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7.1
Introduction

This chapter describes the fundamentals and advances in controlling tissue optical
properties. The scattering properties of a tissue can be effectively controlled
by providing matching of refractive indices of the scatterers and the ground material
(i.e., optical immersion) and/or by a change of packing parameter, and/or scatterer
sizing.
The reduction of light scattering by a tissue improves the image quality and
precision of spectroscopic information, decreases irradiating light beam distortion,
and sharpens focusing. Various physical and chemical actions, such as compression,
stretching, dehydration, coagulation, and impregnation by biocompatible chemical
agents are widely described in the literature as tools for controlling of tissue optical
properties. As a major technology, the optical immersion method for use as
exogenous optical clearing agents (OCAs) is discussed. Some important applications
of the tissue immersion technique are described, such as glucose sensing, improvement of image contrast and imaging depth, laser radiation delivery, precision tissue
laser photodisruption, and so on.

7.2
Light–Tissue Interaction

Light propagation within a tissue depends on the optical properties of its components: cells, cell organelles, and various ﬁber structures. Typically, the optical
properties of tissue are characterized by the absorption and scattering coefﬁcients,
which are equal to the average number of absorption and scattering events per unit
path length of a photon traveling in the tissue, and the anisotropy factor, which
represents the average cosine of the scattering angles. The size, shape, and density of
tissue structures, their refractive index relative to the tissue ground substance, and
the polarization states of the incident light all play important roles in the propagation
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of light in tissues [1–3]. The sizes of cells and tissue structure elements vary from a
few tenths of nanometers to hundreds of micrometers.
In ﬁbrous tissues (cornea, sclera, skin dermis, dura mater, muscle, myocardium,
tendon, cartilage, vessel wall, etc.) and tissues composed mostly of microﬁbrils and/
or microtubules, typical diameters of the cylindrical structural elements are
10–400 nm. Their length is in a range from 10–25 mm to a few millimeters [3]. The
size distribution of the scattering particles may be essentially monodispersive (e.g.,
transparent eye cornea stroma) or quite broad, as in a turbid eye sclera [1, 2].
The collagen ﬁbrils of ﬁbrous tissues are arranged in individual bundles in a
parallel fashion. Moreover, within each bundle the groups of ﬁbril are separated from
each other by the large empty lacunae distributed randomly in space. Collagen
bundles have a wide range of widths and thicknesses. The bundles are much longer
than their 0.5–8-mm diameters [4]. These ribbon-like structures are multiply crosslinked. They cross each other in all directions but remain parallel to the surface [3].
The interstitial ﬂuid constitutes a clear, colorless liquid containing proteins,
proteoglycans, glycoproteins, and hyaluronic acid. Owing to their glycosaminoglycan
chains, these molecules concentrate negative charges. They are highly hydrophilic
and have a propensity to attract ions, creating an osmotic imbalance that results in the
glycosaminoglycan absorbing water from surrounding areas [5].
The hollow organs of the body are lined with a thin, highly cellular surface layer of
epithelial tissue (oral region, maxillary sinuses, stomach, etc.), which is supported by
underlying, relatively acellular connective tissue. In healthy tissue, the epithelium
often consists of a single well-organized layer of cells with an en face diameter of
10–20 mm and height of 25 mm. In dysplastic epithelium, cells proliferate and their
nuclei enlarge [3].
The outermost cellular layer of skin is epidermis, which consists of stratum
corneum (SC) (mostly dead cells) and four layers of living cells. SC is a lipid-protein
biphasic structure that is only 10–20 mm thick on most surfaces of the body. Owing to
cell membrane keratinization, tight packing of cells, and lipid bridges between them,
SC is a dense medium with poor penetration for foreign molecules [6]. Living
epidermis (100 mm thick) contains most of the skin pigmentation, mainly melanin,
which is produced in the melanocytes [7]. Large melanin particles, such as melanosomes (>300 nm in diameter), exhibit mainly forward scattering due to their high
refractive index and relatively large size (up to 1–2 mm). In contrast, melanin dust,
whose particles are small (<30 nm in diameter), provides the isotropy in the
scattering proﬁle; the optical properties of the melanin particles (30–300 nm in
diameter) may be predicted by the Mie theory [8].
There are a wide variety of structures within cells that determine tissue light
scattering [1–3]. Cell nuclei are on the order of 5–10 mm in diameter, mitochondria,
lysosomes, and peroxisomes have dimensions of 1–2 mm, ribosomes are on the order
of 20 nm in diameter, and structures within various organelles can have dimensions
of up to a few hundred nanometers [3].
The absorption spectrum depends on the type of predominant absorption centers
and the water content in tissues. Absorption for most tissues in the visible region is
insigniﬁcant, except for the absorption bands of blood hemoglobin and some other
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Figure 7.1 Wavelength dependence of the
absorption coefficient (ma ) of human skin
in vitro. The solid line corresponds to the
averaged experimental data, presented in
Reference [9], and the vertical lines show

the standard deviation values. Data taken
from various sources: filled squares [10],
open circles [11], filled triangles [12],
open triangles [13],
and filled diamonds [14].

chromophores [7]. The absorption bands of protein molecules are mainly in the nearUV region. Absorption in the IR region is essentially deﬁned by water contained in
tissues. Absolute values of absorption coefﬁcients for typical tissues are in the range
102–104 cm1 [3].
Figure 7.1 shows the wavelength dependence of the absorption coefﬁcient of
human skin presented by different authors [9–14]. The vertical lines correspond to
the values of standard deviation (SD) [9].
In the ﬁgure the absorption bands of oxyhemoglobin with maxima at about 410,
540 and 575 nm are observed in the visible spectral range [9, 15]. Absorption of water
in this spectral range is negligible [16]. Absorption spectra of most tissues, such as
sclera, dura mater, mucosa, adipose tissues, bone, and so on, have a similar form in
this spectral range [3, 9, 17–20]. In the NIR spectral range, the main chromophores
are water and lipids, which are contained in different tissues in various quantities. In
this spectral range, the absorption bands of water in skin with maxima at 970 [21],
1430, and 1925 nm [22] and lipids with maxima at 1710 and 1780 nm [23] are seen. At
the same time, a low-intensity lipid absorption band with maximum at 930 nm [21] is
not observed. The absorption band with maximum at about 1200 nm is the combination of the absorption bands of water (maximum at 1197 nm [22]) and lipids
(maximum at 1212 nm [24]). The discrepancies between results obtained by different
authors can be connected with the natural variability of tissue properties and the
methods used for tissue preparation and storage.
Most tissues are turbid media showing a strong scattering and much less
absorption (up to two orders less than scattering in the visible and NIR ranges).
Moreover, tissues are rather thick. Therefore, multiple scattering is a speciﬁc feature
of a wide class of tissues [1–3].
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Figure 7.2 Spectral dependence of reduced
scattering coefficient (m0s ) of human skin in vitro.
The solid line corresponds to the averaged
experimental data presented in Reference [9]
and the vertical lines show the standard

deviations. Data taken from various sources:
filled squares [10], open circles [11], filled
triangles [12], open triangles [13], and filled
diamonds [14].

Utilizing the interaction of light with biological tissues for practical purposes
depends on an understanding of the properties of two large classes of biological
media. One consists of weakly scattering (transparent) tissues like cornea and the
crystalline lens of eye. The other class includes strongly scattering (opaque or turbid)
tissues like skin, brain, vessel wall, and eye sclera [25, 26].
Figure 7.2 presents spectral dependences
of the scattering properties (shown as

