscopy can be performed in vivo in real
time.

Diagnostic applications of Raman spectroscopy currently under investigation are wide-
ranging. For example, Raman spectroscopy may be used to monitor blood analytes non-
invasively. It may be used to perform minimally invasive, real-time, tissue diagnosis in
vivo, in cases where biopsy cannot be performed readily, such as coronary artery disease
and Alzheimer’s disease, or where a high incidence of false positive screening tests leads to
unnecessary biopsy procedures, as in breast cancer. The purpose of this article is to discuss
the potential of Raman spectroscopy to provide real-time, objective, quantitative diagnostic
information in vivo.

Chandrasekhara Venkata Raman (figure 1), discoverer of the Raman effect, was born on 7
November 1888, in Tiruvanaikkaval, Madras, India, and died on 21 November 1970. Although
he was a brilliant student, higher education was considered below his caste, and so in 1907 he
went to Calcutta to join the Indian Financial Civil Service as Assistant Accountant General.
A self-made scientist with intense drive, Raman worked early mornings and evenings in the
underutilized facilities of the Indian Association for the Cultivation of Science, in Calcutta,
to study problems in acoustics. Conducting research independently for nearly 10 years, he
established his reputation and was appointed professor at the University of Calcutta in 1917.
On his first voyage outside India, to Oxford in 1921, he performed some experiments and
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Figure 1. Professor Sir C V Raman (by permission of Professor N Kumar, Raman Research
Institute).

published a note in Nature entitled, “The colour of the sea’, in which he showed that the colour
of the ocean is independent of sky reflection or absorption, and is instead due to scattering. So
began his scientific research into the scattering of light, the work that led to his discovery of the
Raman effect in 1928, for which he was awarded the Nobel prize in record time, just two years
later. He was the first Asian, and the only Indian, to receive this award. Among scientists,
Raman is best known for his strikingly ingenious yet simple experimental design, the lucidity
of his ideas, and the depth of his observations.

The Raman effect is a fundamental process in which energy is exchanged between light
and matter (see, for example, Diem 1993). When light impinges on a substance it can be
scattered or absorbed. Most of the scattered light will have the same frequency as that
of the incident light. However, a small fraction of the incident light can go into setting
molecules in the material into vibration. The energy for this must come from the incident
light. Since light energy is proportional to frequency, the frequency change of this scattered
light must equal the vibrational frequency of the scattering molecules. This process of
energy exchange between scattering molecules and incident light is known as the Raman
effect.

From the energy level point of view, the process of Raman scattering can be viewed as the
transition of a molecule from its ground state to an excited vibrational state, accompanied by
the simultaneous absorption of an incident photon and emission of a Raman scattered photon.
This is illustrated in figure 2.

The Raman scattered light can be collected by a spectrometer and displayed as a
‘spectrum’, in which its intensity is displayed as a function of its frequency change. Since
each molecular species has its own unique set of molecular vibrations, the Raman spectrum
of a particular species will consist of a series of peaks or ‘bands’, each shifted by one of the
characteristic vibrational frequencies of that molecule.

As an example, the Raman spectrum of cholesterol, a representative biological molecule,
is shown in figure 3. The spectrum is a plot of the scattered light intensity versus its change
in frequency, relative to that of the incident light. Raman frequency shifts are conventionally
measured in wavenumbers (cm™'), a convenient unit for relating the change in vibrational
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Figure 2. Raman effect: UV, visible and near-IR excitation strategies. Sp, ground electronic state;
81 and Sy, excited electronic states. The horizontal lines indicate vibrational energy levels. The
diagram shows how a molecule in the ground state, Sp, can make a transition from the lowest
vibrational level to the first excited vibrational level by means of Raman scattering. Black up-
arrows indicate the frequency of the laser excitation light; black down-arrows indicate frequency of
the Raman scattered light. The difference in length between black up- and down-arrows indicates
molecular vibration frequency. Grey arrows indicate frequency of the fluorescence light. Notice that
Raman scattering at different excitation wavelengths, UV, visible and near-IR, produces the same
change in vibrational energy; therefore the excitation wavelength can be chosen to avoid spectral
interference by fluorescence. For visible excitation, the fluorescence light frequency and Raman
scattered light frequency are similar. As discussed in section 2.1, this leads to intense fluorescence
background in visible excitation Raman spectra. Near-IR light has too low a frequency to excite
fluorescence, while for UV excitation, the fluorescence light frequency is much lower than the
Raman scattered light frequency. Hence, fluorescence background in the Raman spectrum can be
reduced by using UV or near-IR excitation.

energy of the scattering molecule to the change in frequency of the scattered light. One cm™!

equals 30000 MHz; this is typically 10000 times smaller than the frequency of the light
itself. Each band of scattered light in the cholesterol Raman spectrum is characteristic of
molecular vibrational motions, which, taken all together, are unique for cholesterol. For
example, the characteristic Raman peak at 1440 cm™! is due to the CH, and CH3 deformation
vibrations, and the peak at 1670 cm~! is due to C=C stretching vibrations. If a sample of
biological tissue contains cholesterol, these peaks will be present in its Raman spectrum. In
other words, the molecular structure and composition of a material under study is encoded
as a set of frequency shifts in the Raman scattered light. Thus, the Raman spectrum
can provide a ‘fingerprint’ of a substance from which the molecular composition can be
determined.

In Raman spectroscopy the incident light is often referred to as ‘excitation’ light, because
it excites the molecules into vibrational motion. Ultraviolet, visible and infrared light can each
be used for Raman excitation.

In general, Raman spectra of tissue are composed of relatively narrow bands, typically
10-20 cm™' in width, which exhibit the presence of many biochemicals. The relative
contributions of these biochemicals to the tissue Raman spectrum are proportional to their
relative abundance in the tissue. This is the basis for the quantitative nature of the information
Raman spectroscopy can provide for diagnosis. The quantitative nature of Raman spectra,
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Figure 3. Near-IR Raman spectrum of cholesterol indicating typical vibrational bands. The
background has been removed by subtracting a fourth-order polynomial fit to the raw spectrum, as
described in the text.

combined with the ability to provide unique fingerprints of the biochemicals present in tissue,
illustrate the potential of Raman spectroscopy to provide objective, quantitative diagnostic
information for tissue analysis.

