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Abstract

This chapter describes several approaches to the optical study of biological tissue
using reflectance and transmittance spectroscopy. This topic has spurred significant
research efforts as a result of the relevant physiological and metabolic information
provided by the optical data, in conjunction with the safe, non-invasive, and cost-
effective optical approach to the study of tissue. We give a brief historical
introduction in Section 11.1, followed by a description of the optical absorption and
scattering properties of tissue in Section 11.2. Section 11.3 is devoted to
continuous-wave (CW) techniques, which can be applied to the study of relatively
superficial tissue layers (as is the case for diffuse reflectance imaging and localized
measurements using short separations between the illuminating and collecting
optodes), as well as deep tissues on the basis of a modified Beer-Lambert law,
transport theory, or diffusion theory. The latter model is commonly employed in
time-domain and frequency-domain techniques, which are described in Sections
I11.4 and 11.5, respectively. Three major application areas of near-infrared tissue
studies, namely tissue oximetry. optical mammography, and functional imaging of
the brain, are presented in Sections 11.6, 11.7, and 11.8, respectively. Finally,
Section 11.9 discusses potential future directions for optical techniques in a number
of clinical areas.

11.1 Introduction

The potential of reflectance and transmittance optical techniques for the study of
biological tissue has long been recognized. For example, applications in medical
diagnostics and monitoring of physiological parameters in vivo were developed as
far back as 1929 for optical mammography [1] and 1942 for tissue oximetry [2]. In
particular, in the early 1970s, the optical oximetry approach developed into pulse
oximetry [3.4]. which is routinely used today in hospitals and intensive care units to
monitor the oxygen saturation of arterial blood. The demonstration of the
applicability of reflectance spectrophotometry to the study of the brain [5] has
opened up new opportunities to investigate the cortical architecture in animal
models [6] and the brain functional activity in human subjects [7-10]. The
introduction of a physical model, namely diffusion theory, to quantitatively
describe light propagation in tissue [11], and the development of time-resolved
techniques cither in the time-domain [11,12] or in the frequency-domain [13-15] to
the optical study of tissue have resulted in a further refinement of reflectance and
transmittance spectroscopy and imaging of tissue.

The optical study of tissue in vivo is typically performed in reflectance, i.e. with
the illumination and collection performed on the same side of the tissue. In many
cases, this is dictated by the lack of adequate optical signal transmitted through
thick tissues. However, body parts that are relatively thin (for instance, fingers) or
present relatively low levels of optical attenuation (for instance, the female breast
or the infant’s head) lend themselves to transmittance optical studies. In this
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chapter, we will describe applications based on both reflectance and transmittance
geometries, as well as continuous-wave (CW), time-domain (TD), and frequency-
domain (FD) optical techniques.

11.2 Optical properties of tissue

The propagation of light in biological tissue can be described in terms of the flow of
discrete particles called photons. According to this representation, a light source
introduces a given number of photons per unit time at given tissue location and
these photons travel inside the tissue following individual paths. The collective
propagation of photons along these paths is called photon migration. After a photon
is introduced inside the tissue by the light source, it can interact with tissue through
several mechanisms, including absorption, elastic scattering, and fluorescence.
When a photon i1s absorbed it essentially disappears and transfers its energy to
the absorbing center (chromophore). When a photon 1s elastically scattered by a
scattering center in the tissue (for instance a cellular membrane, nucleus, or
organelle), its direction of propagation changes while its energy (and wavelength) is
essentially not affected. In a fluorescence process, a photon at wavelength A,
(excitation wavelength) is absorbed and a photon at a longer wavelength A,
(emission wavelength) is emitted. The fluorescence emission process is not
immediate, but takes place with an average delay t (fluorescence lifetime), typically
on a ume scale of nanoseconds, with respect to the time of absorption of the
excitation photon. These three processes are schematically illustrated in Figure 1.
In this chapter, we describe techniques of reflectance and transmittance spectro-
scopy for the optical study of tissue, which are based on absorption and elastic
scattering processes. Fluorescence spectroscopy is described elsewhere in this book.

(a) Absorption (b) Elastic scattering (c) Fluorescence

Figure 1. Schematic illustration of (a) absorption, (b) elastic scattering, and (¢) fluorescence

processes of interaction of photons with chromophores, scattering centers, and fluorophores.

respectively, in tissue. In panel (b) 4 is the photon wavelength. which is largely unaffected by

elastic scattering processes, and ¢ is the scattering angle. In panel (¢), the wavelength of the

emission photon A, is longer than the wavelength of the incoming (or excitation) photon /.

and the emission photon is emitted with an average delay t with respect to the absorption of
the excitation photon.
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11.2.1 Absorption

The main absorbers of visible/near-infrared light in bloodperfused tissues are oxy-
hemoglobin., deoxy-hemoglobin, and water, with further absorption contributions,
which sometimes can be of interest, from myoglobin, lipids, cytochrome oxidase,
melanin, bilirubin, etc. The absorption spectra of oxy-hemoglobin (50 uM
concentration), deoxy-hemoglobin (50 pM concentration), and water are shown
in Figure 2, which is derived from published data of the absorption coefficients of
water [16] and hemoglobin [17]. The socalled ““medical spectral window’ extends
from approximately 700 to 900 nm, where the combined absorption of light from
hemoglobin and water is minimal (Figure 2). As a result of the relatively smaller
absorption, light in this spectral window penetrates deeper in tissues., making it
possible to investigate deep tissue sites noninvasively.