reduced scattering coefﬁcient m0s ¼ ms ð1gÞ , where ms is the scattering coefﬁcient, and g is the anisotropy factor of scattering) of human skin tissue [9–14]. The
anisotropy factor is usually ﬁxed as 0.9, since this value is typical for many tissues
in the visible and NIR spectral ranges [3]. The vertical lines indicate the SD
values.
Figure 7.2 shows that the reduced scattering coefﬁcient of tissues decreases with
increasing wavelength in the range 400–1400 nm. However, in the spectral range
from about 1400 to 2000 nm the reduced scattering coefﬁcient can have peaks
corresponding to the strong absorpation bands of water [13]. The deviation of
the spectrum of the reduced scattering coefﬁcient from a monotonic dependence
can be explained by an increase of the real part of the complex refractive index of the
tissue scatterers due to anomalous light dispersion. In the range of strong absorption
bands, the effect produces a signiﬁcant decrease of the anisotropy factor, which leads
to an increase of the reduced scattering coefﬁcient [9].
Many tissues – such as eye cornea, sclera, tendon, and cartilage, which are
classiﬁed as ﬁbrous tissues, and other structured tissues such as retina, tooth
enamel, and dentin – show a wide variety of polarization properties: linear birefringence, optical activity, and linear dichroism (diattenuation). These properties are
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primarily deﬁned by the tissue structure – anisotropy of form – or by the intrinsic
anisotropic character of the tissue components or metabolic molecules – anisotropy
of material. A large variety of tissues, such as eye cornea, tendon, cartilage, eye sclera,
dura mater, testis, muscle, nerve, retina, bone, teeth, myelin, and so on, exhibit
birefringence. All of these tissues contain uniaxial and/or biaxial birefringent
structures [26].
Often the vector nature of light transport in scattering media, such as tissues, is
ignored because of its rapid depolarization during propagation in a randomly
inhomogeneous medium. However, in certain tissues (transparent eye tissues,
cellular monolayers, mucous membrane, superﬁcial skin layers, etc.), the degree
of polarization of the transmitted or reﬂected light is measurable even when the
tissue has a considerable thickness [3].
Luminescence is one of the fundamental mechanisms of interaction between light
and biological objects. Luminescence is subdivided into ﬂuorescence, corresponding
to an allowed optical transition with a rather high quantum yield and a short
(nanosecond) lifetime, and phosphorescence, corresponding to a forbidden transition with low quantum yield and long decay times in the microsecond–millisecond
range [27, 28].
Fluorescence arises upon light absorption and is related to an electronic transition
from the excited state to the ground state of a molecule. After excitation of biological
objects by ultraviolet light (l  370 nm), ﬂuorescence of proteins as well as of nucleic
acids can be observed. Autoﬂuorescence of proteins is related to the amino acids
tryptophan, tyrosine, and phenylalanine with absorption maxima at 280, 275, and
257 nm, respectively, and emission maxima between 280 nm (phenylalanine) and
350 nm (tryptophan) [3, 27–29]. The protein spectrum is usually dominated by
tryptophan. Fluorescence from collagen or elastin is excited between 400 and 600 nm
with maxima around 400, 430, and 460 nm. Fluorescence of collagen and elastin can
be used to distinguish various types of tissues, for example, epithelial and connective
tissues [28–31].
The reduced form of coenzyme nicotinamide adenine dinucleotide (NADH) is
excited selectively in the wavelength range 330–370 nm. NADH is most concentrated
within mitochondria, where it is oxidized within the respiratory chain located within
the inner mitochondrial membrane, and its ﬂuorescence is an appropriate parameter
for detection of ischemic or neoplastic tissues [28, 31]. Flavin mononucleotide (FMN)
and dinucleotide (FAD) with excitation maxima around 380 and 450 nm have been
reported to contribute to intrinsic cellular ﬂuorescence [28].
Porphyrin molecules, for example, protoporphyrin, coproporphyrin, uroporphyrin, or hematoporphyrin, occur within the pathway of biosynthesis of hemoglobin,
myoglobin, and cytochromes. Abnormalities in heme synthesis, occurring in the
cases of porphyries and some hemolytic diseases, may enhance the porphyrin level
within tissues considerably. Several bacteria, for example, Propionibacterium acnes, or
bacteria within dental plaque (bioﬁlm), such as Porphyromonas gingivalis, Provotella
intermedia, and Prevotella nigrescens, accumulate considerable amounts of protoporphyrin [32, 33]. Therefore, acne or oral and tooth lesion detection based on
measurements of intrinsic ﬂuorescence appears to be a promising method [3].
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Fluorescence spectra often give detailed information on ﬂuorescent molecules, their
conformation, binding sites, and interaction within cells and tissues. At present,
various exogenous ﬂuorescing dyes can be applied to probe cell anatomy and cell
physiology [34, 35]. In humans, one such dye as indocyanine green, which is used as a
diagnosticaidforbloodvolumedetermination,cardiacoutput,andhepaticfunction[36].
The depth penetration of light into a biological tissue is an important parameter for
many methods of optical biomedical diagnostic and also for the correct determination of the irradiation dose in photothermal and photodynamic therapy of various
diseases [1–3].
The optical transparency of tissues is maximal in the near-infrared (NIR) region,
which is due to the absence, in this spectral range, of strong intrinsic chromophores
that would absorb radiation in living tissues [9]. However, these tissues are characterized by rather strong scattering of NIR radiation, which prevents the attainment of
clear images of localized inhomogeneities arising due to various pathologies, for
example, tumor formation or the growth of microvessels.
The light penetration depth (d) can be estimated with the relation [37]:
qﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ

ﬃ
d ¼ 1= 3ma ma þ m0s

where ma is the absorption coefﬁcient and m0s is reduced scattering coefﬁcient.
Table 7.1 shows the values of light penetration depth at some wavelengths used in
diagnostics and photodynamic therapy for different tissues.

7.3
Tissue Clearing

In general, the scattering coefﬁcient (ms) and scattering anisotropy factor (g) of a tissue
depend on the refractive index mismatch between cellular tissue components: cell
membrane, cytoplasm, cell nucleus, cell organelles, melanin granules, and the
extracellular ﬂuid. For ﬁbrous (connective) tissue (eye scleral stroma, corneal stroma,
skin dermis, cerebral membrane, muscle, vessel wall noncellular matrix, female
breast ﬁbrous component, cartilage, tendon, etc.) index mismatch of interstitial
medium and long strands of scleroprotein (collagen-, elastin-, or reticulin-forming
ﬁbers) is important [26].
The nucleus and the cytoplasmic organelles in mammalian cells that contain
similar concentrations of proteins and nucleic acids, such as the mitochondria and
the ribosomes, have refractive indices that fall within a relative narrow range
(1.38–1.41) [40]. The measured index for the nuclei is nnc ¼ 1.39 [41]. The ground
matter index is usually taken as n0 ¼ 1.35–1.37. The scattering particles themselves
(organelles, protein ﬁbrils, membranes, protein globules) exhibit a higher density of
proteins and lipids than the ground substance and, thus, a greater index of refraction
(ns ¼ 1.39–1.47) [26]. The refractive index of the connective-tissue ﬁbers is about 1.47,
which corresponds to approximately 55% hydration of collagen, its main component,
and the refractive index of the interstitial liquid is 1.35 [3].

1.7  0.1
1.69  0.16
1.63  0.1
1.47  0.1

1.5  0.1
1.2  0.13
1.47  0.1
1.4  0.1

0.7  0.1

1.25  0.1

1.8  0.1
1.55  0.15
1,7  0.1
1.5  0.1

1.7  0.1
1.34  0.1
1.7  0.1
1.4  0.1

0.9  0.1
0.75  0.05
1.2  0.1
1.3  0.1

675

633

532

1.5  0.1

1.7  0.1

1.9  0.1
1.64  0.2
1.7  0.1
1.5  0.1

694

2.91  0.3
3.46  0.23
1.56  0.1
1.6  0.1

1.9  0.1

1.6  0.1

1.6  0.1
1.8  0.1

2.3  0.1
2.18  0.2

835

2.2  0.1
1.99  0.2

780

Wavelengths (nm)

3.68  0.35
3.72  0.29
1.7  0.1

1.8  0.1

1.7  0.1

2.5  0.1
1.91  0.1

930

1.8  0.1

1.8  0.1

1.8  0.1

3.4  0.12
2.56  0.3

1064

[39]
[39]
[18]

[17]

[9]
[38]
[20]
[9]

Reference

Light penetration depth (mm) for different tissues obtained at different wavelengths on the basis of data presented in References [9,17,18,20,38,39].

Human skin
Human sclera
Human dura mater
Human maxillary sinuses
mucous
Human stomach wall
mucous
Liver
Muscle
Cranial bone

Tissue

Table 7.1

7.3 Tissue Clearing
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The living tissue allows one to control its optical (scattering) properties using
various physical and chemical actions. Turbidity of a dispersive physical system can
be effectively controlled by providing matching of refractive indices of the scatterers
and the ground material. This is a so-called optical immersion technique. It is also
possible to control optical properties of a disperse system by the change of its packing
parameter and/or scatterer sizing.
7.3.1
Compression and Stretching

It is possible to increase signiﬁcantly transmission through a soft tissue by squeezing
(compressing) or stretching it [42]. The optical clarity of living tissue is due to its
optical homogeneity, which is achieved through the removal of blood and interstitial
liquid (water) from the compressed site. This results in a higher refractive index of the
ground matter, whose value becomes close to that of scatterers (cell membrane,
muscle, or collagen ﬁbers). More close packing of tissue components at compression
makes the tissue a less chaotic, more organized system, which may give less
scattering due to cooperative (interference) effects. Indeed, the absence of blood in
the compressed area also contributes to altered tissue absorption and refraction
properties. Certain mechanisms underlying the effects of optical clearing and
changing of light reﬂection by tissues at compression and stretching have been
proposed in References [20, 43].
Several laser surgery, therapy, and diagnostic technologies include tissue compression and stretching for better transportation of the laser beam to underlying
layers of tissue. The human eye compression technique allows one to perform
transscleral laser coagulation of the ciliary body and retina/choroids [44].
7.3.2
Dehydration and Coagulation

Evidently, the loss of water by tissue seriously inﬂuences its optical properties. Under
in vitro conditions spontaneous water evaporation from tissue, tissue sample heating
at non-coagulating temperature, or its freezing in a refrigerator cause tissue to lose
water. Typically, in the visible and NIR, far from water absorption bands, the
absorption coefﬁcient increases by a few dozen percentage points and the scattering
coefﬁcient by a few percentage points due to more close packing of tissue components
caused by its shrinkage. However, the overall optical transmittance of a tissue sample
increases due to a decrease of its thickness at dehydration [45]. Speciﬁcally, near the
strong water absorption bands the tissue absorption coefﬁcient decreases, due to a
lower concentration of water, despite the higher density of tissue at its dehydration.
One of the major reasons for tissue dehydration in vivo is the action of endogenous
or exogenous osmotic liquids. Dehydration induced by osmotic stimuli such as
optical clearing agents (OCAs) appears to be a primary mechanism of optical clearing
in collagenous and cellular tissues, whereas dehydration induces the intrinsic
matching effect [46–48].

