Chapter 18

Physics of Photodynamic Therapy

Steen J. Madsen

Introduction

Photodynamic therapy (PDT) uses light-activated drugs (photo-
sensitizers) for the treatment of neoplastic and non-neoplastic
diseases. Administration of the photosensitizer constitutes the
first step in the PDT process. Then, following a waiting period
(minutes to days) to allow for selective accumulation in the target
tissue, the sensitizer is activated via light (usually from a laser) of a
wavelength matching a prominent absorption resonance in the red
or near-infrared part of the visible spectrum. Absorption of this
light by the photosensitizer results in photochemical processes
which ultimately produce the cytotoxic species (e.g., singlet molec-
ular oxygen) responsible for the biological damage.

The beginning of photodynamic therapy (PDT) is generally
attributed to Raab in 1900 [1] who noted that the combination of
dyes and light of certain wavelengths was toxic to microorganisms;
however, it wasn’t until the 1970s that this therapeutic approach
was introduced into the clinic [2, 3]. At that time PDT dosimetry
was in a primitive state and it was recognized that, in order for
PDT to gain clinical acceptance, a more rigorous dosimetric
approach requiring a better understanding of PDT physics was
required. A number of pioneering studies laying the foundation for
PDT dosimetry were initiated in the 1980s. These studies focused
primarily on gaining a better understanding of PDT dosimetry
along with developing noninvasive (or minimally invasive) tech-
niques for determining the three essential dosimetry components:
light, photosensitizer, and oxygen. An excellent summary of the
state of PDT physics in the 1980s, along with a recent update, can
be found in [4] and [5], respectively.
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The purpose of this review is to provide an overview of the
physics of PDT as it relates to dosimetry. Of the three dosimetry
parameters, light interactions /propagation cannot be understood
without a rudimentary knowledge of optical physics and transport
theory and, as such, these topics are discussed in significant detail
and they provide a good starting point for the review. Knowledge
of the optical properties of biological tissues is important for pre-
dicting light distributions and their in vivo measurement is consid-
ered in section “Optical Property Measurements In Vivo.” This is
followed by an in-depth examination of various dosimetric
approaches that can be used to predict biological response during
PDT. The review concludes with an examination of dose-rate
effects and associated strategies for improving PDT response.

Fundamental Light Interactions in Tissue

Knowledge of light distributions in biological tissue is critical for
accurate PDT dosimetry. There are four fundamental types of
interactions between light and tissue: refraction, reflection,
absorption, and scattering. Reflection and refraction occur when
light propagates between two different media and they are
described by Fresnel’s Law and Snell’s law, respectively. The loss
of light intensity between the interfaces is determined by the dif-
ference in refractive indices between the two media. From a prac-
tical point of view, light loss can be minimized by perpendicular
light application [6].

Scattering is the most dominant interaction in tissues account-
ing for approximately 90-99 % of the total light attenuation [7].
This is in stark contrast to X-ray interactions in tissue where attenu-
ation due to scattering and absorption is approximately equivalent.
The dominance of light scattering in tissues makes optical imaging
significantly more difficult than X-ray imaging. Light scattering
can be either elastic (incident and scattered photons have the same
energy) or inelastic (incident and scattered photons have different
energy). In PDT applications, inelastic scattering (e.g., Brillouin
and Raman) is negligible and can be ignored. The dominant elastic
interactions in tissues are Rayleigh and Mie scattering: the type of
interaction is determined by the ratio of the scattering particle size
to the wavelength of light and the shape of the particle. Mie scat-
tering dominates in situations where the wavelength and particle
size are approximately equal, while Rayleigh scattering dominates
for wavelengths much larger than the particle size. In practice,
neither type of elastic scattering completely describes the situation
in biological tissues and, as such, a number of closely related scat-
tering formulations have been developed [8].
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Compared to scattering, light absorption in tissues is relatively
straightforward and can be described by the Beer—Lambert
law [9]:

I=1e°" (1)

where I and I, are the transmitted and incident light intensities,
respectively, ¢ is the molar extinction coefficient, C is the concen-
tration of the solution, and L is the sample thickness. The Beer—
Lambert Law is valid only under the following assumptions [10]:
(1) the absorbing compounds are independent, (2) the concentra-
tion of the absorber is constant along the light path (generally not
true in case of a complex material such as tissue), (3) atomic effects
such as multiphoton absorption, optical saturation, or stimulated
emission can be ignored (this is the case for the relatively low light
intensities used in PDT), and (4) the incident light consists of par-
allel rays that traverse the sample without scattering (not the case
for biological tissues). Since some of these assumptions are invalid
in scattering media, the Beer-Lambert law has limited utility in
biological media and, therefore, more sophisticated models of light
transport are required to accurately determine the optical
properties.

Light absorption in tissue is due primarily to a few highly
absorbing molecules (chromophores) including water, oxyhemo-
globin, deoxyhemoglobin, melanin, and cytochromes. The absorp-
tion spectra of these molecules are illustrated in Fig. 1 which shows
that there is an “optical window” between 600 and 1400 nm where
the absorbance of each chromophore is relatively low. This optical
window provides the rationale for using red to near-infrared absorb-
ing photosensitizers since these wavelengths have the deepest
penetration in tissues.