Although Raman spectroscopy had been widely used for chemical and molecular analysis
for many years, its application to biomedical problems is relatively recent. Raman studies
of biological tissue have been facilitated over the past 10 years by advancing technology,
particularly in the areas of lasers and detectors. However, the real success of these studies at
providing insight into the molecular basis of disease and showing the potential for medical
diagnostic applications, has relied on advanced methods of analysing tissue Raman spectra.
In order to exploit the full potential of Raman spectroscopy, methods of analysis that employ
the full information content of the Raman spectrum, and not just the prominent peaks, must
be used. The problem of extracting the full, useful, diagnostic information that tissue Raman
spectra contain can be attacked at three related though distinct levels: statistical, chemical and
morphological:

(a) Statistical analysis: Up to now, much of the work in this field has relied largely on
empirical methods of analysis, such as correlating tissue type with prominent spectral
bands. However, mathematical methods such as principal component analysis can be
used to characterize the full range of spectral variations. The principal components can
then be fitted to the observed Raman spectral lineshape. Correlating the fit coefficients
with tissue type can be used to classify tissue by diagnostic category. In addition, features
of the principal components can be used as a guide in identifying key biochemical or
morphological constituents of the tissue or disease under study.
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(b) Chemical analysis: Raman spectroscopy can provide information about the chemical
composition of tissue. A Raman spectrum can be modelled as a superposition of the
spectra of its chemical constituents, thereby providing quantitative chemical information.
Chemical information is important, inasmuch as the onset of disease is accompanied by
biochemical changes, and Raman spectroscopy can be an excellent method for detecting
low level biochemical changes that may occur in either the cellular or extracellular
compartments of tissue. At present, few techniques are capable of providing detailed
in vivo biochemical analysis of tissues. Such techniques have an enormous potential, both
in diagnosing disease and in understanding its origins and evolution.

(c) Morphological analysis: Quantitative methods to extract information about the
microscopic constituents present in a tissue sample, i.e. the morphological structures,
are also possible. Pathologists make a tissue diagnosis by assessing the presence, absence
or relative abundance of such constituents, which include various types of cells, fibres,
mineral deposits etc. Raman spectroscopy has the potential to provide such morphological
information without tissue removal, in real time and in a quantitative and objective manner.
This very interesting area is worthy of further exploration.

The goals of this review are to describe the various methodologies for tissue analysis
and disease diagnosis using Raman spectroscopy. Statistical, chemical and morphological
methods of analysis will be discussed in a variety of organs. The review is organized as
follows: section 2 provides a general overview of the research in this field. Section 3 discusses
instrumentation for Raman systems, and section 4 then discusses methods of modelling and
analysis. Section 5 gives in-depth discussions of several applications, and is drawn from on-
going research in our own laboratory. Applications to the diagnosis of atherosclerosis, breast
cancer and Alzheimer’s disease and measurement of blood analytes are presented. Conclusions
and future prospects are discussed in section 6.

2. Application overview

Although the Raman effect was discovered over 70 years ago, Raman spectroscopy was not
employed as an analytical tool until the invention of the laser. The initial Raman spectra of
biological materials were measured with visible laser excitation, primarily using gas lasers.
The first interpretable laser-excited Raman spectrum of a native protein was obtained from
lysozyme by Lord and Yu (1970) at the MIT Spectroscopy Laboratory, using an He—Ne laser
as the excitation source. As the techniques for biological and biomedical applications evolved,
near-infrared (near-IR) laser excitation superceded excitation with visible light. This is because
tissue background fluorescence is reduced when near-IR excitation light is used and because
near-IR light can penetrate tissue deeply, of the order of millimetres, thus creating a ‘diagnostic
window’ into tissue due to its minimal absorption. Initial near-IR Raman spectroscopic
studies, in the early 1980s, almost exclusively employed Fourier transform (FT) spectrometers,
which use interferometric methods to spectrally analyse the light (Diem 1993). FT Raman
spectroscopy primarily uses 1064 nm light from an Nd:YAG laser as the excitation source,
and a cooled InGaAs detector. FT spectroscopy has the so-called multiplex advantage, which
allows all wavelengths to be collected simultaneously, and large light collection capability
(the ‘throughput advantage’), due to interferometric light collection. By working at 1064 nm
in the near-IR, background fluorescence is almost completely suppressed. However, InGaAs
detectors exhibit substantial noise, requiring long data collection times (typically 30 min) to
acquire high-quality Raman spectra. The advent of low-noise charge coupled device (CCD)
detector technology, highly efficient imaging spectrographs (which employ dispersion rather
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than interference to spectrally analyse the Raman scattered light) and compact semiconductor
laser excitation sources provided further impetus to applications of Raman spectroscopy for
disease diagnosis.

Current instrumentation for Raman spectroscopy is discussed in section 3. The present
section presents an overview of Raman spectroscopy for biomedical tissue analysis. The
medical applications of Raman spectroscopy have been reviewed by several authors (Ozaki
1988, Nie et al 1990, Mahadevan-Jensen and Richards-Kortum 1996, Schrader et al 1997,
Lawson et al 1997), and quantitative histochemical analysis for tissue diagnosis was reviewed
by Manoharan et al (1996) and Richards-Kortum and Sevick-Muraca (1996).

2.1. Excitation wavelength strategies for biomedical Raman spectroscopy

When visible excitation is used, tissue exhibits strong, broadband fluorescence that can obscure
the tissue Raman spectrum. Two strategies for reducing fluorescence interference are to use
near-IR excitation or UV resonance excitation (figure 2).

Fluorescence decreases very rapidly at longer excitation wavelengths. This is because the
lowest excited electronic states of molecules, the states from which fluorescence originates,
have energies corresponding to visible wavelengths, and so they cannot be excited by lower-
energy near-IR light. Therefore, most materials, including tissue, exhibit reduced fluorescence
emission as the excitation wavelength increases into the near-IR region. Thus, fluorescence
interference in tissue Raman spectra can be greatly reduced by using near-IR excitation. An
alternate strategy is to use excitation wavelengths in the ultraviolet (UV). As discussed in
section 2.5, background fluorescence is suppressed in tissue Raman spectra for excitation
wavelengths below about 270 nm. An additional advantage of UV excitation light is that it
can resonantly excite the electronic states of the molecule. In this case the Raman scattering
for certain vibrations is enormously enhanced, providing larger signals. Disadvantages of UV
resonance excitation are that the tissue penetration depth is of the order of microns, so this
technique is only applicable for probing superficial abnormalities, and that UV light at these
wavelengths can induce mutagenesis (Feld and Kramer 1991).