7.3 Tissue Clearing

The ﬂuid space between ﬁbrils and organelles is ﬁlled by water and suspended salts
and proteins. As water is removed from the intraﬁbrillar or intracellular space,
soluble components of interstitial ﬂuid become more concentrated and the refractive
index increases. The resulting intrinsic refractive index matching between ﬁbrils or
organelles and their surrounding media, as well as the density of packing and particle
ordering, may signiﬁcantly contribute to optical clearing [46–50].
Since tissue dehydration is associated with diffusion of water from the tissue to
external volume, the experimentally measured kinetics of the change of dehydration
degree can be described on the basis of the equation describing diffusion through a
permeable membrane. To estimate the degree of tissue dehydration under drying by
hot air and/or by action of hyperosmotic agent, the following equation can be used,
which describes the ﬂow of substance from a small volume with nonzero concentration into a reservoir with zero concentration [51, 52]:
HD ðtÞ ¼

Mðt ¼ 0ÞM0
½1expðt=tD Þ
Mðt ¼ 0Þ

ð7:1Þ

where
M is a mass of the tissue (skin) sample (g),
M0 corresponds to the permanent mass of the sample (i.e., dry mass) (g),
tD is a time constant that characterizes the rate of dehydration (s)
t is the time of dehydration (s).
The parameter M0 includes the mass of collagen, elastin, and other components of
tissue after its total dehydration, bound water, and possibility residual free water. The
difference between initial and permanent mass of the sample ½Mðt ¼ 0ÞM0  shows
the amount of water escaped from tissue due to dehydration [48].
Skin dehydration kinetics induced by the stimuli of evaporation and application of
OCAs is demonstrated in Figure 7.3. To enhance skin membrane permeability the SC
of the samples was perforated [48, 53].
Figure 7.3 clearly shows that the degree of resulting dehydration under the
inﬂuence of the osmotic agents is lower than that of air. This effect could be related
to the fact that, on the one hand, glycerol, as a hyperosmotic agent, stimulates
diffusion ﬂow of free water from tissue to surrounding OCAs solution, while, on the
other hand, it prevents total dehydration of tissue due to holding water inside.
Glycerol is extremely hygroscopic and when left to equilibrate in a moist environment
it will attract water until it reaches a level of 55% (w/w), meaning that each molecule
of glycerol attracts about six molecules of water. Small hygroscopic molecules
penetrate the SC where they subsequently act as a humectant. Glycols and other
polyhydroxy molecules like propylene glycol, butylene glycol, glucose, saccharose,
and sorbitol also work via this mechanism [54]. As glycerol viscosity decreases, it
penetrates into tissue and binds molecules of water in deeper layers. In contrast, for
skin dehydration in air, free water evaporates from tissue almost completely [48, 50].
Long-pulsed laser heating induces reversible and irreversible changes in the
optical properties of tissue [45]. In general, the total transmittance decreases and
the diffuse reﬂectance increases, showing nonlinear behavior during pulsed laser
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Figure 7.3 Kinetics of dehydration degree of
human skin samples with damaged stratum
corneum: (open squares) dehydration in
air [48], (open circles) dehydration by

glycerol [48], and (open triangles) dehydration
by propylene glycol [53]. Symbols present
experimental data, solid lines correspond to
approximated dependence.

heating. Many types of tissues slowly coagulated (from 10 min to 2 h) in a hot water or
saline bath (70–85  C) exhibit an increase of their scattering and absorption
coefﬁcients [46].
7.3.3
Optical Immersion

The optical immersion technique is based on the impregnation of a tissue by a
biocompatible chemical agent, which may have some hyperosmotic properties.
OCAs used frequently are glucose, dextrose, fructose, glycerol, mannitol, sorbitol,
propylene glycol, poly(propylene glycol), poly(ethylene glycol), 1,3-butanediol, 1,4butanediol, and their combinations, X-ray contrasting agents (verograﬁn, trazograph,
and hypaque), and so on [20, 47–49, 52, 53, 55–63].
There are a few main mechanisms of light scattering reduction induced by an
OCA [47–49, 52–64]: (i) dehydration of tissue constituents, (ii) partial replacement of
the interstitial ﬂuid by the immersion substance, and (iii) structural modiﬁcation or
dissociation of collagen.
The ﬁrst mechanism is characteristic only for highly hyperosmotic agents. For
ﬁbrous tissue similar to sclera, dura mater, dermis, and so on, while the second
mechanism is preferable for all tested chemical agents because their molecule sizes
are much less than the mean cross-section of interﬁbrillar space, which is about
185 nm, when the diameter of the biggest molecule of PEG (20 000) is less than
5 nm [3]. Both the ﬁrst and second processes mostly cause matching of the refractive
indices of the tissue scatterers (cell compartments, collagen, and elastin ﬁbers) and
the cytoplasm and/or interstitial ﬂuid.

7.3 Tissue Clearing

Figure 7.4 Time-dependent collimated
transmittance of the human sclera and dura
mater samples measured at wavelength 700nm
concurrently with administration of 40%glucose solution. Symbols correspond to the

experimental data measured by a multichannel
fiber-optic spectrometer LESA-6med (BioSpec,
Russia). Error bars show the SD values. Solid
lines correspond to the data calculated using the
model presented in References [52, 63].

Figure 7.4 illustrates the kinetics of collimated transmittance of both human sclera
and dura mater samples measured at wavelength 700nm concurrently with administration of aqueous 40%-glucose solution [52, 63].
It is easily seen that the untreated sclera and dura mater are poorly transparent
media for visible light. Glucose administration makes these tissues highly transparent; the collimated transmittance increases 2.5–3-fold. The ﬁgure shows that the
clearing process has at least two stages. At the beginning of the process the increase of
the transmittance is seen, which is followed by saturation and even the decrease of the
transmittance. Two major processes could take place. One of them is diffusion of
glucose inside tissue and another is tissue dehydration caused by osmotic properties
of the agent. In general, both processes lead to matching of refractive indices of the
scatterers and the interstitial ﬂuid that causes the decrease of tissue scattering and,
therefore, the increase of the collimated transmittance. Dehydration also leads to the
additional increase of optical transmission due to a decrease of tissue thickness
(shrinkage) and a corresponding scatterer ordering process due to increase of particle
volume fraction. However, the increase of scatterer volume fraction may also cause
some competitive increase of scattering coefﬁcient due to a random packing process
(growth of particle density) that partly compensates the immersion effect. The
saturation of optical clearing kinetic curves (Figure 7.4) can be explained as the
saturation of glucose and water diffusion processes. Such kinetics of collimated
transmission of tissue is featured not only for glucose but also for mannitol and other
OCAs [52]. Some darkening at the late time period may be attributed to a few causes,
such as the above-mentioned particle density growth and interaction of modiﬁed
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interstitial ﬂuid (containing OCA and less water) with hydrated collagenous
ﬁbrils [46].
Structural modiﬁcation also leads to tissue shrinkage, that is, to the near-order
spatial correlation of scatterers and, as a result, the increased constructive interference of the elementary scattered ﬁelds in the forward direction and destructive
interference in the perpendicular direction of the incident light, which may significantly increase tissue transmittance even at some refractive-index mismatch [46].
For some tissues and for the non-optimized pH of clearing agents, tissue swelling
may take place that could be considered as a competitive process in providing tissue
optical clearing [46, 51].
The optical clearing process in collagen-based tissues may involve a change in the
supramolecular structure. Reversible solubility of collagen in sugars and sugar
alcohols may take place [64]. It was demonstrated that glycerol treatment induces
swelling of interﬁbrillar space and dissociation of collagen ﬁbrils into microﬁbrils
(loss of characteristic bonding in some areas). Agent-induced destabilization of
collagen structures may lead to additional reduction of optical scattering in tissue due
to a smaller size of the main scatterers [64].
The refractive index matching is manifested in the reduction of the scattering
coefﬁcient (ms ! 0) and increase of single scattering directness (g ! 1). For ﬁbrous
tissues like skin dermis, eye sclera, dura mater, tendon, and so on, ms reduction can be
very high [46, 49, 52, 55, 58–60]. For hematous tissue, such as the liver, its
impregnation by solutes with different osmolarity also leads to refractive index
matching and reduction of scattering coefﬁcient, but the effect is not so pronounced
as for ﬁbrous tissues due to cells changing size as a result of osmotic stress [65].
For a two-component model, the mean refractive index of a tissue (
n) is deﬁned by
the refractive indices of its scattering centers material (ns) and ground matter (n0)
 ¼ fsns þ (1  fs)n0, where fs is the time-dependent volume fraction of the
as n
scatterers in a tissue [66]. The ns/n0  m ratio determines the scattering coefﬁcient.
For example, the expression for the scattering coefﬁcient, derived for a system of noninteracting thin cylinders with the number of ﬁbrils per unit area (rs) has a form [8, 58]:
ms ﬃ rs