The absorption properties of tissue are described by the absorption coefficient
(1y), which is defined as the inverse of the average photon path length before
absorption. From this definition it follows that 1/, is the average distance traveled
by a photon before being absorbed. In the near-intfrared, typical values of p, in
tissues range from 0.02 to 0.30 cm™'. so that the mean photon path before
absorption thus ranges between 3 and 50 cm.

11.2.2 Scattering

The scattering of photons is due to localized gradients in the refractive index caused
by particles that act as scattering centers. The scattering properties are mainly
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Figure 2. Absorption spectra of three of the most important near-infrared chromophores in

tissues. namely oxy-hemoglobin (HbO,), deoxy-hemoglobin (Hb), and water (H,O). The

absorption coefficient is defined to base ¢. The concentrations of Hb and HbO, are both

assumed to be 50 uM, a typical value for blood-perfused tissues. Spectra obtained from
compiled absorption data for water [16] and hemoglobin [17].
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determined by the dimensions of the particles relative to the wavelength of light,
and by the difference between the indices of refraction of the particles and the
surrounding medium. In biological tissues, the scattering centers include cell
nuclei, cell organelles, and cells themselves. In particular, cell organelles such as
mitochondria have dimensions comparable to the wavelengths in the medical
spectral window (700-900 nm), and their index of refraction is not dramatically
different than that of the cytosol. Under these conditions, light scattering is mainly
forward directed (i.e. the scattering angle 6 shown in Figure 1 (b) is smaller than
90°), as is the case in most biological tissues.

The scattering properties of tissues are described by two parameters: (1) the
scattering coefficient (p,), defined as the inverse of the average photon path length
between successive scattering events; (2) the average cosine of the scattering angle
0. g = {cos0). From the definition of p, it follows that 1/, is the average distance
traveled by a photon between successive scattering events. Even though each
scattering event is mainly forward directed, after a large number of collisions a
photon loses memory of its original direction of propagation. Under these
conditions, the scattering angle 0 cannot be measured and we can describe photon
scattering in terms of effectively isotropic scattering processes. In tissue spectro-
scopy, it is customary to define the reduced scattering coefficient (p, = (1 — g2)p)
which represents the inverse of the average distance over which the direction of
propagation of a photon is randomized. In other words, we can say that 1/p. is the
average distance between effectively isotropic scattering events. Of course
coincides with pg in the case of isotropic scattering (g = 0). In the optical study of
thick tissues, i is the only measurable scattering parameter. Typical values of 1 in
biological tissues range from 1 to 50 cm ™', while g is typically 0.8—-0.9 [ 18] (so that
pl is about one order of magnitude smaller than p.). The average distance traveled
by a photon in tissue between effectively isotropic scattering events is typically a
few millimetres or less.

11.3 Continuous-wave techniques

Continuous-wave (CW) methods employ light sources (for example arc lamps,
light emitting diodes, or laser diodes) with emission properties that are time-
independent. While CW methods are typically unable to separate the absorption
and scattering contributions to the optical absorbance measured in tissue, they
present the advantage of being technically straightforward. For instance, charge
coupled device (CCD) cameras can be readily used for reflectance imaging, while
photo-multiplier tubes and avalanche photodiodes are typically employed for
single-point detection.

11.3.1 Diffuse reflectance imaging

Optical imaging of biological tissue with diffuse illumination and CCD camera
detection is a powertful tool to investigate superficial tissue layers with high spatial
resolution. A typical experimental setup i1s illustrated in Figure 3. The general idea
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Light
source

Turbid medium (or tissue)

Figure 3. Typical experimental setup for diffuse reflectance measurements. A light source

(for instance a laser diode, arc lamp, or incandescent lamp) illuminates a broad area of the

sample while a CCD camera images a portion of the illuminated area by collecting diffuse
reflectance.