Light Transport in Biological Tissues

Tissues are considered optically turbid since they scatter and absorb
light and, as such, light propagation can be modeled using the
radiation transport equation (RTE), also known as the Boltzmann
transport equation [11]. Solution of the RTE requires knowledge
of the fundamental optical properties (absorption, scattering, and
scattering anisotropy). Once the tissue optical properties have been
determined, the RTE can be used to calculate the light distribution
(fluence rate) at any point for a given source geometry. Analytical
solutions to the RTE exist in only a few limiting cases, thus neces-
sitating the use of approximate methods.
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Fig. 1 Absorption spectra of common tissue chromophores. An optical window corresponding to reduced
scattering and absorption is evident from 600 to 1400 nm. Hb hemoglobin, Hb02 oxyhemoglobin

Radiation Transport
Equation

The time-dependent RTE describing light transport in a turbid
medium can be expressed as [5]:

lagL(r,Q,t) +Q-VL(r, Q1) + [, (r) + p, (1)]L(r, Q1)

Vv ot ’ ’ ' (2)
=, [ PQO)LEQ 1)dQ +S(r.Q.0)
4

where L(r, ) is the energy radiance which is the radiant power
transported at location r in a given direction Q per unit solid
angle per unit area perpendicular to that direction [W m=2 sr!].
The energy radiance is considered the fundamental quantity of
interest in the RTE. The energy fluence rate, Ey(r) [W m2], can be
determined simply by integrating the radiance over 4x solid angle.
This is an important parameter in a number of applications includ-
ing PDT. The absorption coefficient is denoted by u,, while the
scattering coefficient is given by u,. S(r, €, ?) is a source term, v is
the speed of light in tissue, and p(Q,€") is the phase function which
gives the probability that a photon moving in the direction of unit
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vector Q is scattered in the direction Q'. The phase function can be
expanded as a series in Legendre polynomials, Px [12]:

n=0
POQ) =32+ Db R O.Q) (3)
T

The first term accounts for normalization (4y=1) and the second
term yields &, =g, the mean cosine of the scattering angle. Accurate
values for higher order terms in the expansion of the phase func-
tion are very difficult to obtain for biological tissues. The value of
g varies from -1 to 1: g=0 corresponds to isotroptic scattering,
while values of 1 and -1 correspond to total forward and backward
scattering, respectively. Light scattering in most tissues is highly
forwardly directed (y~0.7-0.9), thus requiring several scattering
events to randomize the direction of light propagation. The most
commonly used phase function to describe light scattering in tis-
sues is the Henyey—Greenstein phase function which is defined by
bn=gn in Eq. (1) [13]. This phase function was originally devel-
oped to describe light scattering in stellar atmospheres and can be
applied to biological tissue in a very straightforward manner since
it only depends on one parameter (g).

Solution of the RTE assumes that the wave properties of light are
ignored and therefore light photons propagating in biological tis-
sues are considered as neutral particles, much like neutrons in a
nuclear reactor. Analytical solutions to the RTE can be found in
only a few limiting cases. Chandrasekhar [14] solved the case of a
homogeneous, semi-infinite, isotropically scattering medium irra-
diated with a collimated beam of infinite extent, while Rybicki [15]
solved the RTE in a similar medium irradiated with a narrow col-
limated beam. Due to the geometrical constraints and the simple
assumptions regarding medium composition, these techniques are
not relevant for clinical PDT.

The most commonly used numerical technique for solving the RTE
is Monte Carlo (MC) modeling. Although the Monte Carlo approach
was introduced in the late 1940s to investigate neutron transport in
various materials [16], it wasn’t until the early 1980s that it was
applied to tissue optics [17]. The MC technique is capable of solving
the RTE to a high degree of accuracy and, as such, it has become the
gold standard for modeling light propagation in tissue [18]. For
example, MC simulations are commonly used to verify the accuracy
of analytical models such as diffusion theory [19].

The algorithms used in MC simulations are relatively straight-
forward and codes for simulating light propagation in tissues are
readily available (e.g., [20]). MC simulations track the history of
individual photons in the medium, and parameters such as the
distance between interactions and the scattering angle are sampled
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The Diffusion
Approximation

from appropriate probability distributions which depend on the
optical properties of the medium [17]. The fluence can be deter-
mined from the number of photon interactions recorded in each
volume element. In addition to obtaining light distributions from
known optical properties (the forward problem), MC modeling
can also be used to estimate optical properties by fitting simulated
light distributions to experimental data (the inverse problem).