!
"
#
p5 a4 n30
2
2
2
ðm 1Þ 1 þ
l30
ðm2 þ 1Þ2

ð7:2Þ

where
rs ¼ fcyl/pa2, where fcyl is the surface fraction of the cylinders faces,
a is the cylinder radius,
l0 is the wavelength in vacuum.
As a ﬁrst approximation it is reasonable to assume that the radii of the scatterers
(ﬁbrils) and their density cannot be signiﬁcantly changed by chemicals (no tissue
swelling or shrinkage take place), the absolute changes of n0 is not very high, and
variations in ms are caused only by the change in the refractive index of the interstitial
(interﬁbrillar) space with respect to the refractive index of the scatterers. Then,
accounting for the fact that for most tissues m  1, the ratio of the scattering
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coefﬁcients at a particular wavelength as a function of refractive index ratio (m) can be
written in the form [58]:
ms2 ﬃ ms1



m2 1 2
m1 1

ð7:3Þ

Indeed, this relation describes the change in tissue scattering properties due to
refractive index matching or mismatching caused by changes of refractive indices
of the scatterers or the background or both. Owing to square dependence, the
sensitivity to indices matching is very high; for instance, only a 5% increase in the
refractive index of the ground matter (n0 ¼ 1.35 ! 1.42), when that of the scattering centers is ns ¼ 1.47, will cause a sevenfold decrease of ms. In the limit of equal
refractive indices for non-absorbing particles and background material, m ¼ 1 and
ms ! 0 [46].
Notably, for hyperosmotic agents, ﬂuid transport within tissue is more complicated because there are at least two interacting ﬂuxes, so the model for describing of
these processes should be more complicated and should include monitoring of
additional measurement parameters, such as the refractive index of the chemical
agent, tissue weight and/or thickness, and osmotic pressure in a process of tissue
clearing [58].
Measured values of osmotic pressure for trazograph-60 and trazograph-76 were 4.3
and 7.1 MPa, respectively. For untreated sclera, the osmotic pressure was 0.74 MPa,
and increased after administration of trazograpth-60 for 30 min – up to 5.02 MPa [67].
On the one hand, the osmotic pressure causes the generation of ﬂows and their
intensities but, on the other hand, rather strong osmotic pressure may destroy tissue
structure. A direct histological study has shown that there are no serious irreversible
changes in the cellular and ﬁbrous structure of the human sclera for a rather long
(about 30 min) period of OCA administration [67].
Figure 7.5 presents the change in spectra of dura mater optical parameters under
the action of aqueous mannitol solution (0.16 g ml1). Figures 7.5a and b show that
administration of the aqueous solution of mannitol into the dura mater changes both
the scattering and the absorption characteristics of this biological tissue. During
clearing, the scattering decreases, on average, 1.5–2-fold in the wavelength range
under study. The absorption coefﬁcient decreases mainly in the ranges of the
absorption bands of blood (Figure 7.5a). Within the Soret band, the absorption
decreases, on average, 1.5-fold, and, in the range 500–600 nm, it decreases
1.2-fold [20].
This decrease in absorption is explained by a decrease in the probability of
absorption of photons in an elementary volume of the tissue due to a decrease in
the mean free path of photon migration within the tissue during its clearing. In
addition, mannitol penetrates the vessel walls and affects the optical properties of the
blood. This inﬂuence leads to a partial matching between the refractive indices of the
red blood cells (erythrocytes) and the blood plasma and to a decrease in the imaginary
part of the complex refractive index of the erythrocytes. This decreases both the
absorption and the scattering characteristics of the blood [20].
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Figure 7.5 Spectra of absorption (a) and reduced scattering (b) coefficients of human dura mater
sample during optical clearing under action of aqueous mannitol solution (0.16 g ml1) [20]. Bars
correspond to standard deviations.

Therefore, upon penetration of OCA into the interstitial ﬂuid of the tissue, the
refractive index of the interstitial ﬂuid increases, whereas both the real and the
imaginary parts of the relative refractive indices of the scattering (collagen ﬁbrils) and
absorption (erythrocytes) centers of the tissue decrease. As a result, the scattering
spectrum of the tissue in the ranges of the blood absorption bands is transformed in
the course of time in such a way that the valleys become shallow and the spectral
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dependence of the transport scattering coefﬁcient becomes more monotonic
(Figure 7.5b) [20].
In a living tissue the relative refractive index is a function of tissue physiological or
pathological state. Depending on the speciﬁcity of tissue state, the refractive index of
the scatterers and/or the background may be changed (increase or decrease) and,
therefore, light scattering may correspondingly increase or decrease [3, 46].
It is known that for in vivo application of the designed optical immersion
technology additional factors such as metabolic reaction of living tissue on clearing
agent application, the speciﬁcity of tissue functioning, and its physiological temperature can signiﬁcantly change the kinetic characteristics and magnitude of the
clearing effect [8, 49, 55, 60, 68].
Figure 7.6 presents the in vivo reﬂectance spectra of rabbit eye sclera and human
skin measured at 700 nm at different time intervals after administration of a 40%glucose solution [60, 68].
The kinetics of the polarization properties of the tissue sample at immersion can
be easily observed using an optical scheme with a white light source and a tissue
sample placed between two parallel or crossed polarizers. At a reduction of
scattering, the degree of linearly polarized light propagating in ﬁbrous tissue
improves [26, 69].
As the tissue is immersed, the number of scattering events decreases and the
residual polarization degree of transmitted linearly polarized light increases. As a
result, the kinetics of the average transmittance and polarization degree of the tissue
are similar. OCA-induced optical clearing leads to increasing depolarization
length [69].

Figure 7.6 In vivo reflectance spectra of rabbit eye sclera and human skin measured at 700 nm at
different time intervals after administration of 40%-glucose solution [60, 68]. Symbols and solid
curves correspond to experimental data and their approximation, respectively.
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7.4
Enhancers of Diffusion
7.4.1
Diffusion through Membranes

Several laser surgery, therapy, and noninvasive diagnostic technologies may beneﬁt
signiﬁcantly from a reversible skin scattering reduction. However, slow diffusion of
OCAs through a human skin barrier makes practical application of the optical
immersion effect difﬁcult.
It is well known that diffusion of aqueous solutions of substances through SC
barrier is hindered. The SC is between 100 and 200 mm thick. It contains the
corneocytes or horny cells, which are closely packed ﬂat non-nucleated cells,
approximately 40 mm in diameter and 0.5 mm thick. Polar structures such as
corneodesmosomes contribute to SC cohesion [6]. Corneocytes are embedded in
a lipid bilayer matrix. The intercellular lipids are required for a competent skin barrier
and form the only continuous domain in SC [6]. Appendages such as hair follicles and
sweat glands cover approximately 0.1% of the total skin surface [70].
Thus, the heterogeneous nature of SC provides some possible pathways for solute
transport: appendageal, transcellular (through both corneocytes and lipid bridges),
and intercellular (through the lipid phase only) [70]. Lipophilic and polar permeants
are transported by the lipoidal and pore pathway of SC, respectively [71].
The pathway for water diffusion across SC has been calculated to be 50-fold longer
than the thickness of SC. This suggests that permeation follows a tortuous path
through the intercellular lipid matrix [6]. Penetration of compounds into the
corneocytes also takes place since immersion of skin leads to swelling of the
corneocytes connected with the entry of water [6]. Thus, the structure and composition of SC provides the diffusion coefﬁcient, which is 103-fold less than that
observed for cellular membranes [70]. The diffusion coefﬁcient of water through SC
varies in the range 2.5–8.34 1010 cm2 s1 depending on the humidity of SC [71].
Diffusion of OCA through tissue layer or cell wall can be presented as diffusion of a
dissolved substance through a membrane [58]. Based on Ficks ﬁrst law, which limits
the ﬂux of matter ( J, mol s1 cm2) to the gradient of its concentration:
J ¼ D

dc
dx

ð7:4Þ

For stationary transport of matter through a thin membrane, we have [72]:
J ¼ Pðc1 c2 Þ;

ð7:5Þ

where
P ¼ D/l is the coefﬁcient of permeability, where D is the diffusion coefﬁcient and l
is the thickness of a membrane,
c1 and c2 are the concentrations of molecules in two spaces separated by a
membrane.
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Permeability of molecules across a membrane can be expressed as P ¼ KPm, where
K is the partition coefﬁcient and Pm is the permeability inside a membrane. The
diffusion coefﬁcient is a measure of the rate of entry into the cytoplasm (in the case of
diffusion into a cell) or into tissue behind membrane (e.g., SC) depending on the
molecular weight or size of a molecule and viscosity of a medium (e.g., the behavior of
spherical molecules obeys the Stokes–Einstein law: D ¼ RT=6Npgr, where N is the
Avogadro constant, g is the viscosity of a medium, and r is the radius of a molecule).
The term K is a measure of the solubility of the substance in lipids. A low value of K
describes a molecule like water that is not soluble in lipid. This means that water,
being a highly diffusive molecule, does not penetrate through lipid membranes
because of its small solubility. For oils solubility is high, but diffusivity (due to high
viscosity) could be low. Water and small hydrophilic molecules can penetrate only
through hydrophilic pores in the membrane [72].
Owing to its ﬁbrous structure a tissue can be presented as a porous material, which
leads to modiﬁcation of the chemical agent diffusion coefﬁcient [3]:
D¼

Di
p

ð7:6Þ

Here, Di is the chemical agent diffusion coefﬁcient within the interstitial ﬂuid and
p is the porosity coefﬁcient deﬁned as:
p¼

VVC
V

ð7:7Þ

where V is the volume of the tissue sample, and VC is the volume of collagen ﬁbers.
In general, biological membranes are permeable for both water and dissolved
substances, but the degree of permeability for them can be quite different.
The intrinsic routes and mechanisms for transport of OCAs across the human SC
and enhancement of a molecules transport by both physical and chemical enhancers
of permeation are problems under investigation.
7.4.2
Chemical Agents