is to uniformly illuminate a broad area of the sample (or tissue) to be investigated,
and to collect the diffusively reflected signal over a portion of the illuminated area.
Linearly polarized light and a linear analyzer can be used to suppress the detection
of specular reflections at the tissue surface. This approach has been used to obtain
50-100 pm resolution in vivo images of the cerebral cortex in animal models
[6,19,20] and in humans [21]. The basic approach (see for example Ref. 22)
consists of illuminating the cerebral cortex (after removal of the skull and dura)
with light of proper wavelength. Spatial uniformity of the cortex illumination is
achieved by using multiple light guides. Visible wavelengths (in the 500—600 nm
range) are typically used to obtain a high sensitivity to blood vessels and to
oxygenation changes, while longer wavelengths (>700 nm) are used to increase the
optical penetration depth (in this configuration, the cortex can be investigated up to
depths of about 1 mm) and the sensitivity to changes in light scattering. The light
reflectance 1images are analyzed to obtain differential maps that represent the effect
of specific cortical activity and provide information on the functional architecture
of the cerebral cortex. For example, this method has been used to map the ocular
dominance domains in the visual cortex [19,23], and the functional architecture of
the somatosensory cortex [24] in animal models. Diffuse reflectance measurements
on the skin of human subjects may allow for the discrimination of cutaneous
melanoma from other pigmented lesions of human skin [25,26].

The theoretical description of the diffuse reflectance measured from a turbid
medium (such as biological tissue) under uniform illumination conditions has been
performed according to several different models. The objective of these models is
to describe the relationship between the diffuse reflectance (R) and the optical
properties of the turbid medium, namely the absorption coefficient (), the
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scattering coefficient (1L.), and the anisotropy scattering factor g. We recall that p, is
defined as the inverse of the mean distance traveled by the photons in the medium
before being absorbed, p is defined as the inverse of the photon mean free path
between successive scattering events, and g 1s defined as the average of the cosine
of the scattering angle for photons in the medium. The main theoretical models
used to describe the diffuse reflectance are the following.

11.3.1.1 Kubelka-Munk theory

This model is based on a two-flux description of the light propagation in turbid
media [27,28], which leads to the following expression for the diffuse reflectance
under conditions of perfectly diffuse irradiation of the medium and isotropic light
scattering (g = 0) [28.,29]:

1

K K? K\’
R=1+"—— +2—1. |
S (5 +25) m

where K and S are the Kubelka—Munk absorption and scattering coefficients,
respectively, which are related to i, and p, by the relationship K/S = 2.67 p,/u. [30].

11.3.1.2 Transport theory

Transport theory provides a general description of light propagation in absorbing
and scattering media on the basis of the Boltzmann transport equation. This
general approach does not provide an analytical expression for the diffuse
reflectance. Tabulated values of the diffuse reflectance obtained by solving the
Boltzmann transport equation for several values of the ratio p,/p, and for either
isotropic scattering (g = 0) or particular cases of anisotropic scattering have been
reported [31].

11.3.1.3 Diffusion theory

Even though, strictly speaking, the diffusion approximation to the transport
equation is not applicable to the description of the diffuse reflectance obtained
under uniform illumination conditions, it has nevertheless been used to obtain an
analytical approximation for the diffuse reflectance [32,33]. For collimated, normal
irradiation, and a 1.33 refractive index mismatch at the boundary between non-
scattering and scattering media, the expression for R derived with diffusion theory
is [33]:

al

R == 1 (2)
1+ 2k(1 —d') + (1 4 2k/3)[3(1 —ad)]?

where « is the optical reduced albedo defined as p. /(p, + p.). with pui = (1 — g)pg
as the reduced scattering coefficient, and k = (1 —r;)/(1 + r,). with ry as the
internal reflection coefficient of the turbid medium.

11.3.1.4 Adding-doubling and Monte Carlo methods
Combining an adding-doubling solution to the transport equation [34] and Monte
Carlo methods has resulted in an analytical expression for the diffuse reflectance



REFLECTANCE AND TRANSMITTANCE SPECTROSCOPY 219

from a turbid medium where the light scattering is described by the Henyey-
Greenstein phase function [35]:

-7

R — o0 (3)

[1.3.2 Spectral measurements insensitive to scattering changes

As menuoned above, CW methods are usually unable to perform measurements of
both absorption and scattering properties of tissue. For instance, the CW
reflectance expressions of Equations (1)—(3) all contain the ratio of absorption to
scattering coefficients, which prevents the separations of the contributions from
these two coefficients to the diffuse reflectance. One way to overcome this
limitation of CW tissue spectroscopy is to develop measurement techniques that
are relatively insensitive to the scattering properties of tissue. For example, when
an 1llumination optical fiber (or optode) is used to deliver light at one specific
location, and a collection optode is used to collect the optical signal at a distance r
from the illumination point, there is an optimal optode separation, r, for which the
detected optical signal is not affected by changes in the scattering properties of the
tissue [36]. The basic idea behind the existence of an optimal source—detector
separation that minimizes the sensitivity to the scattering coefficient is that, in the
limit of very small separations, the optical signal increases with the scattering
coefficient, while the optical signal decreases in the diffusive limit of large
separations. Therefore, it is reasonable to expect that, at some intermediate point,
the optical signal does not change with the scattering coefficient. Such an optimal
source—detector separation, for typical optical properties of biological tissue, was
found to be 1.7'mm [36], a value that lends itself to being implemented in a
clinical endoscope. The reason that the insensitivity of the optical signal to the
scattering coefficient is relevant is the following. The detected optical intensity /
in reflectance and transmittance spectroscopy can be described in terms of the
Beer-Lambert law:

I = Ipe Mt (4)

where /; is the incident intensity and L is the photon pathlength. In the presence of
scattering, L is not the same for all detected photons, so that L in Equation (4)
should be replaced by an effective pathlength (which in general differs from the
average photon pathlength). If L, or the effective pathlength, is known from
calibration measurements or look-up tables and is not affected by the scattering
properties of tissues, then one can translate a spectral or temporal variation in / into
a corresponding variation in p,:

(1/10)1]/
L=y = In| S0 /g 5
A -

where the subscripts 1 and 2 indicate measurements at different wavelengths or
different times. Strictly speaking, the pathlength L also depends on the absorption
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coefficient itself, but for relatively small values of p,,—p,; such dependence may
be neglected. Being able to apply Equation (5) regardless of the scattering
properties of tissue is an important feature that allows, for example, the non-
invasive quantitative measurement of drug concentration in tissue [37].

11.3.3 Modified Beer—Lambert law

Another common approach to measuring changes in the tissue absorption using
CW methods is based on a generalization of Beer-Lambert law (Equation (4)) in
conjunction with the assumption that the scattering properties of tissue do not vary
with time. The modified Beer—Lambert equation is the following [12]:

| = [ye B0 (6)

where B is a pathlength factor that depends on the optical properties of tissue, r is
the inter-optode distance (i.e. the geometrical separation between the points of
illumination and light collection), and G is an unknown geometry-dependent
factor that also accounts for the effect of scattering. If the factor G is constant,
then a relatively small temporal variation in the absorption coefficient can be
written as:

1 ()
1) — Pa(ty) = — In| —= 7
Ha( 2) “a( 1) Br n[[(l‘z)] 7
The pathlength factor B is usually estimated from literature values [38—40]. From
diffusion theory (see Section 11.3.4), it can be shown that the pathlength factor B
is given by the following expressions in terms of the absorption and reduced
scattering coefficients [41]:

/3 M5

B = (8)
f 2 i,
IRV I I VTV TIA ©)

B, =
seminf 2\/ﬁ—a (r\/m+ 1)

where the subscript *“inf” refers to an infinite geometry, and the subscript
“seminf”” refers to the semi-infinite case where the optodes are located at the
boundary of a scattering medium that extends indefinitely in one direction.

11.3.4 Diffusion theory

Diffusion theory describes the propagation of photons in optically turbid media.
Mathematically, the diffusion equation is a limiting case of the general Boltzmann
transport equation [42,43], which describes the propagation of photons in scattering
and absorbing media. The key condition that leads to the diffusion approximation,
which is often (but not always) fulfilled in the optical study of tissue, is that light
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propagates in a strongly scattering regime, i.e. u. > p,. This condition means that a
photon, on the average, undergoes many effectively isotropic scattering events
before being absorbed. Under this condition, the CW photon density in the tissue
[Ucw(r)] resulting from a point light source at » = 0 obeys the standard diffusion
equation [44]:

— VDV Uew () + v, Uew(r) = Pod(r). (10)

where v is the speed of light in the tissue, D is the diffusion coefficient defined as
1/[3(pa+1s)], Po is the source power, and 8 is the Dirac delta. The solution to
Equation (10) for an infinite medium yields the CW photon density as a function of
the distance r from the illumination point [44]:

e /31 1k

g
cw(r) oD p (11)

This expression is often used to guide the interpretation of optical data collected in
tissue. Data collected in a reflection geometry is often modeled using a semi-
infinite model [44], while data in transmission may be modeled using a slab
geometry [11], leading to more accurate predictions of the optical signal with
respect to the infinite-medium solution of Equation (11).

11.3.5 Determination of tissue optical properties using the spatial non-linearity
of diffuse reflectance at short source—detector separations

The solution to the diffusion equation for an infinite medium, which is given by
Equation (11), shows that the In(#Ucw) 1s a linear function of r. It can be shown
that, for a semi-infinite geometry, a linear relationship holds between In(+*Ucw)
and r, provided that r > (3papt)”'? [44-46]. The non-linearity of the In(r*Ucw) at
relatively short source—detector separations (<1 cm) can be used to measure both
the absorption and the scattering properties of tissue from spatially-resolved CW
data. By using this approach, Farrel et al. measured the absorption and the reduced
scattering coefficients of skin in human subjects in vivo [44].