The primary advantage of the MC approach is that it can be
used to simulate light propagation under realistic conditions (e.g.,
variety of light sources, multiple tissue types, and complex geom-
etries); however, this flexibility comes with a price: simulations can
be computationally intensive as they typically require millions of
photon histories to obtain the desired accuracy—the higher the
degree of accuracy required, the longer the simulation time.
A number of techniques have been introduced to increase the
speed of MC simulations including scaling and perturbation meth-
ods, hybrid approaches, variance reduction techniques, and parallel
computation methods [21]. Parallel computation methods are
particularly intriguing since they have the potential to significantly
reduce computation times. In essence, this approach involves run-
ning an MC simulation simultaneously on many computers with
the goal of using the dead time of networked computers to increase
the speed of MC simulations. A variation of this approach is to use
a multiple processor MC code that can be run on one computer
with multiple processors, i.c., parallelization [22]. Other tech-
niques for increasing computation speed include (1) the imple-
mentation of MC codes in graphic processing unit (GPU)
environments [23], (2) using field-programmable gate arrays [24],
and (3) using Internet-based parallel computation (cloud comput-
ing) [25]. Some of these approaches have been shown to reduce
computation times by a factor of 1000 compared to conventional
CPU-based approaches [21].

MC modeling of light propagation in biological tissues has
been used to simulate a number of common optical measurements
including fluorescence and diffuse transmittance and reflectance.
MC modeling is ideally suited for PDT applications since it can be
used in realistic treatment situations involving multiple sources,
complex geometries, and heterogeneous tissues. For example, MC
simulations have been used to characterize PDT dosimetry in a
variety of oncologic applications including prostate [26] and skin
cancers [27-29]. In this context, MC modeling is particularly use-
ful since it has the ability to simulate both the temporal and spatial
distributions of the fundamental dosimetric PDT parameters (light
distribution and photosensitizer and oxygen concentrations).

Under the assumption that the radiance is only weakly direction
dependent (i.e., linearly anisotropic), the integro-differential equa-
tion [Eq. (1)] can be expressed as a partial differential equation
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that can be solved using standard techniques. Specifically, the
radiance is expanded in terms of spherical harmonics, 7,,,, with
only the first two terms considered. In terms of the fluence rate,
Ey(r), the diffusion equation can be expressed [5]:

%%Eo (r,0) =V -[3(1 = g(r)p (O] VE (r.0) + p, (N E, (r,0) = S(r,1) (4)

Other Approximation
Methods

In the diffusion approximation, the source-free equations are
invariant for changes in y, and g that leave u (1 -4) constant [30].
Therefore, the precise value of 4 might not be required in regions
where the diffusion approximation holds, i.e., far from boundar-
ies and sources and in highly scattering media (g, (1 -4)>u,).
This represents a significant simplification since g is very difficult
to measure. Thus, for determination of light distribution in tissues,
it is sufficient to know p, and u,(1 - g) accurately and g only approx-
imately [31]. p(1-4) is typically denoted by y, the so-called
reduced (or transport) scattering coefficient. Accurate values of g
may only be important close to boundaries and sources, i.e.,
under conditions where the diffusion approximation is invalid. In
such instances, alternative approximation methods are required,
e.g., higher-order analytic solutions using spherical harmonics for
the angular parameters in Eq. (1) and expansion of the phase
function in Legendre polynomials [Eq. (3)] [32]. Analytic solu-
tions to the diffusion equation exist only for very simple conditions
(optically homogeneous tissue) and geometries (infinite, semi-infi-
nite, and slab) [33].

Kubelka and Munk developed a simple two-flux model to describe
the propagation of a uniform diffuse irradiance in a one-dimensional
slab with no reflection at the boundaries [34, 35]. It is assumed
that the slab is illuminated by a Lambertian source and that the
radiance remains isotropic with depth. The model has been used
primarily for determining the optical properties of tissues in simple
layered models; however, the underlying assumptions of isotropic
scattering, matched boundaries, and diffuse irradiance are unreal-
istic for many light-tissue applications.

The inverse adding doubling (IAD) technique is a numerical
solution to the one-dimensional RTE that is applicable to homo-
geneous turbid slabs with any optical thickness, albedo, or phase
function [36—38]. The method is a reversal of the usual procedure
of calculating reflection and transmission from optical properties,
hence the term “inverse.” The IAD approach is ideally suited to
measurements involving biological tissues placed between glass
slides, and it has been used to determine the optical properties of a
wide variety of tissues. Since this technique applies only to uni-
tormly illuminated homogenous slabs, it is difficult to envision its
use for in vivo determination of optical properties.
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Optical Property Measurements In Vivo

Steady-State
Spectroscopy

Reflectance Measurements

A number of methods have been employed to measure the optical
properties of biological tissues. These include direct methods
requiring tissue samples sufficiently thin such that single scattering
dominates. This requires measurements on excised tissues.
Unfortunately, the results are fraught with uncertainty due to
preparation and handling artifacts such as blood loss and freezing,/
thawing. These types of measurements are ill suited to the clinic
since they are time intensive and cannot be used for real-time opti-
cal property monitoring during PDT. For these reasons, the focus
has been on in vivo measurements using either invasive or nonin-
vasive approaches. Invasive methods involve the insertion of fiber
optic sources and detectors directly into the tissue of interest for
measurements of the light distribution. A model of light propaga-
tion in a homogeneous medium is then employed to estimate the
interaction coefficients from a set of measurements (e.g., the flu-
ence rate at a number of distances from the internal source). Such
measurements are commonly employed in PDT. In noninvasive
approaches, the sources and detectors are placed in contact with
the external boundary. Although this is less intrusive, the accuracy
of the optical properties is often difficult to estimate since the light
travels through different tissue types.