As enhancers of OCA diffusivity through SC, ethanol, propylene glycol, dimethyl
sulfoxide (DMSO), linoleic and oleic acids, azone, and thiazone are used [73–77].
Sometimes DMSO alone is used as the OCA due to its own extremely high
permeability (as a polar aprotic solvent of SC lipids) and its high index of
refraction [78].
The addition of ethanol to a solution induces a signiﬁcant increase in the diffusion
rate. Ethanol is a solvent known to modify the skin barrier property. The inﬂuence of
ethanol on the in vitro transport behavior of some polar/ionic permeants in hairless
mouse skin has been investigated over different ethanol/saline concentrations
[73, 74]. At high concentrations ( 40%) ethanol greatly enhances pore transport
due to bigger pores and/or pore density of the epidermal membrane under alcohol
action. This can be explained by altered or additional pore/polar pathways, which may
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be formed as a result of a combination of changes in the protein conformation,
reorganization within the lipid polar head regions, or lipid extraction [79]. Lipid
extraction may take place in conjunction with and/or independently of conformational alterations with protein domains [73].
The solvation of keratin within the SC by competition with water for the hydrogen
bond binding sites and the intercalation in the polar head-groups of the lipid bilayers
by propylene glycol are postulated as mechanisms for the penetration enhancing
effects of propylene glycol [80]. Mixtures of different OCAs with propylene glycol
increase the effectiveness of the optical clearing effect, and the clearing effect induced
by propylene glycol itself is worse than that by the OCAs [78].
For thiazone and azone, a possible mechanism is an increase of ﬂuidity of the
hydrophobic SC regions and a corresponding reduction of the permeation resistance
of the horny layer against drug substances [76, 77].
7.4.3
Physical Methods

Physical methods for transdermal agent delivery have two features in comparison
with chemical enhancers: (i) interaction between enhancer and the agents being
delivered is absent and (ii) they reduce the risk of additional skin irritation [81]. To
reduce the barrier function of skin epidermis, physical methods such as tape
stripping [82], microdermabrasion [83], low intensive and high intensive laser
irradiation of skin surface [84, 85], iontophoresis [86], ultrasound [87] and photomechanical (shock) waves [81], needle-free injection [88], photothermal and mechanical microperforation [89, 90], or microdamaging of epidermis [91] have been
proposed.
The method of tape stripping is the removal of thin strips from the skin surface
using tesa ﬁlm. The tapes are pressed onto the skin using a roller and removed with
one quick movement, as described in Reference [82]. A skin strip is 3–5 mm thick.
The microdermabrasion system of aspiration–compression uses aluminium oxide
crystals, which are ﬁred from the compression system via a nozzle at a pressure of
3 bar. The hand-piece held in contact with the skin for some seconds [83].
Reference [84] utilized a Q-switched Nd:YAG laser (1064 nm) with low intensive
(ﬂuence 0.4, 0.5, and 0.6 J cm2) irradiation together with anhydrous glycerol application to treat rat skin. The experiments showed that laser irradiation together with
glycerol can signiﬁcantly enhance the skin optical clearing effect. Moreover, irradiation combined with treatment of glycerol was demonstrated to be the optimum
method at present.
In the method of laser ablation, a NIR laser is used in conjunction with an artiﬁcial
absorber on the skin surface to create sufﬁcient surface heating, which leads to
keratinocyte disruption and skin surface ablation within the selected area-limited
site [85].
Iontophoresis results in a reduction of the resistance of the skin to diffusion of
ions, but as an enhancer of the ﬂux of uncharged molecules it is a less effective
method. Ultrasound and other pressure waves can affect various skin structures and
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inner organs due to a large penetration depth, which can be undesirable for speciﬁc
tasks of OCA delivery.
A method of accelerating the penetration of OCAs due to enhancing the epidermal
permeability induced by a fractional skin ablation with creation of a lattice of
microzones (islets) of limited photothermal damage or lattice of islets of damage
(LID) in the SC has been proposed [89]. LID are created as a result of absorption of a
sufﬁcient amount of optical energy by the lattice of microzones. The absorption leads
to temperature elevation in the localized zones of interaction in contact with the skin
surface. Since the ablation does not affect viable tissue, the long-term effect of
fractional SC ablation is the transient deterioration of skin barrier function. This
leads to the local increase of OCA penetration. The lattice of optical islets can be
formed using various energy sources and delivery optics, including application of
lenslet arrays, phase masks, and matrices of exogenous chromophores [48, 89].
The micro-needling method can create microchannels over a large region of skin
by applying a mechanic roller. The created microchannels close within hours and the
skin returns to its original condition [90]. For microdamaging of SC skin surface,
rubbing with a ﬁne 220-grit sandpaper for 2–4 min can be used [91].
For damaged SC, the dehydration of tissue accelerates (Figure 7.3) [48] and OCAs
diffuse into the skin more freely; both processes lead to a refractive index matching
effect.
Figure 7.7 shows a sample of human skin with a black tattoo before and after
application of aqueous glycerol solution during 24 h. The SC of the sample was
perforated in advance. Clearly, initially (Figure 7.7a), the tattoo was visualized
signiﬁcantly worse than after treatment (Figure 7.7b). The sample thickness decreased from 0.6  0.05 to 0.5  0.05 mm upon glycerol action [92].
Microperforation of SC, which provides effective impregnation of the upper skin
layers over tattoo by an OSA, not only accelerates the skin clearing process but also
promotes the increase of absorbed light fraction within the tattoo location [92, 93].

7.5
Diffusion Coefficient Estimation

Knowledge of the coefﬁcients of diffusion and permeability is very important for the
development of mathematical models describing interaction between tissues and
OCAs, and for evaluation of the agent delivery rate through tissue.
Many biophysical techniques for studying the penetration of various chemicals
through living tissue, and for estimation of the both diffusion and permeability
coefﬁcients, have been developed over the last 50 years. The methods are based on
ﬂuorescence measurements (including ﬂuorescence correlation spectroscopy [94]),
spectroscopic [95], Raman [96], and photoacoustic techniques [97], the usage of
radioactive labels for detecting matter ﬂux [71, 73, 74], or on the measurements of
temporal changes of the scattering properties of a tissue caused by time-dependent
refractive index matching [46, 52, 98], including interferometric techniques [99] and
optical coherence tomography (OCT) [100, 101]. However, ﬂuorescence techniques
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Figure 7.7 Images of skin surface with black ink tattoo; sample with tattoo before glycerol action (a)
and after microperforation of skin surface and glycerol action during 24 h (b) [92].

could not be used for direct measurement of diffusion coefﬁcients, since many of
OCAs are not ﬂuorescent. These techniques are very appropriate for measuring
protein diffusivity in tissues, and since the proteins are widely used for glucose
detection the techniques are then important for development of new methods, and
for increasing the accuracy of existing ones, of glucose detection and monitoring. The
spectroscopic, Raman, and photoacoustic methods have a great potential for measuring OCA diffusion coefﬁcients in tissues because these methods provide excellent
sensitivity for OCA detection and monitoring. Methods based on usage of radioactive
labels for detecting matter ﬂux are a gold standard and, thus, are widely used for
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measurements of chemicals and drug delivery [71, 73, 74]. However, radioactive
labeling methods cannot always be used for living tissues. The measurement of the
temporal changes of scattering properties of a tissue has been proposed recently for
OCA diffusion and permeability coefﬁcients estimation [52, 60, 68, 98, 100, 101].
Below, we discuss two methods based on measurement of temporal changes
of the scattering properties of a tissue: (i) spectroscopy and (ii) optical coherence
tomography.
7.5.1
Spectroscopic Methods

The transport of low-molecular OCAs within tissue can be described in the framework of a free diffusion model [52, 71, 73, 74, 95–98]. It is assumed that the following
approximations are valid for the transport process: (i) only concentration diffusion
takes place; that is, the ﬂux of the agent into tissue at a certain point within the tissue
sample is proportional to the agent concentration at this point; (ii) the diffusion
coefﬁcient is constant over the entire sample volume; (iii) penetration of the agent
into a tissue sample does not change the agent concentration in the external volume;
(iv) during diffusion the agent does not interact with tissue components.
Geometrically, the tissue sample can be presented as an inﬁnite plane-parallel slab
with a ﬁnite thickness. In this case, the one-dimensional diffusion problem can be
considered. The one-dimensional diffusion equation of an OCA transport has a form
(Ficks second law):
qCðx; tÞ
q2 Cðx; tÞ
¼D
qt
qx2

ð7:8Þ

where
Cðx; tÞ is the agent concentration,
D is the diffusion coefﬁcient,
t is the time,
x is the spatial coordinate.
Depending on the analytical solution used, tissue type, and the experimental setup,
different kinds of initial and boundary conditions are used for studies of agent
transport in tissues [52, 58, 63, 95, 98, 102].
The initial condition corresponds to the absence of an agent inside the tissue
before the measurements, that is:
Cðx; 0Þ ¼ 0

ð7:9Þ

for all inner points of the tissue sample.
When a penetrating agent is administered to tissue topically and the tissue is
a semi-inﬁnite medium, that is, x 2 ½0; 1Þ, the boundary conditions have the form:
Cð0; tÞ ¼ C0

and

Cð1; tÞ ¼ 0

ð7:10Þ
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Solution of Eq. (7.8) with the initial [Eq. (7.9)] and the boundary [Eq. (7.10)]
conditions has the form [103]:



x
Cðx; tÞ ¼ C0 1erf pﬃﬃﬃﬃﬃ
2 Dt

ð7:11Þ

where:
ðz
2
erf ðzÞ ¼ pﬃﬃﬃ expða2 Þda
p
0

is the error function.
Experimentally, the simplest method for estimation of diffusion coefﬁcients of
liquids in tissues is based on the time-dependent measurement of collimated
transmittance of tissue samples placed in an immersion liquid (Figure 7.4) [52].
Collimated transmittance could be measured in the wide wavelength range using
commercially available spectrophotometers with an internal integrating sphere
[46, 57–59, 61] or ﬁber-optic grating-array spectrometers [49, 52, 57, 60, 68, 89].
The time dependent collimated transmittance of a tissue sample impregnated by
an OCA can be derived from the Bouguer–Lambert law:
Tc ðtÞ ¼ ð1Rs Þ2 exp f½ma þ ms ðtÞlðtÞg