11.4 Time-domain techniques

Time-domain (TD) studies employ a pulsed light source that emits short light
pulses (typically on the order of picoseconds) with a repetition rate of about 1 MHz
[11,12]. Mode-locked solid state lasers, or fast laser diodes are used as the light
sources. Photomultiplier tubes and microchannel plates in photon counting mode,
or streak cameras, are usually employed as the detectors. In the time-domain, one
directly measures the time-of-flight distribution of the collected photons, which
travel along a set of trajectories that are collectively indicated as a light bundle (see
Figure 4(a)).
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Figure 4. (a) Photons that are incident at one point of the tissue (intensity /) and that

are detected at another point, in transmission in the case illustrated in the figure.

(intensity /() travel along a collection of trajectories within the tissue. (b) In the time-

domain, Iy i1s a short (ps) pulse, while /; is broadened and delayed on a time scale ol

nanoseconds as a result of propagation over a tissue thickness L of the order of
centimetres.

11.4.1 Diffusion theory in the time domain

In the diffusive regime, which is often established when light propagates over
several millimeters or more into tissue, the distribution of photon times-of-flight is
given by the solution to the diffusion equation for a point photon source which
emits Ny photons at time ¢ = (0. The corresponding source term is written as
Nod(r)d(r). where o is the Dirac delta, resulting in Equation (12) for the diffusion
equation:

SUyp(r.t C e
“%”;—) - VDVZ UTD(F-, 1+ VHQUTD(}"., ) = NO()(I’)()(I) (]2)
where Urp(r.1) 1s the time-domain photon density at point » and time ¢, and D is the
diffusion coefficient defined in Equation (10). The solution to Equation (12) for an
infinite medium is Equation (13) [11]:

N
‘U; e

NO e =Ly v (13)

(47tz‘)%

UTD(I"., Z) ==

The time dependence of Uyp. which represents the delay and broadening of the
input pulse as it propagates into tissue, is qualitatively shown in Figure 4(b). From
Equation (13) one can see that the behavior of Urp at short times is dominated by
i, (because of the inverse dependence on ¢ of the first term in the exponent, which
contains [1%). whereas the behavior at large times is dominated by u, (because of the
direct dependence on t of the second term in the exponent, which contains p,). A fit
of Equation (13). or its extension to appropriate geometries such as semi-infinite.
slab. cylindrical. or spherical [47], to the experimental data enables one to
independently recover p, and . of tissue [11].
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11.4.2 Time gating

In spectroscopy applications, time-domain techniques can separately measure the
absorption and reduced scattering coefficients of tissue. In imaging applications,
where the goal 1s to measure the spatial distribution of tissue heterogeneities, time-
domain methods offer the capability of time-gating to select photons that are
associated with a time-of-flight (or, equivalently, with a pathlength) in tissue that is
within a given range. Usually, the idea is to select the photons that have traveled the
shortest paths, thus narrowing the light bundle illustrated in Figure 4(a) in an
attempt to improve the spatial resolution [48]. However, the paucity of weakly
scattered photons through tissues that are several centimetres thick poses serious
limitations to the use of short time gates. As a result, the increase in spatial
resolution afforded by time-gating with respect to CW data does not usually exceed
a factor of 2 for a sample thickness of 4 cm and optical properties typical of tissue
[49]. An alternative approach to using a fixed-interval time window is to select a
variable-interval time window to detect a fixed percentage of the total transmitted
photons [50]. Using this variable amplitude of the time window as an imaging
parameter, Benaron and Stevenson obtained images of a rat that identified organs
such as the heart, liver and spleen [50]. It has also been proposed to use as image
parameters the photons collected during various consecutive time windows [51].
This has the advantage that different time windows are affected differently by
boundary conditions and geometrical factors, so that one can identify the optimal
time window according to the specific requirements of each application.

11.5 Frequency-domain techniques

Steady-state measurements are inadequate to determine the optical parameters of
turbid media in the multiple scattering regime. Steady-state measurements only
provide the amount of light that has been attenuated after emerging from the tissue.
As seen in the previous sections, this amount of light depends on several processes,
including absorption, scattering and the index of refraction of the medium. We need
additional measurements to determine the optical parameters with measurement at
a point. One possibility is to measure the time a photon employs to travel from the
light source to the detector, as discussed in Section 11.4. When averaged on many
photons, the time course can provide the necessary information to separate the
contribution to the light transmitted arising from different processes in the medium.
In the simple case of a homogeneous, uniform scattering and absorbing medium we
need to measure only the average time it takes the photons to travel from the source
to the detector. There are several techniques that have been employed to measure
this average time. In general, they fall into two major categories: the time-domain
techniques and the frequency-domain techniques.