2.2. Visible excitation

Visible excitation Raman spectroscopy is particularly well suited for in situ cellular analysis
because of the relatively weaker fluorescence of individual cells compared with intact
tissue. Applications of Raman spectroscopy for cellular analysis were reviewed in 1986
(Butterfield 1986). Greve and co-workers used confocal Raman microscopy to examine
DNA in chromosomes (Puppels et al 1990, 1991b, 1994) and pigments in granulocytes
and lymphocytes, with very high spatial resolution (Puppels et al 1991a, b, 1993, Bakker
Schut et al 1997). In confocal microscopy, the optics are arranged so that only a small,
well-defined volume of tissue is sampled, thus giving rise to increased spatial resolution
and rejection of background light (see, for example, Turrell and Corset 1996). Oxygen
uptake in cells has been probed using spectral changes in haemoglobin modes (Hoey et al
1988). Employing argon ion laser-excited resonance Raman spectroscopy, they suggested
that erythrocytes from patients with rheumatoid arthritis take up oxygen faster but in a less
complete manner than those of normal patients. Spectral differences in normal and malignant
hepatocytes have been reported by Hawi ef al (1996). Larsson and Hellgren (1974) employed
Raman scattering with 488 nm excitation light to study blood plasma samples from several
patients, and observed differences in the carotenoid spectral regions between patients with
cancer and normal patients.
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Mineralized and collageneous tissues such as dentine (Rippon et al 1971), bovine Achilles
tendon (Freshour and Koenig 1975), cornea (Goheen et al 1978) and ocular lens (Farrell and
McCauley 1976, Yu et al 1985) were the first complex tissue matrices to be studied by visible-
excitation Raman spectroscopy, because they exhibit relatively little fluorescence background.
Raman measurements of intact lenses have been reported by many groups (Mizuno et al
1981, Yu et al 1982, 1987, Bot et al 1989). Protein aggregation and pigmentation that occur
during lens aging and cataract formation were studied by Ozaki et al (1989). Confocal Raman
microscopy was used to probe biochemical changes in the lens (Siebenga et al 1992, Smeets
et al 1993) and hydration gradients across the cornea (Bauer ef al 1998). Recently, confocal
Raman microscopy has also been used for analysis of changes in cholesterol, phospholipid and
protein in cataract lens, and the results compared with those of cytochemistry and transmission
electron microscopy (Duindam et al 1995, 1998). Non-contact characterization of various
layers of ocular tissues was studied by Jongsma et al (1997).

Gallstones and kidney stones are the other class of biological substances investigated
extensively using visible excitation, because of the large Raman scattering cross section and
relatively weak fluorescence from the inorganic substances in the stones (Ishida et al 1987). Tu
and co-workers identified kidney stone types based on their chemical composition (Kodati et al
1990, 1991), and Ishida er al (1987) used Raman microspectroscopy to identify the molecular
components in successive layers of gallstones.

Visible-excited Raman confocal microscopy for analysis of inclusions in pathological
tissues was initially demonstrated by Abraham and Etz (1979). Since then, a number
of studies have examined tissue from patients with mineral deposition diseases (Buitveld
et al 1984, McGill et al 1991, Centeno et al 1994, Pestaner et al 1996) and prosthetic
implants (Hahn et al 1997, Wolfarth, et al 1997, Luke et al 1997, Kalasinsky et al 1998),
including chemical imaging of inclusions in pathological breast tissues (Schaeberle et al
1996).

The first Raman spectroscopy studies of cardiovascular tissue used visible argon ion laser
excitation at 514.5 nm. The Raman spectrum was superimposed on a broad, featureless
fluorescence background that could be subtracted from the sharp Raman features, and the
Raman bands observed in calcified tissue and fatty plaques were assigned to hydroxyapatites
and carotenoids respectively (Clarke et al 1987, 1988). Later, Klug et al (1992) confirmed this
using red excitation light to minimize fluorescence.

In general, strong fluorescence background is a disadvantage for visible excitation Raman
spectroscopy of biological tissue, even with 647.1 nm laser excitation (Yu et al 1979, Clarke
et al 1987, 1988). Though ‘pre-treatment’ with continuous laser irradiation can reduce the
fluorescence background (Clarke et al 1987, 1988), visible light excited Raman spectroscopy
is limited in its usefulness for many applications of tissue diagnosis.

2.3. Near-IR excitation: FT Raman spectroscopy

To reduce intrinsic tissue fluorescence observed in visible excited Raman studies, the strategy of
near-IR excitation, described above, has been adopted by several groups. In 1986, Hirschfeld
and Chase (1986) showed that with 1064 nm Nd:YAG excitation, Raman spectra could be
observed from materials in which Raman scattering was previously obscured by background
fluorescence.

Initial studies of FT Raman spectroscopy focused on ocular lenses and calcified tissues. Yu
and co-workers obtained fluorescence-free Raman spectra from pigmented animal and human
lenses to study pathological processes such as senile cataract formation, lipid peroxidation and
protein glycation (Nie et al 1990, Sebag et al 1994). The Raman spectral features of bone,
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tooth enamel and dentine have been compared with those of their major components, such as
hydroxy and carbonated apatite (Nie et al 1990, Rehman et al 1995).

Our laboratory reported the first interpretable FT Raman spectra of aortic tissues and
later conducted an in situ quantitative biochemical analysis of normal and diseased tissues
for diagnosing atherosclerosis (Rava et al 1991, Manoharan et al 1992, Baraga et al 1992a).
Several other groups have also used near-IR FT Raman spectroscopy to collect spectra from
arterial walls (Redd et al 1991, Liu et al 1992a).

The potential of Raman spectroscopy for probing chemical changes in cancerous
tissues has also been investigated. Alfano and co-workers have conducted an exploratory
survey of the near-IR Raman spectra of various lesions in gynaecological tissues (Liu
et al 1992b). Raman spectra of normal and diseased breast tissues investigated with
1064 nm laser light exhibited differences in the amide modes (Alfano et al 1991). Spectral
differences between normal human brain tissues and several kinds of tumours have also
been reported (Mizuno et al 1992, 1994, Keller et al 1994). Mizuno et al (1994)
suggested that relative changes in phospholipid to protein content and accumulation of
mineral and carotenoid pigments in abnormal tissues are responsible for observed spectral
differences. FT Raman spectra also have been measured and used to analyse stratum
corneum and skin lesions both in vitro and in vivo (Barry et al 1992, Williams et al
1993, Fendel and Schrader 1998, Caspers et al 1998, Lawson et al 1998, Gniadecka
et al 1998).