ð7:12Þ

where
Rs is the specular reﬂectance,
ma is the tissue absorption coefﬁcient,
ms ðtÞ is the tissue time-dependent scattering coefﬁcient,
l(t) is the time-dependent thickness of the tissue sample.
The time dependence of the tissue thickness occurs due to osmotic activity of
immersion agents. In general, application of OCAs can be accompanied by tissue
shrinkage or swelling, which should be taken into account.
Volumetric changes of a tissue sample are mostly due to changes in sample
thickness l(t), which can be expressed as [52]:
lðtÞ ¼ lðt ¼ 0Þ  A ½1expðt=ts Þ

ð7:13Þ

where A ¼ A=S, and S is the tissue sample area. The constants A and ts can be
obtained from direct measurements of thickness or volume of tissue samples and
from time-dependent weight measurements. In the equation a plus sign corresponds to increasing sample volume, that is, a swelling process, and a minus sign
corresponds to decreasing sample volume, that is, shrinkage. For example, for dura
mater samples immersed in the mannitol solution, parameter A is estimated to be
0.21 and the parameter characterizing the swelling rate, that is, ts is 484 s [52].
By the changing volume of a tissue the swelling (shrinkage) produces the change in
volume fraction of the tissue scatterers, and thus the change of the scatterer packing
factor and the numerical concentration (density or volume fraction), that is, number
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of the scattering particles per unit area (for long cylindrical particles, density fraction)
or number of the scattering particles per unit volume (for spherical particles, volume
fraction). The temporal dependence of the volume fraction of the tissue scatterers is
described as [52]:
wðtÞ ¼

Vs
wðt ¼ 0Þ Vðt ¼ 0Þ
¼
VðtÞ Vðt ¼ 0Þ  A½1expðt=tÞ

ð7:14Þ

where Vs is the volume fraction of the tissue sample scatterers.
The optical model of many ﬁbrous tissues can be presented as a slab with a
thickness l containing scatterers (collagen ﬁbrils) – thin dielectric cylinders with an
average diameter of 10–400 nm [3], which is considerably smaller than their lengths,
which can be a few millimeters. These cylinders are located in planes, which are
parallel to the sample surfaces, but within each plane their orientations are random.
In addition to the small so-called Rayleigh scatterers, the ﬁbrils are arranged in
individual bundles in a parallel fashion; moreover, within each bundle, the groups of
ﬁbers are separated from each other by large empty lacunae distributed randomly in
space [3, 4]. In eye sclera collagen bundles show a wide range of widths (1–50 mm) and
thicknesses (0.5–6 mm) [104].
For non-interacting particles the time-dependent scattering coefﬁcient, ms ðtÞ, of a
tissue is deﬁned by the following equation:
ms ðtÞ ¼ NðtÞss ðtÞ

ð7:15Þ

where N(t) is the number of the scattering particles (ﬁbrils) per unit area and ss ðtÞ is
the time-dependent cross-section of scattering. The number of the scattering
particles per unit area can be estimated as NðtÞ ¼ wðtÞ=ðpa2 Þ [105], where a is the
radius of the tissue scatterers. For typical intact ﬁbrous tissues, such as sclera, dura
mater, and skin dermis, w is usually 0.2–0.3 [3].
To take into account interparticle correlation effects that are important for
tissues with densely packed scattering particles the scattering cross-section has
to be corrected by the packing factor of the scattering particles, ½1wðtÞp þ 1 =
½1 þ wðtÞðp1Þp1 [106], where p is the packing dimension that describes the rate
at which the empty space between scatterers diminishes as the total number density
increases. For spherical particles the packing dimension is equal to 3, and the packing
of sheet-like and rod-shaped particles is characterized by packing dimensions that
approach 1 and 2, respectively. Thus, Eq. (7.15) has to be rewritten as:
ms ðtÞ ¼

wðtÞ
½1wðtÞ3
s
ðtÞ
s
1 þ wðtÞ
pa2

ð7:16Þ

The time dependence of the refractive index of the interstitial ﬂuid can be derived
using the law of Gladstone and Dale, which states that the resulting value represents
an average of the refractive indices of the components related to their volume
fractions [66]. Such dependence is deﬁned as:
nI ðtÞ ¼ ½1CðtÞnbase þ CðtÞnoca

ð7:17Þ
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where nbase is the refractive index of the tissue interstitial ﬂuid at the initial moment,
and noca is the refractive index of the OCA. The wavelength dependence of water has
been presented in Reference [107] in visible and near-infrared (NIR) regions:
nw ðlÞ ¼ 1:3199 þ

6:878 103 1:132 109 1:11 1014

þ
l2
l4
l6

ð7:18Þ

As a ﬁrst approximation, we can assume that during the interaction between the
tissue and the immersion liquid the size and refractive index of the scatterers does
not change. Glycosaminoglycans are charged with tissue hydration because of the
formation of hydration shells. Therefore, the ﬁbrils preferentially absorb the initial
water and then remain at a relatively constant diameter [5, 51].
In this case, all changes in the tissue scattering are connected with the changes of
the refractive index of the interstitial ﬂuid described by Eq. (7.17).
The set of equations describing the dependence of OCA concentration on time
represents the direct problem. Reconstruction of the diffusion coefﬁcient of OCA can
be carried out on the basis of measurement of the temporal evolution of the
collimated transmittance. The solution of the inverse problem can be obtained by
minimization of the target function:
FðDÞ ¼

Nt 
X

Tc ðD; ti ÞTc ðti Þ

2

i¼1

where Tc ðD; tÞ and Tc ðtÞ are the calculated and experimental values of the timedependent collimated transmittance, respectively, and Nt is the number of measurements corresponding to different time intervals at registration of the temporal
kinetics of the collimated transmittance [52, 98, 108].
For in vivo studies, one can use the back reﬂectance geometry to provide
measurements (Figure 7.6). For this, ﬁber-optic grating-array spectrometers are
suitable because of their fast spectra collection during immersion agent action
[29, 46, 60, 63, 68, 89]. Measured temporal evolution of the tissue optical reﬂectance
could be used to calculate the OCA diffusion coefﬁcient. The inverse problem can be
solved by minimization of the target function:
FðDÞ ¼

Nt
X

½RðD; ti ÞR ðti Þ2

i¼1

where RðD; tÞ and R ðtÞ are the calculated and experimental values of the timedependent reﬂectance, respectively, and Nt is the number of measurements corresponding to different time intervals at registration of the temporal kinetics of the
reﬂectance [68].
7.5.2
Optical Coherence Tomography

OCT is an imaging technique that provides images of tissues with a resolution of
about 2–10 mm or less at a depth equal to or more than 1 mm depending on the
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optical properties of the tissue [56, 100, 101, 109–111]. It allows for determination
of refractive index and attenuation coefﬁcient in layered structures in skin and
other tissues.
Attenuation of light intensity for ballistic photons, I, in a medium with scattering
and absorption is described by the Bouguer–Lambert law: I ¼ I0 expð2mt zÞ, where
I0 is the incident light intensity, mt ¼ ma þ ms is the attenuation coefﬁcient for ballistic
photons, and 2z is the total tissue probing depth due to double pass of tissue layer by
ballistic photons. Since absorption in tissues is substantially less than scattering
(ma << ms) in the NIR spectral range, the exponential attenuation of ballistic photons
in tissue depends mainly on the scattering coefﬁcient: I ¼ I0 exp ð2ms zÞ [46]. Since
the scattering coefﬁcient of tissue depends on the bulk index of refraction mismatch,
an increase in refractive index of the interstitial ﬂuid and a corresponding decrease in
scattering can be detected as a change in the slope of fall-off of the depth-resolved
OCT amplitude [46, 110].
The permeability coefﬁcient for solutions in tissue layers (membranes) can be
measured using two OCT methods: OCT signal slope (OCTSS) and OCT amplitude
(OCTA) registration (Figure 7.8). With the OCTSS method, the average permeability coefﬁcient of a speciﬁc region in the tissue can be calculated from the
measured changes of OCT signal slope caused by agent diffusion. For this a region
in the tissue, where the OCT one-dimensional distribution of intensity in-depth
(A-scan) is linear and has minimal alterations, has to be selected, and its thickness
(zregion) has to be measured. Diffusion of the agents in the chosen region can be
monitored as a dynamic process (reversible) of the slope alternation, and, thus, time
of diffusion can be recorded (tregion). The average permeability coefﬁcient of the
 Þ can be calculated by dividing the thickness of the selected
selected region ðP
region
by
the
time

 it took for the agent to diffuse through this tissue layer
 ¼ zregion =tregion [101, 110].
P
Figure 7.9 shows the OCTsignal slope as a function of time recorded from sclera in
a fully submersed whole eyeballs experiment during glucose diffusion [110]. Immersion of the eyeball by glucose was performed at the seventh min after the onset of
the experiment. The diffusion of glucose into sclera changed the local scattering
coefﬁcient. The increase in local in-depth glucose concentration resulted in a
decrease in OCT signal slope during glucose diffusion, measured from zregion of
approximately 100 mm. As the glucose diffuses through, the reverse process starts to
take place (decrease of glucose concentration as the saline diffuses in), as seen at the
45th minute of the experiment. Therefore, the calculated glucose permeability
 Þwas approximately 5.5 106 cm s1.
coefﬁcient ðP
The high resolution of the OCT technique allows estimation of the permeability
coefﬁcient not only as a function of time but as a function of depth as well. The OCTA
method can be used to calculate the permeability coefﬁcient at speciﬁc depths in the
tissues as PðzÞ ¼ zi =tzi , where zi is the depth at which measurements were performed (distance from the tissue front surface) and tzi is the time for agent diffusion
to that depth. The value of tzi has to be calculated from the time point when agent was
added to the tissue until the time point where agent-induced change in the OCT
amplitude commenced [110]. Figure 7.10a shows a typical OCT signal measured at
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Figure 7.8 Schematic diagram showing basic
principles of two methods used to calculate
molecular permeability coefficients. (1) OCT
signal slope (OCTSS): calculating the average
permeability coefficient in tissues stroma and
computed by dividing the thickness by time –
denoted by rectangles in (a) and (b); (2) OCT

amplitude (OCTA): calculating the permeability
coefficient at different depths, thickness from
the epithelial layer to a particular depth, the time
is computed from the instant glucose was
added until glucose-induced change in the OCT
amplitude commenced; denoted by bars in (a)
and arrows in (b).