In this section we discuss the frequency-domain methods [52,13-15]. The major
difference between the frequency-domain and the time-domain methods is in the
technique used to perform the actual measurements rather than in substantial
physical differences. Both for the time-domain and the frequency-domain method
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we need some sort of modulation of the source intensity, with harmonic content
in the frequency-range that is affected by the light transport through the medium. In
the frequency-domain method, the light is generally modulated sinusoidally in the
frequency range between 50 MHz and 1-2 GHz. This range is necessary to produce
appreciable changes in the characteristic modulation of the light as it travels
throughout the medium. In the frequency-domain approach, the various harmonics
of the light modulation are isolated electronically [53]. Each component is
characterized by an amplitude and phase term referred to the amplitude and the
phase of the source.

This richer information content with respect to steady state spectroscopy, where
the intensity is the only measurable parameter, permits the determination of the
optical parameters of the medium.

In principle it is possible to obtain information about the optical parameters of a
multiple scattering medium without recurring to time-resolved techniques [44]. For
example, the accurate measurements of how the light attenuates as a function of the
distance from the light source at the surface of a tissue could be used to determine
the optical parameters of the medium. In fact, the light distribution depends both on
the scattering and absorption coefficient. Also the angular dependence of the light
emitted by the surface depends on these parameters. However, the mathematical
relationship of these parameters renders the separation of scattering and absorption
problematic and a very high signal-to-noise ratio is needed to separate the
contribution of scattering from absorption. For this reason, the most common
approach to separately measure scattering and absorption coefficients is based on
time-resolved methods.

From the theoretical point of view, there is no basic difference between the
frequency-domain and the time-domain. A Fourier transformation will change the
expression from one domain into the other. However, there are some important
practical differences. In the time domain, the method of the correlated single photon
counting is capable of tagging every photon detected with the time of arrival after
the laser pulse. However, to process this signal, the detector must separately
measure each photon. This is relatively simple to achieve at low photon fluxes but
impossible at high fluxes. In a typical experiment, of the order of millions photons
per second are collected by the detector fiber and even the faster detectors and
counting electronics are unable to resolve them individually. Instead, the
frequency-domain method is essentially an analog system. The photons detected
are converted in the detector photocurrent. Only the average phase and amplitude
modulation is measured. There is no need to separate the contribution of each
photon. This technical difference provides much better linearity at high counting
rate and much faster measurements for the frequency-domain method.

In the frequency domain technique the light source 1s modulated sinusoidally at a
frequency f'in the 50-2000 MHz range depending on the particular implementation
[53]. There are two alternative methods for modulating the light intensity. For light
sources such as light-emitting diodes (LEDs) or solid-state diode lasers. the
current injected into the device is directly modulated [54.55]. Since the diode
characteristics (light-emitted versus input current) is highly nonlinear. the light
intensity contains the tfundamental frequency of modulation and several harmonics.
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This 1s not a problem since the detection system measures each harmonic
separately. This 1s also true for the other type of light sources used in frequency-
domain instrumentation, namely mode-locked lasers that produce a very narrow
light pulse at high repetition rate. In this case, the source contains a wide range of
harmonics that can be filtered and processed individually by the detection
electronics [56]. Whatever 1s the source or method used to modulate the light,
the key feature of frequency-domain technology is the modulation of the intensity
of the light source. If the intensity is sinusoidally modulated at a frequency f,
one can define three parameters: the average intensity (/4. or dc intensity), the
amplitude of the intensity oscillations (/,. or ac amplitude), and the phase of the
wave (¢) with respect to some arbitrary phase, generally the phase of the electronic
driving circuit. These parameters, which completely describe and characterize
the sinusoidally modulated wave, are the quantities of interest in frequency-domain
spectroscopy. On the basis of these definitions, the intensity modulated signal can
be written as

[ = I + [,.cos(D — wt) (14)

where w is the angular modulation frequency (w = 2nf with f modulation
frequency). The ratio (/,./14.) 1s called modulation (m). In some applications, phase
and modulation are the only parameters of interest.

In a typical experiment, the modulated light source is coupled to an optical fiber
which is then put in contact with the tissue of interest. A second optical fiber
collects the light at the tissue surface after it has traveled some distance and then is
processed by the detection electronics. In most instruments, there are several light
sources emitting at different wavelengths and several fibers to collect the light at
different points on the tissue surface.

Optical detectors employed in frequency-domain spectroscopy include photo-
multiplier tubes (PMTs), avalanche photodiodes (APDs), and CCD cameras with
image intensifiers. In all cases, the signal at a given frequency is not measured
directly. Rather the detector gain is modulated at a frequency that is slightly
different from the frequency of the light source. This process, called heterodyning,
results in the creation of additional frequencies, in particular at the sum and
difference between the frequency of the source and the frequency used to modulate
the detector gain. Generally it is the difference frequency that is used. It is possible
to show that this difference frequency contains the same phase and amplitude
information as the original high frequency. but it appears in a frequency range that
is very easy to measure, digitize and process with modern electronic components
[56]. Figure 5 shows a typical frequency-domain instrument.