Spectroscopic techniques for in vivo determination of tissue
optical properties can be divided into three categories: steady-state
(or continuous wave), time-resolved, and frequency domains. In
the vast majority of cases, the diffusion approximation is used to
extract the optical properties (u, and ).

In diffuse reflectance measurements, light is collected by a detector
fiber at a known distance from a source fiber (Fig. 2a). Both fibers
are placed in contact with the surface of the medium and the mea-
sured reflectance is fitted to a model of light propagation (i.c., the
diffusion approximation) in order to extract the optical properties
of the medium. Nonlinear least squares fitting routines (e.g.,
Levenberg-Marquardt algorithm) are commonly used to fit the
measured data to the model [39]. Analytic expressions based on
the diffusion approximation have been derived by a number of
groups applicable in simple geometries such as semi-infinite homo-
geneous media [19, 40, 41]. Using the diffusion theory solution
of Kienle and Patterson [41], the diffuse reflectance as a function
of fiber separation (p) is given by

R(p)=Cy(p)+C,j.(p) (5)

where y(p) is the fluence rate at the surface and jz(p) is the reflected
flux exiting the surface from the tissue. C; and C, are constants
which depend on the relative refractive index mismatch at the tissue/
detector interface and the numerical aperture of the detection fibers.
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Fig. 2 Noninvasive spectroscopic approaches for determining optical properties. (@) Photons are introduced
into a homogeneous semi-infinite tissue-like medium via an optical fiber (S) and detected by an optical fiber
(D). In the steady-state approach (b), diffusely reflected photons are collected as a function of source-detector
fiber separation (p). In time-resolved spectroscopy (c), diffusely reflected photons are detected as a function
of time. In the frequency domain, the phase shift (¢) (d) and demodulation amplitude (m) (e) are determined as
a function of modulation frequency (w). In all cases, the tissue optical properties (u, and u;) can be determined
by fitting the diffusion approximation to the experimental data illustrated in (b)—(e)

If the index of refraction of tissue is 1.4, the numerical aperture of
the detection fiber is 0.22, and if the index of refraction of the
detector fiber is 1.46, then C; is 1.46 and G, is 0.0389 [42]. In Eq. (5),
w(p) and jz(p) are given by

1 (exp(_.ucffrl (P))  exp(—Heh (p)))

Vi 4nD n(p) 1(p)

(6)
and

1 exp(—peri(p) 1 1 exp(—pe s (P)
. - 2 b eff P
M S AT T

()= (e + (7)

4ru

where Dis the diffusion coefficient (=[3(p, + 1,)]™), Hesr is the effec-
tive attenuation coefficient (=[3u, (1, + 1,)]"*), and g, is the total
interaction coefficient (= u, + p.). The parameter z, is the extrapo-
lated boundary position, i.e., the location of an imaginary boundary
a distance of 2AD above the surface of the medium, where A is a
dimensionless constant determined by the relative refractive index
mismatch at the boundary [40]. The parameter 7(p) is the dis-
tance from a detection point on the surface of the medium to an
imaginary point source located one transport mean free path
(=1/ ;) directly below the source fiber, while 7,(p) is the distance
from the detection point on the surface to a negative image source
located at a distance of 1/ g, +2z, directly above the source fiber.
The rationale for using these parameters is discussed in detail in
[40]. The use of reflectance measurements and steady-state
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Interstitial Measurements

Time-Resolved
Spectroscopy

Frequency Domain
Spectroscopy

diffusion theory has been shown to yield values of u, and g, to an
accuracy of around 10 %.

Equation (18.5) applies to a semi-infinite homogeneous
medium. Solutions to the diffusion equation in the steady-state,
time, and frequency domains have also been derived for two-lay-
ered turbid media with an infinitely thick second layer [43].

Both source and detector fibers are inserted into the medium and
the fluence rate is measured as a function of radial distance between
the fibers. Due to the limited penetration depth of light in biologi-
cal tissues, the medium is typically considered infinite in extent
and, as such, boundary conditions can be ignored and the solution
to the diffusion equation is thus relatively trivial. In this case, the
fluence rate ¢ at a distance » around an isotropic point source
delivering a radiant power P into the infinite turbid medium is
given by [44]:

P
4w Dr

o(r)= eXP(—Hegr?) (8)

The equation can be modified to account for tissue heterogeneity
and extended sources [45].