7.5 Diffusion Coefficient Estimation

Figure 7.9 OCTSS as a function of time recorded from sclera (fully submersed whole eyeballs
experiments) [110] during a glucose diffusion experiment. The arrow indicates when the agent was
added.

depths of 105, 158, 225, and 273 mm from the surface of a rabbit sclera during a
mannitol diffusion experiment. The arrows on each of the OCT signals depict the
time the agents action reached that particular depth, as illustrated by a sharp decrease
of the OCT signal amplitude. Figure 7.10b shows the calculated permeability rates of
20%-mannitol measured at different depths in the sclera. This graph demonstrates
that the permeability rate inside the sclera is not homogenous and is increasing with
increasing depth, as is expected for multilayered objects with different tissue density.
Therefore, the results for depth-resolved quantiﬁcation of molecular diffusion in
tissues demonstrate that the permeability rate inside epithelial tissues is increasing
with increasing depth. Several factors are likely to contribute to such an increase in
permeability rates with tissue depth: the layered structure of the tissues, the
difference in diameters of the collagen ﬁbers in each layer, and the diverse organizational patterns of the collagen bundles at different depths. For instance, the sclera
possesses three distinct layers, which include the episclera, stroma, and lamina fusca.
The outer layer, the episclera, consists primarily of collagen bundles that intersect at
different angles along the surface of the sclera. This inconsistency in organization of
the collagen bundles causes a lower permeability rate of the agent, imposing an
effective resistance force that potentially reduces the speed of penetration into the
tissue. In the stroma and the lamina fusca of the sclera, the collagen ﬁbrils are more
organized and oriented in two patterns, meridionally or circularly, reﬂecting
the observed increase in agent permeability in the stroma. The different diameters
of the collagen ﬁbers at different tissue depths may also inﬂuence the diffusion
processes in tissues.
Table 7.2 summarizes both the diffusivity and permeability obtained by the abovedescribed methods.
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Figure 7.10 (a) OCT signal as a function of
time recorded at different depths during a
mannitol diffusion experiment in the sclera
(arrows indicate the different depths reached by

the mannitol front inside a sclera);
(b) permeability rates recorded at different
depths in a sclera during the diffusion
of 20%-mannitol.

OCT has many advantages over other popular imaging systems such as X-ray, MRI,
and ultrasound in terms of safety, cost, contrast, and resolution. However, lack of
penetration depth into tissue is the main drawback of OCT. The turbidity of most
biological tissues could prevent the ability of OCT to be fully engaged in various
diagnostic and therapeutic procedures. As described above, application of OCAs can
reduce scattering and, thus, improve imaging depth and contrast in OCT imaging of
different tissues and cells. As an example, Figure 7.11 shows typical OCT images of

7.5 Diffusion Coefficient Estimation
Table 7.2 Diffusivity (D) and permeability (P) of different OCAs in tissues obtained by different

methods.
Tissue

OCA

Human sclera
in vitro

20%-Aqueous
glucose
solution
30%-Aqueous
glucose
solution
40%-Aqueous
glucose
solution
20%-Aqueous
glucose
solution
20%-Aqueous
mannitol
solution
40%-Aqueous
glucose
solution
40%-Aqueous
glucose
solution
40%-Aqueous
glucose
solution
Mannitol
solution
Mannitol
solution
20%-Aqueous
glucose
solution
20%-Aqueous
glucose
solution
20%-Aqueous
glucose
solution
20%-Aqueous
glucose
solution

Human sclera
in vitro
Human sclera
in vitro
Human dura
mater in vitro
Human dura
mater in vitro
Rat skin
in vitro
Rabbit sclera
in vivo
Human skin
in vivo
Rabbit cornea
in vitro
Rabbit sclera
in vitro
Rabbit sclera
in vitro
Pig aorta
in vitro
Pig skin
in vitro
Rhesus
monkey skin
in vivo

Experimental
methoda)

D 106
(cm2 s1)

P 106
(cm2 s1)

Reference

CTS

0.57  0.09

[98]

CTS

1.47  0.36

[98]

CTS

1.52  0.05

[98]

CTS

1.63  0.29

[52]

CTS

1.31  0.41

[52]

CTS

1.1  0.16

[108]

ReS

0.54  0.01

[68]

ReS

2.56  0.13

[60]

OCT

8.99  1.43

[100]

OCT

6.18  1.08

[100]

OCT

8.64  1.12

[100]

OCT

14.3  2.4

[110]

OCT

7.69  0.56

[110]

OCT

2.32  0.2

[101]

a) Abbreviations: CTS, collimated transmittance spectroscopy; ReS, reﬂectance spectroscopy;
OCT, optical coherence tomography.
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Figure 7.11 Typical OCT images of a mouse embryo acquired before (a) and 10 min after addition
of 50% glycerol (b). In (a), ra ¼ right atrium; rv ¼ right ventricle.

the same area of a mouse embryo imaged before and 10 min after the addition of 50%
glycerol (Figure 7.11a and b, respectively).
The selected imaging areas contained heart chambers as well as more optically
uniform tissues used to assess the clearing effect of introduced clearing agent. As
one can see from the images, during glycerol diffusion into the tissue, the atrial wall
became more visually deﬁned and the structure of the trabeculae within the
ventricle became more distinguishable. Scans through the more uniform abdominal region (marked with vertical lines in Figure 7.11) were used to assess the
degree of optical clearing. The percentage of signal enhancement at depths of 200 to
500 mm from the surface was calculated to be 51.5  12.5% at about 10–15 min after
addition of glycerol. Interestingly, the OCT signal amplitude in the upper tissue
layers (up to 100 mm from the surface) is lower than that before the application of
the glycerol (Figure 7.12). In the deeper layers the addition of glycerol caused an
increase of the OCT signal amplitude. This result is consistent with the expectations
from layer-by-layer optical clearing: the diffusion of the OCA into the tissue
decreases back scattering at the upper layers by eliminating the refractive index
mismatch at tissue and ﬂuid interfaces. Consequently, because scattering is
decreased in upper layers, more photons can reach deeper tissue layers, resulting
in a higher OCT signal.

7.6
Applications of Tissue Optical Clearing to Different Diagnostic
and Therapeutic Techniques

Over the last decade, noninvasive or minimally invasive spectroscopy and imaging
techniques have found wide spread application in biomedical diagnostics, for
example, OCT [3, 109–111], visible light and NIR spectroscopy [3, 112, 113], ﬂuorescent [28–30] and polarization spectroscopy [3, 69, 114], and others. Spectroscopic
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Figure 7.12 Normalized intensity of OCT signal at different depths from the surface as a function of
time during addition of glycerol.