These studies make it clear that Raman spectroscopy can be employed as a powerful tool
for probing biochemical changes in tissues in situ, and for providing important diagnostic
information. However, the clinical utility of the FT Raman method is limited. Typical spectral
data collection time is of the order of 30 min to 1 h, clearly impractical for in vivo clinical
applications. Further, to obtain motion artefact-free spectra, clinical data collection times
need to be less than 1 s. In addition, the FT Raman method requires average laser powers
of 0.5 to 1 W, which is many orders of magnitude higher than the permissible light exposure
limit for eye and skin (Sliney and Wolbarsht 1980). Finally, the throughput advantage of
interferometer-based FT Raman spectroscopy is lost in instruments designed for clinical use,
in which fibre-optic light delivery and collection is employed, due to the relatively small light
collection capability of optical fibres.

2.4. Near-IR excitation: CCD based dispersive Raman spectroscopy

The technology for Raman tissue spectroscopy has now shifted to CCD-based dispersive
spectrometers, with near-IR excitation. The main advantages of dispersive near-IR Raman
spectroscopy are that compact solid state semiconductor lasers can be used for near-IR
excitation, imaging spectrographs can be f-number matched with optical fibres for better
throughput and cooled CCD detectors offer shot noise-limited detection. McCreery and co-
workers suggested that dispersive near-IR Raman spectroscopy using a single-stage imaging
spectrograph and CCD detector offers better sensitivity than FT Raman spectroscopy (Wang
and McCreery 1989, Williamson et al 1989, Allred and McCreery 1990, McCreery 1995).
Extensive studies conducted in our laboratory indicated that excitation wavelengths in the
800 nm range are optimal to minimize tissue fluorescence while best taking advantage of
cooled CCD detectors (Baraga e al 1992b, Baraga 1992, Brennan 1995, Brennan et al 1997b).
Though excitation wavelengths longer than 850 nm would further suppress fluorescence, they
are not useful with silicon based CCD detectors because detector efficiency drops off sharply
from 1000 to 1100 nm (corresponding to the Raman fingerprint region for 850 nm excitation).
Though tissue background fluorescence still can be large, even with 850 nm excitation, the
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statistical noise (shot noise) associated with this fluorescence is much smaller than the tissue
Raman bands. Furthermore, since the fluorescence is broad and the Raman bands are sharp,
the slowly varying fluorescence background can be removed by a variety of means. A common
method is to subtract a low-order polynomial fitted to the raw spectrum. This removes the
slowly varying fluorescence background and yields a Raman spectrum with zero integrated
intensity (positive and negative intensity values). Another standard technique is to Fourier
transform the spectrum, discard the low-frequency components, and then inverse transform
the remaining high-frequency (Raman) components. Experimental and mathematical means
to remove the fluorescence background to obtain good quality tissue Raman spectra have
been detailed elsewhere (Baraga et al 1992b, Baraga 1992, Shreve et al 1992, Brennan 1995,
Brennan ef al 1997a).

Several groups have described near-IR Raman instrumentation with CCD detection for
biological tissue analysis, both in vitro and in vivo. The first such application, demonstrated
by our laboratory in 1992, used 810 nm laser excitation for in vitro laboratory analysis of aorta
tissues (Baraga 1992, Baraga et al 1992b). Our subsequent work has shown that fluorescence
interference in tissue Raman spectra can be reduced even further with 830 nm excitation
without compromising CCD sensitivity (Brennan 1995, Brennan et al 1997b, Manoharan et al
1998). Recently, we described a near-IR Raman in vitro laboratory system and a prototype in
vivo clinical system for tissue analysis (Brennan et al 1997b). Using laboratory systems of
two designs, we have conducted extensive studies on the quantitative biochemical analysis of
coronary artery (Brennan 1995, Brennan et al 1997a), biochemical-based diagnosis of coronary
(Romer et al 1998a, b, Deinum ez al 1999) and peripheral artery atherosclerosis (Salenius et al
1998), and analysis of peripheral blood gases and blood analytes (Berger ef al 1999).

We have also surveyed the usefulness of near-IR Raman spectroscopy with CCD detection
for studying cancerous changes in the colon, urinary bladder, breast and soft tissue sarcomas
(Manoharan et al 1996). Our results suggest that Raman spectroscopy has less utility in probing
cancerous alterations restricted to the epithelial surface, in hollow organs such as the colon
and bladder, for example. In part, this is due to the fact that near-IR Raman spectroscopy is a
relatively less sensitive detection method than fluorescence or absorption, even though much
more spectral information is provided, and in part because near-IR Raman measurements
sample deep into the tissue (of the order of 1 mm). Since early cancerous changes in epithelial
tissues are subtle, and are primarily confined to the superficial layer of the tissue, the non-
diagnostic Raman background from the underlying tissue can dominate the spectrum, reducing
the useful signal-to-noise (S/N) ratio.

Nevertheless, promising studies of epithelial changes using near-IR Raman spectroscopy
with CCD detection have been reported by other investigators. Puppels and co-workers
have surveyed the potential of Raman spectroscopy for characterizing oesophageal cancer
and various skin lesions using a fibre-optic Raman instrument (Puppels 1997, Caspers et al
1998). Richards-Kortum’s group has investigated near-IR Raman spectroscopy to differentiate
cervical precancers from non-malignant changes. The spectral differences were attributed
to changes in collagen, nucleic acids and phospholipids (Mahadevan-Jensen et al 1996,
1998a). Recently, the same group has proposed a fibre-optic probe for in vivo studies of
cervical precancers and collected initial spectra during colposcopy (Mahadevan-Jensen et al
1998b).

On the other hand, the Raman technique is an excellent tool for probing bulk biochemical
changes in small solid lesions such as sarcomas and breast cancer. Recently, we reported the
potential of near-IR Raman spectroscopy with CCD detection for differentiating malignant
lesions from benign lesions in breast tissues (Manoharan er al 1998). The details of the
instrumentation and applications are presented below in sections 3 and 5, respectively.
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Applications of optical spectroscopy, including Raman spectroscopy, for gastrointestinal
cancer diagnosis have been reviewed by Bohorfoush (1996). Shim and Wilson (1996, 1997)
have also described a near-IR Raman system for clinical studies of tissues, and have examined
the spectral effects of tissue drying, snap freezing, thawing and formalin fixation in resected
mammalian tissues of various types. The results indicated minimal spectral artefacts due to
in vitro tissue preparations except for tissue dehydration, which appeared to affect the amide
modes of extracellular matrix proteins (Shim and Wilson 1996). McCreery’s group used
785 nm laser light to obtain spectra of formalin-fixed normal breast tissue, infiltrating ductal
carcinoma and fibrocystic disease (Frank et al 1995). The spectra of normal and diseased
(benign and malignant) tissues were shown to be dramatically different, but differences between
benign and malignant lesions were less pronounced (Frank ef al 1994, 1995). The spectral
differences in normal and diseased breast tissues have been attributed to the fact that normal
tissue is mostly composed of fat and diseased tissue is composed of extracellular proteins.
Spatial imaging of lipids and proteins in thin breast tissue sections using Raman microscopy
has also been reported (Schaeberle et al 1996, Kline and Treado 1997).