When working in the frequency-domain. it is usetul to think of light propagating
in a turbid medium in terms of photon density waves. These waves of light intensity
modulated at high frequency travel at constant velocity in the medium. Photon
density waves display some of the optical phenomena associated with waves such
as reflection, refraction and diffraction. The velocity of the propagation of the
photon density waves and their attenuation in the turbid medium depend on the
medium optical parameters and on the light modulation frequency. In particular,
the photon density Ugp(r) of the wave at a detector point at the distance r from
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Figure 5. Portable
instrument has 16 diode
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the source is given by Equation (15), which s valid in the diffusion regime m an
infinite and homogencous medium [57]:
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where ¢ 15 the angular modulation frequency, ris the source—detector separation. »
is the speed of light in the medium. D 1s the diffusion coefficient which is defined as
A3+ )] with gl as the reduced scattering coctlicient, p, is the absorption
coetlicient. & = [{vu, — i)/ (vD) ]‘%, by 1s the phase of the source and § its strength.
Equation (15) 1s the frequency-domain equivalent of Equation (13) in the time
domain. From Equation (15), the phase and the amplitude ot the wave can be
calculated taking the argument (for the phase) and the magnitude (for the amplitude:
of Equation (15). In particular, Equation (15) leads to the following expressions:
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What is important is that from the phase @ and amplitude Ux¢ of the wave it is
possible to extract the reduced scattering and absorption coefficients of the medium.
In the next section we discuss how to measure accurately the value of the phase and
attenuation of the photon density wave.

[11.5.1 Spectroscopy: the multi-distance method

One of the major problems encountered in the practical application of the
measurement of the absorption and scattering parameters of turbid media using
the front of the photon density wave is that the so-called *“‘source terms”, i.e., the
phase and the amplitude of the source are not known exactly. In addition, even if
they were known exactly, the description of the light transport in the multple
scattering medium is well described by the diffusion approximation only far from
the source. We have shown that the extrapolation of the photon density wave
phase measured far from the source back to the source can give values of the
phase that are unphysical. This apparent contradiction is due to the approximation
used to describe the propagation of the photon density wave. However, after
traveling for a distance of about 7-8 mm from the source, the propagation of the
photon density wave is well described by the diffusion approximation [58]. Since
at those larger distances, the photon density wave travels at constant velocity and
attenuates like an exponential divided by the distance, if we use the slope of the
phase (Sg) as a function of distance and the slope of the logarithm of the
amplitude (DC or AC) multiplied by the distance (Sy. and S,., respectively), we
obtain three straight lines (see Equations (16)—(18)). From each one of a pair of
slopes, we can extract the values of the absorption and scattering coefficients in
the region in which the photon density wave is propagating according to the
following expressions [59]:

S SZ 3
using DC, Phase: p, = ——;1—)%93 (S;D + 1) (21)
FAUNT) de
Sy S,
using Ac, Phase: p, = ;—U (g—ql — S—C) (22)
v ac 0]
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using DC, Phase or using DC, AC: p, = 33’3 — U, (24)
a

S
using AC, Phase: p, = (25)

There are additional practical advantages of the multi-distance method, one of
the most important being the relatively independence of the slope measurement on
the curvature of the surface. For practical purposes, we have implemented the
measurement of the slope of the phase and amplitude by measuring the amplitude
and the phase of the photon density wave at four selected distances from the source.
A computer algorithm calculates the average scattering and absorption from those
slopes. The recovery of u, and i, is very accurate and given the nature of the
measurement, i.e., measuring a slope rather than a value, are largely independent of
the absorbance of the skin or other local factors [59-61]. Figure 6 shows a typical
probe exploiting the multi-distance method. This specific probe was designed to be
applied to the forehead. Although the equations we have reported are valid in the
infinite medium, similar equations can be written for the semi-infinite medium,
which better approximate actual measurement techniques in vivo [45].

The crucial point in the determination of the optical parameters of tissues
using the multi-distance method is in how well the actual anatomy realizes
the conditions of a semi-infinite medium. We have demonstrated that the effect of
the skin absorption is negligible in the multi-distance method, but the effect of
large underlying structures, such as bones or fat layers, may strongly modify the
modalities of light propagation. We have performed measurements on layered

Light source fibers

Detector fiber

Figure 6. Light from 16 diode lasers at different wavelength are brought to the tissue surface
at several distances from the two detector fibers. The detection algorithm automatically
calculates the optical parameters using the multi-distance equations.
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structures {62,63] to asses how much the multi-distance method is affected by the
different layers. The results are quite complex and cannot be easily generalized,
since they strongly depend on the optical properties and thickness of the different
layers. However, for reasonable parameters of the intervening layers, the multi-
distance method may provide one of the most robust approaches. As a general
comment, only the full solution of the inverse problem will provide the correct
medium parameters for a non-homogeneous medium. In the absence of a fast and
reliable solution of the inverse problem, and for measurements of small variations
of the optical parameters of one of the layers, the multi-distance method is one
of the less affected by systematic errors due to layered structures. In measuring
the optical parameters of muscle it appears that the assumptions of a relatively
homogeneous mass are well satisfied.