In time-resolved (or time-of-flight) spectroscopy, the temporal
spreading of a short light pulse (<1012 s) is measured in reflec-
tance or transmittance mode as it travels through a scattering
medium such as tissue (Fig. 2c). The temporal spreading of the
light pulse is related to the optical properties of the medium which
may be extracted via application of a model of light propagation.
For example, the time-dependent diffusion equation has been
solved for semi-infinite and finite homogeneous tissue slabs [46] as
well as spherical and cylindrical geometries [47]. A particularly
useful quantity is the time-resolved diffuse reflectance from a
homogeneous semi-infinite tissue slab:
2 + 2
R(p,t)=(4nDc) ™ z)t > exp(—p,ct) exp(— u) (9)
4Dct

where p is the source—detector fiber separation, ¢ is the speed of
light in tissue (=0.214 mm ps~! assuming that #=1.4), and 2 is the
depth at which the incident photons are initially scattered (=1/ ;).
Time-resolved spectroscopy has been investigated in a wide variety
of geometries [43, 46, 48] and the accuracy of the derived optical
properties (u, and ) is similar to that obtained with steady-state
techniques (10 %). The high cost of instrumentation required for
time-resolved spectroscopy is a significant limitation.

In frequency domain spectroscopy the intensity of light incident
on biological tissue is modulated at a high frequency (108-10° Hz)
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and the diffusely reflected or transmitted signal is measured with a
phase-sensitive detector (Figs. 2d,e). It has been shown that
intensity-modulated light propagates through multiple scattering
media as diffuse photon density waves with a coherent front
[49-51]. Since density wave dispersion is a function of the optical
properties of the material interrogated, the absorption and trans-
port scattering coefficients can be determined simply by fitting the
measured frequency and distance-dependent behavior to analytical
expressions derived from diffusion theory [40, 51, 52]. For exam-
ple, Fourier transformation of Eq. (18.9) yields analytic expres-
sions for the modulation and phase as functions of the optical
properties of the tissue.

Compared to time-resolved techniques, frequency domain
spectroscopy offers several advantages including (1) cheaper instru-
mentation, especially for frequencies below 200 MHz [53, 54],
(2) the possibility of determining the optical properties (g, and y;)
from modulation and phase measurements at a single frequency,
and (3) the potential of monitoring dynamic phenomena (e.g.,
hemoglobin oxygenation) since both modulation and phase can be
measured over short time periods. For these reasons, frequency
domain spectroscopy has become the preferred method for diffuse
optical spectroscopy applications.

SZ F Y T IC A = light absorption ISC = intersystem crossing
I | - Sp = ground state F =fluorescence
------ l-““-" Vibrational states Sl = first excited singlet state P= phosphorescence
| Tq = triplet state 10, = singlet oxygen
.- "““i """" IC = Internal conversion 30, = triplet oxygen
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Fig. 3 Abbreviated Jablonski diagram showing the most relevant energy levels and transitions for singlet
oxygen-mediated PDT. Solid and dashed arrows denote radiative and non-radiative transitions, respectively.
De-excitation of singlet molecular oxygen to ground-state triplet molecular oxygen is accompanied by 1270 nm
phosphorescence which can be used as a direct dose metric during PDT
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PDT Dosimetry

Introduction

In comparison to ionizing radiation, PDT dosimetry is not well
developed. This can be attributed to the complexity of the PDT
process which is illustrated in Fig. 3. A photosensitizer in its ground
state is characterized by paired electrons with a total spin (S)=0
and a corresponding spin multiplicity of 1. This ground-state
configuration is termed a singlet state (S). Upon absorption of
photons of appropriate energy, the photosensitizer is raised to an
electronically excited singlet state Sn (z=1, 2, 3...) which contains
additional vibrational modes. The photosensitizer may return to its
ground state resulting in prompt fluorescence emission; however,
efficient photosensitizers typically undergo an intersystem crossing
(ISC) through rearrangement of electronic spin resulting in a trip-
let excited state (7). This triplet state has a relatively long lifetime
in biological tissues (typically tens of microseconds) and, in well-
oxygenated conditions, de-excites via energy transfer to ground-
state molecular oxygen in a triplet state (30,). If sufficient energy
is provided in this transfer, singlet excited oxygen 'O, is produced.
For example, typical sensitizers yield approximately one molecule
of singlet oxygen for every two photons absorbed [55]. There is
strong evidence showing that singlet oxygen is the primary cyto-
toxic species in PDT [56, 57]; however, reactions yielding other
reactive species have also been demonstrated [58]. PDT-induced
tissue necrosis requires the production of approximately 10'#-10"?
molecules cm~2of singlet oxygen [59].

Clinical PDT dosimetry has traditionally been accomplished
based on the amount of photosensitizer administered followed by
measurement of the incident light exposure. This is a very simplis-
tic and inadequate approach due to intra- and inter-patient vari-
ability in sensitizer concentrations. Second, the light distribution is
dependent on the optical properties of the target tissue. Third, the
yield of singlet oxygen depends on the oxygenation state of the
tissue. Finally, the photosensitizer concentration, light distribu-
tion, and tissue oxygenation may change during treatment and one
parameter may interact with the other. These factors must be
accounted for in a successful PDT dosimetry scheme.