2.5. UV resonance Raman spectroscopy

As mentioned above, another alternative for circumventing the fluorescence interference
problem is to use deep ultraviolet light at wavelengths below 270 nm. When the excitation
wavelength matches an electronic energy state of the scattering molecule, this process is
known as UV resonance Raman (UVRR) spectroscopy. In biological materials, the high-
lying electronic states excited by UV light often rapidly relax via non-radiative processes to
lower-lying levels, thereby eliminating fluorescence or causing it to occur at much longer
wavelengths. In contrast, Raman-scattered light is generated before relaxation can set in and
must, by virtue of energy conservation, be emitted in the UV. The result is that fluorescence
occurs outside the spectral region where the Raman bands are observed, so Raman spectra
can be obtained without background fluorescence (Asher and Johnson 1984, Fodor et al 1986,
Spiro 1988, Asher 1988, Nelson et al 1992). The principal advantage of UVRR spectroscopy
in biomedical applications is that, by tuning the excitation frequency near to the absorption
frequency, biochemical disease markers can be selectively observed in the Raman spectrum.
Another advantage is that UV excitation can result in a tremendous increase in Raman intensity.
This is due to resonance enhancement and the fourth-power frequency dependence of Raman
scattering intensity.

UVRR spectroscopy has been extensively used to selectively probe biological
macromolecules, organelles and cells, and has been reviewed (Asher 1988, 1993, Hudson
and Sension 1989, Nelson et al 1992, Manoharan et al 1996). Nelson’s group has pioneered
the application of UV resonance Raman spectroscopy for quantitative in sifu assay of chemical
markers such as quinones, lipids, nucleic acids and proteins in micro-organisms, and for
potential detection and identification of bacterial cells (Dalterio ef al 1986, Manoharan et al
1990, 1993b, Nelson et al 1992). The utility of UVRR for detection of marine neurotoxins
in phytoplankton has been recently reported by Nelson and co-workers (Yao et al 1997). UV
resonance Raman spectroscopy has also been used to probe the structure of macromolecules
in viruses (Grygon et al 1988, Wen et al 1997, Wen and Thomas 1998).

Normal and cancerous cells have been differentiated based on their biochemical make-
up using UVRR. Turpin and co-workers have selectively excited nucleic acids from a single
T84 cancer cell using 257 nm excitation (Sureau et al 1990). Recently, Richards-Kortum’s
group has reported the 257 nm-excited resonance Raman spectra of normal and malignant
breast and cervical cell cultures (Yazdi et al 1999). The spectral differences between
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normal and malignant cells have been due to changes in relative amounts of nucleic acid to
proteins and nuclear hypochromism. Manoharan et al (1995) conducted the initial experiment
on the use of UVRR for cancer analysis, using colon tissue specimens. This work was
followed by a systematic investigation of normal and neoplastic colon using 240 and 251 nm
excitation (Boustany 1997, Boustany et al 1999). The spectra were modelled as a linear
combination of nucleotide, aromatic amino acid and lipid lineshapes. Neoplastic specimens
in general showed a lower aromatic amino acid to nucleotide content ratio, compared with
that of their corresponding normal samples. Raman microscopy has been used to confirm
the origin of these spectral differences. This study shows that UVRR can be used to
quantify biochemical changes in cells for differentiating tissue types (Boustany 1997, Boustany
et al 1999).

The clinical application of UVRR spectroscopy may be limited because of the problems
associated with the photomutagenicity of UV light. The same wavelengths that enhance the
nucleic acid vibrational bands in cells and tissues are known to be mutagenic (Rasmussen et al
1989, Feld and Kramer 1991). However, the selectivity and sensitivity of the UVRR technique
shows promise in analysing cell constituents in vitro as in cell cytometry and quantitative
analysis of tissue constituents.

The substantial body of research summarized in this section has been facilitated by
continuing advances in technology in areas of optics, lasers and spectroscopy. The following
section outlines components and systems for modern biomedical applications of Raman
spectroscopy.

3. Instrumentation for biomedical Raman spectroscopy

Near-IR Raman spectroscopy has become a potentially powerful tool for determining the
biochemical composition of human tissue. Over the last decade, significant advances have
occurred in the technology of every component of state-of-the-art laboratory Raman systems.
With these advances, Raman spectroscopy has been extended to a wide range of applied
problems outside the laboratory, in addition to traditional investigations of a more fundamental
nature. For example, Raman spectroscopy is now widely used in many facets of applied
materials analysis, process control and environmental monitoring. Today, state-of-the-art
components for Raman spectroscopy can be incorporated into systems specifically designed
for clinical use. Compact diode laser sources can provide stable narrow-line excitation over
a range of wavelengths in the near-IR. High-quantum-efficiency, low-noise CCD detectors
allow rapid multichannel data acquisition. Holographic optical components have become
integral features of today’s Raman systems. Holographic notch filters can attenuate excitation
light by a factor of one million, and thereby reduce stray light and associated shot noise.
Holographic laser line filters transmit the laser excitation wavelength in a narrow band with
85-95% efficiency, while blocking unwanted laser radiation, and holographic transmission
gratings permit compact, high-throughput spectrograph design.

The performance criteria for clinical applications include convenience of use and the ability
to access organs provided by optical fibre light delivery and collection, and rapid acquisition
of high-quality spectral data, while maintaining excitation intensities sufficiently low to avoid
tissue damage. Current near-IR FT Raman or scanning photomultiplier tube-based systems
are not useful for clinical applications because of the long data collection times required
(Brennan et al 1997b). By contrast, the high quantum efficiency and negligible dark noise of
cooled, silicon-based CCD detectors, combined with high-throughput imaging spectrographs,
permit multichannel acquisition of spectra with excellent S/N ratios in very short collection
times.
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Raman instruments built for laboratory research, with provision for variable
excitation/detection wavelengths and the ability to collect very high-quality spectra, are
important for applications development studies. Such systems can be used to optimize
excitation wavelengths for a particular tissue type and establish limits on acceptable S/N
ratio and data acquisition times. In vitro data taken with a laboratory system can be used
to develop and test analytical models and algorithms. For example, a laboratory system that
incorporates the capability of confocal Raman microscopy can acquire spectra from individual
morphological components of the tissue for use in modelling. On the other hand, Raman
systems built for clinical studies have entirely different requirements. They must be mobile,
capable of collecting spectra via optical fibres within a few seconds (to minimize motional
artefacts due to respiration and pulse), and must conform to hospital safety guidelines.