11.5.2 Spectroscopy: multi-frequency

The equations describing the attenuation of photon density waves as they propagate
in a multiple scattering medium show that the attenuation and the phase shift, for a
given distance r, depend also on the modulation frequency f (or, equivalently, the
angular modulation frequency w). The measurements of phase shift and the
modulation ratio as a function of the frequency provide another method to
determine the optical parameters of the medium [64,65]. The signal-to-noise ratio
analysis and a comparison between the multi-distance and multi-frequency method
has been performed [66]. The conclusion is that the two methods are comparable
provided that a relatively wide range of frequencies are measured. However,
the electronics needed to implement the multi-frequency method is different. The
multi-frequency method has the distinct advantage that all the measurements are
performed at the same distance. Therefore, artifacts due to local skin heterogeneity
are absent. However, the requirement of wide band detectors and electronics
reduces the sensitivity of the measurement. In practice, the current implementation
of the multi-frequency method utilizes avalanche photodiode detectors that limit
the sensitivity [67]. Also the modulation electronics and the frequency analysis are
done differently. As a result of the different electronic components. the current
instruments have limited penetration. However, they have better capability to
accurately recover the optical parameters of the medium.

11.5.3 Imaging: diffuse optical tomography

Once we realized that one can measure the optical properties of tissue, the next step
is to build a map of the properties over a large region of the tissue. The basic idea is
that the optical parameters are locally different and that each type of tissue has
different optical properties. The major complication is that in regions in which there
is a superposition of contributions from different tissues it is not possible, with a
single frequency-domain measurement, to distinguish the different tissues. In this
case, numerous measurements are performed and then an algorithm of inversion is
used to estimate the original map of the optical parameters. As computational
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methods have become faster and more precise, several labs have been working on
this possibility. Again., the methods used are classified as CW methods, in which
steady-sate light is used and time-resolved methods, either in the frequency or time
domain. The tomography issue will be further discussed in the section on optical
mammography.

11.6 Near-infrared assessment of oxygenation
and pharmacokinetics

One of the unique capabilities that the near-infrared technique provides is the
possibility to continuously monitor physiological parameters such as hemoglobin
saturation, total hemoglobin content, and blood flow and oxygen consumption. This
is due to the non-invasive character of the determination and of the physical
principle of the measurement that allows absolute measurements. In this section we
discuss the measurements of physiological parameters, their accuracy and under
which assumptions we expect that the values measured are accurate.

One of the most important applications of the near-IR technique is the
determination of the concentration of the oxy- and deoxy-hemoglobin in tissue.
When these two concentrations are know then other parameter such as tissue
hemoglobin oxygen saturation and tissue total hemoglobin content can be
determined. We have shown in the previous section that it is possible to determine
the absolute absorption coefficient at the source wavelength in a uniform
homogeneous medium. In tissue, the absorption value is determined by the sum
of the contributions of all substances that absorb at each wavelength. To proceed
with the measurement of concentrations, we need to account for the relative
contributions of the major absorbers. In practice, only a few chromophores are
concentrated enough or their extinction coefficient is large enough to substantially
contribute to the absorption in the wavelength range from 650 to about 900 nm
where most of the measurements are performed. In this region, the major
contributions arise from hemoglobin, water and fat. Hemoglobin has two major
forms, oxygenated and deoxygenated. There are also other chromophores that can
potentially contribute to the absorption, myoglobin, melanin, cytochrome and other
substances [68]. However, their contribution in a normal tissue is less than a few
percent and we will not discuss their detection in this chapter. Figure 2 shows the
spectrum of water, oxy-hemoglobin and deoxy-hemoglobin.

Since in most of the wavelength range considered we have three major
contributions to the absorption, we need to determine the absorption coefticient in
at least three different bands. However, the contribution of water is less than that of
hemoglobin in the wavelength range 700 to 900 nm. In many instruments two
wavelengths are used with the purpose to quantify only the hemoglobin and the
contribution of water at these wavelengths is estimated and a correction is used. Of
course, this method does not provide a measurement of the water content of tissue.
A more accurate approach is to determine the absorption at many wavelengths. An
interesting approach has been developed in Tromberg’s laboratory that uses a