Assuming that singlet oxygen is responsible for the biological
response, Wilson et al. [60] have proposed three dosimetry
approaches:

1. Explicit dosimetry which typically involves separate measure-
ments of light, photosensitizer, and oxygen during PDT. These
measurements are then incorporated into a dose model.
Although this is a cumbersome approach fraught with uncer-
tainties, it has nevertheless been used by a number of groups
[61-63].
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2. Implicit dosimetry in which a combination of treatment param-
eters are incorporated into a single dose metric, e.g., photosen-
sitizer photobleaching which can be determined by monitoring
photosensitizer fluorescence during PDT. Fluorescence spec-
troscopic measurements of photoproducts associated with
photobleaching have also been proposed as an implicit dosim-
etry technique [64—66].

3. Direct dosimetry in which the cytotoxic species, single oxygen,
is measured.

Strategies for measuring the individual components (light
photosensitizer and oxygen) required for explicit dosimetry will be
summarized in sections “Light Dosimetry,” “Photosensitizer
Dosimetry,” and “Oxygen Dosimetry,” while implicit dosimetry
techniques and direct singlet oxygen measurements will be dis-
cussed in sections “Implicit Dosimetry” and “Direct Dosimetry,”
respectively.

Determination of light fluence was discussed in section “Light
Transport in Biological Tissues.” It was shown that the fluence
(and fluence rate) can be determined from knowledge of the tissue
optical properties and the irradiation geometry. Another approach
involves the direct measurement of the fluence rate which is
typically accomplished at discrete points within the tissue. Rather
than generating a complete fluence rate profile, which would
require many invasive measurements, the goal is usually to verify
the results of calculations and /or to determine the fluence rate at
clinically critical locations where calculations may be suspect (e.g.,
near boundaries). Measurements are typically accomplished using
small diameter (%200 pm-dia.) optical fibers with isotropic scatter-
ing tips. Using commercially available fiber probes with highly uni-
form angular response (+5 %), fluence rate measurements can be
made with an accuracy of around 5-10 % [5].

A number of approaches have been used to measure photosensi-
tizer concentration in tissues. The most promising techniques
involve optical methods based on absorption, fluorescence, or
Raman scattering which can yield the concentration at discrete
points or the mean concentration over a tissue volume.

Since most photosensitizers fluoresce, the fluorescence emis-
sion from a tissue can be used to infer the concentration of the
photosensitizer. The relationship between emission and concentra-
tion is not straightforward since the emission may be affected by
the local environment of the photosensitizer including pH. Another
complication is that both the excitation and emission light typically
propagate through thick tissue layers and, therefore, the detected
fluorescence will depend on the tissue optical properties. This
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Oxygen Dosimetry

effect can be minimized by delivering the excitation light and
collecting the fluorescence via an optical fiber inserted directly into
the tissue [67]. Although this approach is capable of yielding pho-
tosensitizer concentrations to an accuracy of about 10 %, it is
limited by the small tissue volumes sampled. Larger sample vol-
umes have been accomplished using surface probes consisting of
fiber bundles [68].

In the case of non-fluorescing or low quantum yield photosen-
sitizers, absorption spectroscopy is commonly used. The objective
is to determine the photosensitizer concentration from its specific
contribution to the total absorption coefficient. This is typically
accomplished by determining the absorption coefficient over a
range of wavelengths so that the sensitizer peaks can be differenti-
ated from the tissue background absorption. A system for perform-
ing quantitative absorption spectroscopy to estimate photosensitizer
concentration in vivo has been described by Farrell et al. [69].

A number of other approaches have been developed for quan-
tifying sensitizer concentration. The most promising of these is
Raman scattering which has been used for ex vivo measurements
[70], although fiber optic-based Raman systems developed for
in vivo diagnostics could be used for this purpose.

In situ measurements of tissue oxygenation require thin probes.
Commercially available metal-based microelectrodes for measuring
pO, in tissues have tip diameters of a few pm [71]. Although these
microelectrodes are capable of measuring pO, with excellent spa-
tial and temporal resolution, they are rather fragile and can easily
be broken during clinical measurements. Similar to fluence rate
measurements discussed in section “Light Dosimetry,” pO, mea-
surements are made at discrete points in the tissue and therefore
placement of electrodes requires careful consideration of the tissue
to be monitored. A combination fiber optic probe for measuring
pO,, pCO,, and pH was approved for clinical use in 2000 [71].
Advantages of these luminescence-based sensors include their non-
chemical and reversible mechanism of sensing in which both the
probe and the analyte are not consumed, high sensitivity and selec-
tivity, rapid response times (ms), and the possibility of contactless
measurements through a (semi) transparent material [72].
Additionally, due to their larger tip diameters (ca. 500 pm), optical
probes are also more robust. Some studies have found that the
larger fiber optic probes consistently measure a higher fraction of
hypoxic pO, values in both tumors and normal tissues compared to
microelectrodes [73]. This may be due to damage to the microcir-
culation by the larger optic probes.