Several groups have developed laboratory-based systems for tissue Raman spectroscopy
(see, for example, Frank et al 1994, 1995, Mahadevan-Jansen et al 1998a, Shim and Wilson
1997, Puppels et al 1990). In the following subsections we describe three systems used in
our research. We have developed a versatile laboratory system for acquiring Raman spectra
from biological tissues, a second laboratory system designed for acquiring spectra from fluids
such as blood and a system designed for clinical investigations. These systems are described
in detail below.

3.1. Laboratory Raman system /Raman microprobe for tissue specimens

We have developed a general-purpose laboratory system optimized for bulk tissue
measurements and microscopy (figure 4). The excitation source consists of an argon ion
pumped Ti:sapphire laser tunable from 720 to 1000 nm, with output power variable up to 1 W.
Various holographic laser line filters are available for eliminating extraneous laser radiation
outside the chosen excitation wavelength. Various holographic notch filters are used to suppress
scattered excitation light while still permitting high transmission from about 50 cm~! above or
below the excitation frequency. The Raman-scattered light from tissue specimens is collected
and collimated by means of an aberration corrected lens. A holographic notch filter at the
appropriate excitation wavelength is positioned in the collimated beam before the focusing lens.
The focusing lens, which is f-number matched to a 0.25 m imaging spectrograph, focuses the
collected light into the spectrograph entrance slit. The spectrograph has an adjustable slit and
a turret capable of holding three gratings for low or high spectral resolution measurements.
The dispersed image of the Raman excitation region in the tissue is imaged on an near-IR
antireflection coated, back-illuminated, deep-depletion CCD detector that is liquid nitrogen
cooled.

This laboratory system also incorporates an optical microscope for obtaining tissue Raman
spectra at a cellular level (Raman microprobe, figure 4). A prism is used to steer the laser beam
either into the macro-optical system for bulk tissue measurements or into the microscope
for microscopic tissue measurements. Excitation is accomplished by directing the laser
beam onto the tissue section using the epi-illumination configuration of the microscope, in
which the microscope objective both focuses the excitation light and collects the scattered
light (Raman backscattering geometry). The microscope can be fitted with either phase
contrast or normal objectives, and has appropriate dichroic filtering and imaging optics to
allow registration of the focused incident laser spot (~2 um diameter) with the white light
transilluminated microscopic image of the tissue section. This can be displayed on a high-
resolution video monitor or, alternatively, viewed through the microscope eyepiece with the
laser beam blocked. With the white light source stopped, Raman-scattered light collected
by the microscope objective is redirected to the spectrometer system along the same optical
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Figure 4. Schematic diagram of the laboratory Raman spectrometer/Raman microprobe system
for tissue and tissue sections. Translating the prism into or out of the laser excitation path allows
spectra to be collected from bulk tissue or from microscopic regions of thin tissue sections.

train used for the bulk tissue system (Brennan et al 1997b). This system has been used
to collect Raman spectra from tissue sections as thin as 4 um, as well as from bulk tissue
specimens 4-5 mm thick. Spectrograph, microscope and data acquisition are computer
controlled.

3.2. Laboratory Raman system for blood analytes

We have constructed a second laboratory instrument for Raman analysis of blood analytes. This
instrument is specially designed for extracting chemical concentrations. In this case, the Raman
spectra of the analytes to be measured are small compared with both the Raman spectrum from
background analytes and the fluorescence background, and multivariate calibration must be
used to extract the desired information (see section 4). This requires an absolutely reproducible
light delivery/collection geometry, and light delivery and collection must be optimized, while
maintaining spectral resolution.

This system has been designed to study how best to optimize delivery and collection
geometries in liquid samples of varying turbidity—whole blood, blood serum, interstitial
fluids and saline solution. For this, the delivery and collection geometries can be precisely
varied. When used with multivariate techniques, physiological concentrations of analytes (e.g.
glucose) at submillimolar levels can be measured. Noting that water is 55 molar, this represents
a Raman concentration measurement sensitivity of 10 ppm, illustrating the potential sensitivity
of Raman spectroscopy for precise, quantitative measurements.

The system uses a tunable diode laser operating at 830 nm and 500 mW power, a
holographic imaging spectrograph, liquid nitrogen-cooled deep depletion CCD detector, and
special collection optics (figure 5). The filtered light from the laser is focused onto the sample
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Figure 5. Schematic diagram of Raman spectroscopic system for the analysis of blood analytes.
The reflective objective has a high collection efficiency. Inset: The collection efficiency and high
throughput are maintained, while preserving resolution, by configuring the f-number matched
fibre bundle into a linear array at the spectrograph entrance. This linear array of fibres forms the
spectroscopic slit that determines resolution.

in a quartz cuvette containing a magnetic stir-bar to continuously agitate. A sample volume
of about 1 ml was used, but smaller volumes can be achieved.

Collection geometry efficiency is an important consideration for quantitative Raman
analysis of liquid samples. In clear samples, such as blood serum, the Raman signal originates
along an excitation path extending deep into the sample, while turbid samples such as whole
blood limit the penetration depth of the excitation light but provide a larger illumination spot,
due to elastic scattering. In both cases, the Raman signal intensity is relatively small compared
with the background fluorescence, even with 830 nm excitation, and the shot noise generated
by the background can resultin alow S/N ratio. To increase the efficiency of photon collection,
and therefore improve the Raman S/N ratio, a microscopic reflective objective (Cassegrain)
of high numerical aperture is incorporated with a special fibre optic bundle. In turbid media,
the high numerical aperture allows imaging of a larger portion of the illumination spot. In
clear media it accepts the Raman scattered light from deeper regions along the excitation path.
The fibre optic bundle consists of 177 fibres arranged concentrically at the sample end and in
a linear array at the spectrograph entrance slit (figure 5, inset). This provides high collection
efficiency and efficient coupling into the spectrograph without sacrificing resolution. This
combination of fibre and imaging optics has a much higher effective numerical aperture than
typical conventional or fibre optical systems. Ongoing design improvements are aimed at
optimizing the system for measurements in turbid media (Berger 1998).

3.3. Clinical Raman system

A number of investigators have used different configurations to acquire in vivo Raman spectra.
Using a 785 nm diode laser with fibre optic excitation and conventional optics collection,
Mahadevan-Jansen et al (1998b) could detect epithelial cervical precancer with good sensitivity
and specificity. Shim and Wilson (1997) reported an in vivo Raman system, and using an
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Figure 6. Clinical Raman system. This system is designed for rapid data acquisition, portability
and safety in a hospital environment.

optical fibre probe with 785 nm excitation collected spectra from human skin, buccal cheek
epithelium, fingernail and tooth. Puppels and co-workers (Puppels 1997, Puppels et al 1998)
have demonstrated in vivo Raman spectroscopy of oesophagus using a commercially developed
optical fibre probe.

Our clinical Raman system has been built to be portable, simple to operate and fully
functional in a hospital catheterization laboratory or operating room. It incorporates a single-
mode, diode laser excitation source operating at 830 nm directly coupled to an optical fibre
probe (figure 6). The probe serves as both light delivery source and optical collector, and it is
directly coupled to a high-throughput f-number matched holographic imaging spectrograph,
providing 10 cm™! resolution. The detector is a liquid nitrogen-cooled back-thinned deep-
depletion CCD having 1024 x 256 pixels. Design considerations to conform with hospital
guidelines have been followed: the entire system is enclosed to avoid stray light, and it fits
on a small transportable cart that can be placed close to the patient. The optical fibre probe is
designed to withstand hospital sterilization procedures and the system power supply is isolated
to keep ground leakage current below 70 ©A.

A detailed description of this system can be found in Brennan et al (1997b). Preliminary
spectra of peripheral arteries have been obtained in vivo with this system, using data acquisition
times of only a few seconds (Salenius et al 1998).

3.4. System components

The remainder of this section describes current components and technology for Raman systems
suitable for biomedical applications, both in vitro and in vivo.

3.4.1. CCD considerations. A CCD spectroscopic detector can be thought of as a rectangular
array of photosensitive elements or pixels arranged in horizontal rows and vertical columns, a
configuration known as a focal plane array (FPA). In spectroscopic applications, the spectral
or wavelength direction corresponds to the horizontal rows and the column pixels are usually
summed, i.e. ‘binned’, vertically, providing intensity at each wavelength. CCD detectors have
the manufacturing and operational advantages of being fabricated on a monolithic silicon chip.
Typical dimensions of CCDs for spectroscopic applications are 1024 x 256 pixels, each of
which is 25 pum on a side, thus covering an area of about 25 mm x 6 mm. Such arrays
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operate at typical readout rates of 50 kHz. CCD technology has improved to such an extent
that quantum efficiencies of 90% can be achieved from the visible to the near-IR, a significant
wavelength range. Different types of CCDs, front illuminated, thinned back-illuminated and
front- or back-illuminated deep depletion, are used for different applications. For the near-IR
region, deep-depletion CCDs are best. The depletion region penetrates at least 30 um into the
silicon, thus providing a larger volume to generate photoelectrons, which results in increased
quantum efficiency.

A problem that can arise with back-thinned CCDs in the near-IR region (for wavelengths
longer than about 750 nm) is the so-called etaloning effect. Due to the larger transparency of
silicon at these wavelengths, photons arising from the broad background fluorescence of the
tissue are not fully absorbed in the shortened path length of the thinned silicon wafer. The
result is that the thinned silicon wafer acts as an etalon for the back-reflected fluorescence,
producing sharps peaks in the signal from this otherwise featureless background. Since these
peaks are of similar linewidth to the tissue Raman features, they are exceedingly difficult to
correct. In Princeton Instruments deep-depletion CCDs (Princeton Instruments, Trenton, NJ),
a special surface treatment is used that randomizes the silicon wafer thickness on a wavelength
scale. When the CCDs are used for spectroscopy purposes and the pixels are binned vertically,
the etaloning effect is effectively eliminated.

In the near-IR region, liquid nitrogen-cooled, silicon-based CCD detectors are efficient
out to wavelengths of about 1100 nm, and have extremely low dark noise (5 electrons per pixel
per hour) and low read noise (4—7 electrons at 50 kHz). However, shot noise due to tissue
fluorescence at these wavelengths still limits Raman sensitivity. Other types of detectors
show reasonably high quantum efficiency from 1000 nm out to about 2000 nm, where tissue
fluorescence is substantially eliminated. Indium gallium arsenide (InGaAs), germanium (Ge)
and indium antimonide (InSb) single-element and linear array detectors can attain quantum
efficiencies of about 70% at these longer wavelengths (Chase and Talmi 1991, Barbillat et al
1993). However, although tissue fluorescence is suppressed at these longer wavelengths,
devices based on these materials typically exhibit levels of read noise three to four orders of
magnitude greater than that of silicon-based CCDs at 1000 nm, resulting in measurements
limited by detector noise rather than by shot noise. Recently, we conducted a feasibility study
using a specially prepared palladium silicide (PdSi) FPA detector (Brennan et al 1996). The
results are promising, but while the readout noise is not greater than 50 electrons rms (compared
with 37000 electrons rms for Ge and InGaAs linear arrays, and 2000 electrons rms for InSb
FPA detectors (Brennan er al 1996, Treado et al 1994)), the quantum efficiency of the PdSi
FPA detector is only 10% at these wavelengths. Nevertheless, working with samples of human
aortic atherosclerotic plaque, we were able to collect Raman spectra using 1064 nm excitation.
More research must be conducted to optimize design parameters before practical applications
can be considered.

3.4.2. Optical filters. In order to take advantage of compact, high-throughput holographic
spectrographs and multichannel CCD detection, scattered light at the laser excitation
wavelength, typically one million times more intense than the Raman spectrum, must be
removed from the detected signal with extremely high extinction efficiency. The advent
of holographic notch filters for this purpose has eliminated the need for cuambersome, low-
throughput, multistage scanning spectrometers, and was critical for enabling rapid spectral
data acquisition using the new technologies. Holographic notch filters can have a very
steep-edged blocking bandwidth at the excitation wavelength, with contrast ratios greater
than one million, while transmitting 90% of the light with a relatively flat baseline above
and below the excitation wavelength. For laboratory systems, where excitation wavelength
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versatility is desired, holographic laser line filters are used. Holographic laser line filters block
unwanted emission from the laser that would otherwise swamp the Raman spectrum, while
transmitting 85-95% of the excitation line. For clinical systems, filter design and construction
are paramount for useful fibre optic probes (see below).