Although direct microelectrode /fiber optic measurements of
tissue oxygenation have not been attempted during clinical PDT,
spectroscopic techniques, such as those described in section “Optical
Property Measurements In Vivo,” have been investigated. For example,
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Zhu et al. [63] used a continuous wave spectroscopy approach
(section “Interstitial Measurements”) to measure both oxy- and
deoxyhemoglobin concentrations in human prostate during PDT.
Knowledge of these parameters allows evaluation of tissue
oxygenation.

In most instances, implicit dosimetry is accomplished via detection
of photobleaching or photoproducts. In this context, photobleach-
ing refers to the photochemical destruction of the sensitizer
rendering it incapable of further fluorescence. For some photosen-
sitizers, photobleaching is mediated by 'O, and, therefore, it should
be possible to infer its concentration based on the initial and final
sensitizer concentrations. For example, Dysart and Patterson [74]
have developed an expression for the total amount (i.e., dose) of
singlet oxygen generated during a PDT treatment starting at =0
and ending at ¢z=T:
[0, Jdi = ——log, oo 7
T kos [SO ]f:T + }/

Dose=L (18.10)
T

\].___o

where 7, is the singlet oxygen lifetime in the tissue, k, is the sensi-
tizer bleaching rate constant, and y is the effective minimum sensi-
tizer concentration. Therefore, only a few parameters are required
to determine the absolute dose, namely, the initial and final sensi-
tizer concentrations, [ Sy]¢_o and [ Sy]£_ T, and 7y, k., and y.

This model has been verified in simple in vitro systems using
the sensitizer mMTHPC. The model is accurate only under well-
oxygenated conditions (pO,>5 pM) [75] and it cannot be applied
to commonly used photosensitizers such as Photofrin and ALA-
PpIX since they can be photobleached by non-!O, pathways under
hypoxic conditions [74, 76, 77]. The results of these studies sug-
gest that there are likely two different photobleaching mechanisms
for sensitizers such as Photofrin: one mediated by singlet oxygen
and the other by the sensitizer triplet state. The relative impor-
tance of each depends on the ambient oxygen concentration.
Furthermore, it has been postulated that the fluorescent photo-
product of Photofrin is due exclusively to singlet oxygen-mediated
bleaching and, as such, determination of the concentration of the
photoproduct would be more reliable than measuring Photofrin
photobleaching [76]. Similarly, the photoproducts of PpIX [77]
and BPD [64] have been found to be more reliable predictors of
PDT response in vitro and in vivo.

In summary, implicit dosimetry is still in its infancy: the major-
ity of studies have been performed in relatively simple systems con-
sisting of cell suspensions and multicell spheroids. Additional
in vivo studies will be required in order to determine the clinical
potential of this approach.
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Direct Dosimetry

Dose-Rate Effects

Direct dosimetry involves measurement of the 1270 nm phospho-
rescence resulting from the de-excitation of singlet oxygen to its
ground state. Although measurement of this signal is trivial in vitro,
its detection in complex media such as biological tissue is challeng-
ing due to its short lifetime (30-200 ns) and weak emission. As a
result, singlet oxygen luminescence detection requires sensitive
and rapid time response detection systems. Early systems employ-
ing liquid nitrogen-cooled germanium detectors and lock-in detec-
tion techniques were capable of measuring singlet oxygen
luminescence in cell suspensions, but lacked the sensitivity for reli-
able measurements in vivo [78-80]. With the introduction of sen-
sitive near-infrared photomultiplier tubes in the late 1990s, in vivo
singlet oxygen detection became possible and two groups reported
positive results in animals [57, 81]. In subsequent studies, Niedre
et al. [82] showed that the total singlet oxygen signal detected
during PDT of tumor cell suspensions correlated well with cell
survival over a wide range of treatment conditions. These results
have been confirmed in animals which also show a good correlation
between cumulative singlet oxygen signals and biological response
[83]. There are no reports of measurements during PDT in humans
even though this is highly feasible for easily accessible lesions such
as skin cancers.

Even with state-of-the-art instrumentation, singlet oxygen
luminescence detection is difficult. This is due to a combination of
factors including the weakness of the luminescence and the low
quantum efficiency (~1 %) of the detectors [75]. As a result, the
luminescence is difficult to measure since the overall signal also
contains stronger sources of luminescence, including photosensi-
tizer and cell tissue fluorescence [84]. Due to the low signal, fiber
optic probes cannot be used to collect the singlet oxygen lumines-
cence and acceptable signal-to-noise ratios can only be obtained by
integrating the signal over a significant volume of irradiated tissue
[5]. In addition, the instrumentation is very complex and signifi-
cantly more expensive compared to that required for continuous
wave fluorescence measurements in the visible spectrum.

The biological response to PDT depends not only on light fluence
but also on the rate at which light is delivered. Dose-rate effects
may be due to biological and/or physical mechanisms. As fluence
rates are reduced (corresponding to longer treatment times), cell
repair and responses to oxidative stress become important [85-87].
Additionally, physical mechanisms involving photosensitizer
ground-state depletion during pulsed irradiation and fluence-
rate-dependent photochemical oxygen depletion are also important
factors influencing biological response to PDT.

PDT with short-pulse lasers has been shown to be less effective
compared to continuous wave irradiation for equivalent average
fluence rates [88]. This is attributed to the finite number of
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sensitizer molecules in the tissue volume. If a significant fraction of
these is excited during the initial part of the laser pulse, photons in
the remainder of the pulse will be wasted due to the reduced likeli-
hood of absorption and subsequent singlet oxygen production.

Oxygen depletion, the second physical mechanism for dose-rate
effects, typically occurs on a timescale of seconds and depends on
the average fluence rate. Simply stated, oxygen depletion occurs
when PDT-induced photochemical oxygen consumption exceeds
the ability of the microvasculature to deliver oxygen to the irradi-
ated tissue. Tromberg et al. [89] were the first to show that oxygen
concentration was reversibly reduced during PDT irradiation.
Subsequently, biophysical models have shown that oxygen deple-
tion is likely under typical PDT treatment conditions [90, 91].
These modeling studies have been verified by a number of other
groups [92-95]. There is now substantial evidence that PDT is less
effective at high fluence rates [66, 90, 92, 96, 971.

Delivery of light and /or photosensitizer at very low dose rates is
a potential strategy for overcoming the ineffectiveness of PDT at
high fluence rates. This has been termed metronomic PDT (mPDT)
[98] and must be distinguished from treatments in which the light
dose rate is only slightly reduced (by a factor of 2 or 3) in order to
avoid oxygen depletion. Metronomic PDT using ALA in a rat brain
tumor model has been shown capable of producing tumor cell
(glioma) killing through apoptosis without inducing any measurable
damage to normal brain. Furthermore, no necrotic cell death was
found in the tumor. This is a particularly interesting observation
since necrotic cell death triggers inflammatory responses which may
result in additional secondary damage to normal brain. With regard
to intracranial treatments, another rationale for mPDT is that single
high dose-rate PDT treatments are unlikely to result in the delivery
of a tumoricidal dose beyond about 2 cm with current photosensi-
tizers. This is due to an inability to deliver a sufficiently high light
dose at depth in a clinically acceptable treatment time, especially
when PDT is given intraoperatively to the surface of the resection
bed. However, delivering the light over a much longer period (hours,
days, or weeks) relaxes this constraint. Such a protracted delivery
scheme requires specialized indwelling applicators such as those
used for intracranial brachytherapy (Fig. 4a, b) [99].

The low dose-rate PDT regime has been explored extensively
in vitro using human glioma spheroids [100]. Specifically, enhanced
efficacy of ALA-PDT at <10 mW c¢m was demonstrated and repet-
itive low fluence rate treatments resulted in much higher tumor cell
kill than single treatments (Fig. 4c). Collectively, the photobiologi-
cal findings from the mPDT and low dose-rate studies provide a
compelling rationale for investigating low and very low dose rate
PDT, especially for the treatment of high-grade glioma.
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Fig. 4 Low dose-rate PDT. (a) Schematic and (b) photograph of indwelling balloon applicator for prolonged light
delivery to the surgical resection cavity. The optical fiber is connected to a laser and the applicator is left in
place following wound closure, (¢) in vitro ALA-PDT responses in glioma spheroids showing suppression of
spheroid growth following single low dose-rate (2.5 mW cm~?) treatment or repetitive treatments (at weeks 0,
1, 2, and 3). Each data point represents % growth 12 weeks after the first treatment

Summary

PDT dosimetry is complex as it depends on a number of difficult-
to-measure parameters. A further confounding factor is the
dynamic interplay between these parameters. There are a number
of established dosimetric techniques of varying degrees of com-
plexity. The method chosen is typically dictated by the application
and the level of physics support.

Widespread clinical acceptance of PDT will require strategies
for accurate determination of the PDT dose. In contrast to radia-
tion therapy, the dose is not measured directly in PDT—it is
inferred from a number of indirect measurements including sensitizer
photobleaching, oxygen perfusion, and light fluence rate. Direct
dosimetry approaches involving measurement of the 1270 nm
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singlet oxygen luminescence appear promising. Unfortunately,
with current state-of-the-art singlet oxygen luminescence detec-
tion systems, the weak 1270 nm emission can only be measured at
tissue surfaces. This limitation may be overcome with the develop-
ment of fiber-coupled nanostructure detectors facilitating intersti-
tial detection of singlet oxygen [101].

Rigorous PDT dosimetry approaches have been implemented
recently in a number of clinical trials involving prostate cancer
[61, 102] and basal cell carcinoma [62]. Such approaches, based
on the principles discussed herein, may help establish PDT as a
viable treatment option to radiation therapies such as the brachy-
therapy techniques used in the treatment of prostate cancer.
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