3.4.3. Spectrographs. Clinical applications of Raman spectroscopy require rapid acquisition
of high-quality spectral data using low-power laser excitation. The emergence of the CCD
as the most effective detector element for biomedical Raman spectroscopy applications has
driven spectrograph design innovations. CCDs measuring 25 mm in the spectral direction
allow multichannel acquisition of the entire range of the Raman fingerprint region (400-
2000 cm™") in the shortest possible time. However, in order to take advantage of the structural
detail of tissue Raman spectra, spectral resolution of 8-10 cm™! is required. Fibre optic f-
number matched holographic spectrographs provide both the high throughput and flat image
field at the detector plane needed for sensitivity at low laser power and spectral resolution
throughout the range of interest. Holographic transmission grating designs provide more than
80% throughput, and permit a compact optical layout while providing the required flat image
at the CCD detector.

3.4.4. Optical fibre probes. For most medical applications, all components of the fibre optic
probe must be of suitable dimensions for incorporation into needles, endoscopes, angioscopes
and other clinical devices. Typically, this is of the order of 1 to 2 mm in diameter. To access
remote internal organs, the length of the fibre optic elements comprising the probe must be of
the order of several metres. Finally, the materials and construction of the probe must be able to
withstand hospital instrument sterilization procedures. These requirements lead to mechanical
and optical design problems that have not yet been fully resolved.

Optical design problems include spectral interference from the optical fibres themselves.
Fibre fluorescence and absorption can be minimized by using readily available, high-purity,
low-hydroxyl fibres. However, the dominant optical design problem is generation of Raman
scattered light in the optical fibres, which interferes with the Raman signals generated in
the tissue sample under investigation. Raman scattering is generated both in the excitation
fibres, by the excitation laser light, and in the collection fibres, by laser light scattered from
the tissue. Since the pathlength traversed by the laser light in the optical fibres is of the
order of metres, the intensity of the fibre Raman signal can be much greater than that of
the tissue Raman signal. Simple polynomial fitting or background subtraction techniques,
such as are used for removing fluorescence background, are inadequate for removing the
highly structured quartz fibre Raman background interference. Rather, appropriate filters
are needed to remove the fibre Raman signal. These filters must be positioned at the distal
tip of the probe, and therefore must be of submillimetre dimensions. The need to produce
dielectric coatings and assemble submillimetre, coated, optical elements with the precision and
consistently high quality demanded for clinical Raman applications continues to drive research
and optics manufacturing technologies. Our laboratory has been engaged in developing such
probes for some time, and probes with dielectric filters of such dimensions with acceptable
performance characteristics for in vivo application should become available in the near future.
Probes with reduced fibre Raman interference have been produced commercially and used in
less demanding clinical settings, such as in the oral cavity (Shim and Wilson 1997).

When the optical fibre probe issues are resolved, Raman spectroscopy will be compatible
with access via needles, cannulas, angioscopes and endoscopes for in vivo detection and
imaging. The instrumentation will have reached a threshold at which, in a relatively short time
period, Raman spectroscopy can be used to obtain real time, biochemical information about
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many organs in the human body, leading to a number of non-invasive and minimally invasive
diagnostic techniques.

4. Modelling methods

In current medical practice, tissue analysis provides the basis for definitive disease diagnosis.
There are two distinct approaches to tissue analysis: quantitative and qualitative. The
qualitative approach usually takes the form of disease classification, which relies on
sorting tissue into discrete categories using more or less subjective criteria. Pathologists
study haematoxalin and eosin stained biopsy specimens under the microscope, looking for
characteristic morphological structures or patterns in the tissue. The presence or absence of
certain biochemicals, assessed by a variety of specific histochemical stains, can also provide
important diagnostic information. The quantitative approach can take the form of chemical
analysis, for example determining the concentration of important blood analytes (such as
glucose or cholesterol), or quantitative histology, in which the morphological components of
the tissue of interest are counted and characterized quantitatively. These techniques provide
quantitative measures of severity of disease and organ malfunction.

Raman spectroscopy can be used to perform both types of analysis: disease classification
and chemical and morphological quantitation. The purpose of this section is to describe various
mathematical techniques that can be used for extracting information from Raman spectra for
these types of analyses. Specific examples of implementation of many of these techniques in
different disease settings will be found in section 5.

A Raman spectrum consists of numerous bands, each one due to a specific molecular
vibration. Some amount of diagnostic information can be obtained by simply following
the changes in one (or several) of these bands, and then correlating them with biochemical
or morphological changes in the tissue. However, to make full use of the richness of
Raman spectroscopy, more sophisticated modelling techniques that incorporate the full range
of data available are required. A Raman spectrum can include as many as a thousand
intensity points, each representing a different wavenumber. Each intensity point contains
information. Extracting useful, usually biochemical, information from such complex data can
be accomplished by using a set of mathematical techniques referred to as multivariate analysis
by statisticians, or as ‘chemometrics’ by analytical chemists. Such techniques enable us to
model our data, and thus use to our advantage the plethora of information contained in the
spectra.

Raman tissue spectra can be modelled using linear analysis. Two assumptions are
associated with this type of modelling. One is that the Raman spectrum of a mixture of
biochemicals is simply a linear superposition of the mixture’s component spectra. The second
is that there is a linear relationship between signal intensity and biochemical component
concentration. Manoharan et al (1992) conducted a Raman spectroscopy study in mixtures
similar in composition to that of biological tissue, and found that both of these conditions
hold within experimental limits, allowing the use of Raman spectroscopy to extract precise
biochemical concentrations from a mixture. Based on these assumptions, one can model the
mixture using a linear superposition of basis spectra. These basis spectra can be the Raman
spectra of the pure chemical constituents in the mixture, the Raman spectra of individual
morphological components of the tissue, or even mathematically derived lineshapes.

There are two important steps in the process of developing a model, whether to determine
concentrations or make diagnoses (Martens and Naes 1989). The first step, calibration, uses
data to determine the values of parameters employed in the model. The second step, validation,
applies the model and tests it on new, independent data. If the predictions on the new data set
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are good, then the model can be considered robust. Otherwise, it must be reconsidered. A
model will never perfectly represent reality, and the validation set allows us to establish how
good a job it does. This helps protect against artefacts of the initial data set, and ‘overtraining’.
However, the calibration—validation process usually requires a large data set. In practice, two
independent data sets are not always available. In such situations, one can use cross-validation
methods to make efficient use of a single data set. One example is the leave-one-out method,
in which one sample at a time is left out of the calibration step. The model is developed using
the remaining data and then applied to the ‘left-out’ sample. The predictions made on the
‘left-out’ data can be compared with the reference value to evaluate the model. By cycling
through left-out samples in this way, a relatively small data set can be used efficiently and
without bias to establish the robust