techniques can provide a deep imaging of tissues that could give information on blood
oxygenation [118] and detect cutaneous and breast tumors [114, 115], whereas confocal
microscopy [1, 116–118], OCT [3, 109–111], and multiphoton excitation imaging [1,
117, 119] have been used to show cellular and subcellular details of superﬁcial living
tissues. Spectroscopic, OCT, and photoacoustic techniques are applicable for blood
glucose monitoring with diabetic patients [3, 120–132].
The reduction of light scattering by a tissue gives not only improvement of image
quality and precision of spectroscopic information but decreases irradiating light
beam distortion and gives sharp focusing.
We now discuss the application of the immersion technique to several diagnostic
and therapeutic applications.
7.6.1
Glucose Sensing
7.6.1.1 NIR Technique
Measurements of blood glucose and its regulation are necessary for patients with
disorders of their carbohydrate metabolism, particularly caused by diabetes mellitus [121]. In recent decades, noninvasive blood glucose monitoring has become an
increasingly important topic in the realm of biomedical engineering. In particular,
the introduction of optical approaches has brought exciting advances to this
ﬁeld [122].
NIR spectroscopy has potential in realizing noninvasive blood glucose monitoring.
The NIR region is ideal for the noninvasive measurement of human body compositions because biological tissue is relatively transparent to light in this region, the
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so-called therapeutic window. The molecular formula of glucose is C6H12O6 and
several hydroxyl and methyl groups are contained in this structure. They are mainly
hydrogen functional groups whose absorption occurs in the NIR region. For glucose,
the second overtone absorption is in the spectral region between 1100 and 1300 nm
and the ﬁrst overtone absorption is in the region 1500–1800 nm [122]. In the range
1400–1500 nm there is a peak that corresponds to the absorption peak of water [133].
This information provides the theoretical basis for the measurement of blood glucose
using NIR spectroscopy [122, 123]. Moreover, tissue optical clearing can be helpful for
more contrast visualization of glucose bands in tissue reﬂectance spectra. For
example, selection of an OCA without the peak in the range around 1600 nm can
provide dehydration of tissue and, thereby, decrease the water peak. In contrast,
glucose peak at 1600 nm can be better differentiated.
Noninvasive NIR blood glucose monitoring is a challenge because it deals with
very weak signals of glucose directly from human skin, and the physiological
conditions of skin that may inﬂuence on detected signal, such as body temperature,
vary easily with time. However, glucose injection produces body temperature
changes [134]. There is a potential for a coincidental correlation between the circadian
ﬂuctuation of glucose concentration in human blood and the circadian periodicity of
the body temperature and other vital signs. Correlation between glucose concentrations and temperature-modulated localized reﬂectance signals at wavelengths between 590 and 935 nm, where there are no known NIR glucose absorption bands, has
been presented in Reference [120].
One critical difﬁculty associated with in vivo blood glucose assay is an extremely low
signal-to noise ratio of glucose peak in an NIR spectrum of human skin tissue.
Therefore, the main problem of the NIR glucose monitoring is the construction of
calibration models [112, 113, 122, 123].
The calibration models developed from oral glucose intake types of experiments
often have chance temporal correlation. At present, the utilization of plural
experiment data sets for quantitative modeling is most useful to avoid the chance
temporal correlation. In Reference [112] partial least-squares regression was carried
out for the NIR data (total 250 paired data-set) and calibration models were built for
each subject individually. The selection of informative regions in NIR spectra for
analysis can signiﬁcantly reﬁne the performance of these full-spectrum calibration
techniques [113].
The ﬂoating-reference method of calibration is described in Reference [122]. The
key factor and precondition of the method are the existence of the reference position
where diffuse reﬂectance light is not sensitive to the variations of glucose concentration. Using the signal at the reference position as the internal reference for
human body measurement can improve the speciﬁcation for extraction of glucose
information [122].
The concept of noninvasive blood glucose sensing using the scattering properties
of blood is an alternative to the spectral absorption method [124]. The method of NIR
frequency-domain reﬂectance techniques is based on changes in glucose concentration, which affects the refractive index mismatch between the interstitial ﬂuid and
tissue ﬁbers, and hence ms0 [125]. A glucose clamp experiment (the concentrations of
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injected glucose and insulin are manipulated to result in a steady concentration of
glucose ever a period of time [120]) showed that dms0 at 650 nm (the distances between
the source- and detector-ﬁbers rsd ¼ 1–10 mm) qualitatively tracked changes in blood
glucose concentration for a volunteer with diabetes [126].
The response of a non-diabetic male subject to a glucose load of 1.75 g per kg body
weight, as a standard glucose tolerance test, was determined by continuously
monitoring the product of nms0 measured on muscle tissue of the subjects thigh
using a portable frequency-domain spectrometer [125]. The refractive index n of the
interstitial ﬂuid modiﬁed by glucose is deﬁned by the equation [125] nglw ¼ nw þ
1.515 106 Cgl, where Cgl is glucose concentration in mg dl1 and nw is the
refractive index of water [107]. As the subjects blood glucose rose, the nms0
decreased. Key factors for the success of this approach are the precision of the
measurements of the reduced scattering coefﬁcient and the separation of the
scattering changes from absorption changes, as obtained with the NIR frequency-domain spectrometer [125]. Evidently, other physiological effects related to
glucose concentration could account for the observed variations of ms0 and, as
mentioned earlier, the effect of glucose on the blood ﬂow in the tissue may be one of
the sources of the errors of ms0 measurements.
7.6.1.2 OCT Technique
The OCT method described in Section 7.5.2 can also be used for glucose monitoring in tissues. Since the OCT technique measures the in-depth distribution of
reﬂected light with a high spatial resolution, changes in the in-depth distribution of
the tissue scattering coefﬁcient and/or refractive index mismatch affect the OCT
signal parameters – slope and amplitude. Free blood glucose perfusion via blood
capillaries and subsequent diffusion in tissues induce local changes of optical
properties (scattering coefﬁcient and refractive index); thus one can monitor and
quantify the diffusion process by depth-resolved analyses of the OCT signal
recorded from a tissue site [101, 110, 111, 127, 128]. Physiological glucose levels
are in the range 3–30 mM, which is far below the level of making the tissue
transparent. However, OCT can detect photons backscattered from different layers
in the sample. Thus, changes in the scattering properties can be studied at different
depths in the sample [56]. Therefore, a high sensitivity of the OCT signal from living
tissues to glucose content allows one to monitor its concentration in the skin at a
physiological level [127, 128].
7.6.1.3 Photoacoustic Technique
Both in vitro and in vivo studies have been carried out in the spectral range of the
transparent tissue window, around the 1–2 mm, to assess the feasibility of photoacoustic spectroscopy (PAS) for noninvasive glucose detection [129]. The photoacoustic signal is obtained by probing the sample with monochromatic radiation,
which is modulated or pulsed. Absorption of probe radiation by the sample results in
localized short-duration heating. Thermal expansion then gives rise to a pressure
wave, which can be detected with a suitable transducer. An absorption spectrum for
the sample can be obtained by recording the amplitude of generated pressure waves
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as a function of probe beam wavelength [129]. The pulsed PA signal is related to the
properties of a turbid medium by the equation [120, 129]:
PA ¼ kðbun =Cp ÞE0 meff

where
PA is the signal amplitude,
k is the proportionality constant,
E0 is the incident pulse energy,
b is the coefﬁcient of volumetric thermal expansion,
u is the speed of sound in the medium,
Cp is the speciﬁc heat capacity,
n is a constant between one and two, depending on the particular experimental
conditions,
qﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃﬃ

ﬃ
meff ¼ 3ma ma þ m0s .
In the PAS technique, the effect of glucose can be analyzed by detecting changes in
the peak-to-peak value of laser-induced pressure waves [130].
The investigations have demonstrated the applicability of PAS to the measurement
of glucose concentration [130, 131]. The greatest percentage change in the photoacoustic response was observed in region of the CH second overtone at 1126 nm,
with a further peak in the region of the second OH overtone at 939 nm [129]. In
addition, the generated pulsed PA time proﬁle can be analyzed to detect the effect of
glucose on tissue scattering, which is reduced by increasing glucose concentration [46, 120].
A new concept for in vivo glucose detection in the mid-infrared spectral range is
based on the use of two-quantum cascade lasers emitting at wavelengths 9.26 and
9.38 mm to produce PA signals in the forearm skin [132]. One of the wavelengths
correlates with glucose absorption, while the other does not. Determination of
glucose concentration in the extracellular ﬂuid of the stratum spinosum permits
deduction of the glucose concentration in blood, because the two factors correlate
closely with each other. This method allows us to improve glucose speciﬁcity and to
remove the effect of other blood substances.
7.6.1.4 Raman Spectroscopy
Raman spectroscopy (RS) can provide potentially rapid, precise, and accurate analysis
of OCA concentration and biochemical composition. RS provides information about
the inelastic scattering, which occurs when vibrational or rotational energy of target
molecules is exchanged with incident probe radiation. Raman spectra can be utilized
to identify molecules such as glucose, because these spectra are characteristic of
variations in the molecular polarizability and dipole momentum. Enejder et al. [135]
have accurately measured glucose concentrations in 17 non-diabetic volunteers
following an oral glucose tolerance protocol.
In contrast to infrared and NIR spectroscopies, Raman spectroscopy has a spectral
signature that is less affected by water, which is very important for tissue study. In
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addition, Raman spectral bands are considerably narrower (typically 10–20 cm1
wide [136]) than those produced in NIR spectral experiments. The RS also has the
ability for simultaneous estimation of multiple analytes, requires minimum sample
preparation, and would allow for direct sample analysis [137]. Like infrared absorption spectra, Raman spectra exhibit highly speciﬁc bands, which are dependent on
concentration. As a rule, for Raman analysis of tissue, the spectral region between
400 and 2000 cm1, commonly referred to as the ﬁngerprint region, is employed.
Different molecular vibrations lead to Raman scattering in this part of the spectrum.
In many cases bands can be assigned to speciﬁc molecular vibrations or molecular
species, aiding the interpretation of the spectra in terms of biochemical composition
of the tissue [137].
Because of the reduction of elastic light scattering at tissue optical clearing, more
effective interaction of a probing laser beam with the target molecules is expected.
The OCAs increase the signal-to-noise ratio, reduce the systematic error incurred as a
result of incompletely resolved surface and subsurface spectra, and signiﬁcantly
improve the Raman signal [96].
7.6.2
Tissue Imaging
7.6.2.1 Confocal Microscopy
Reﬂection confocal microscopy (RCM) is widely used at present in various biomedical investigations for visualization of the internal structure of biological tissues on a
cellular and subcellular level [116, 117]. A confocal microscope illuminates and
detects the scattered or ﬂuorescent light from the same volume within the specimen.
The main advantage of RCM is its ability to optically section thick specimens [117].
This technique makes it possible to obtain high-quality (with a micrometer spatial
resolution) images of cellular layers. A high image contrast and a high spatial
resolution of RCM are achieved due to probing a small volume of the medium
bounded by the size of the central focal spot, which is formed by a focusing optical
system. The main limitation of the confocal microscopy in skin studies is high
scattering that distorts the quality of cell images. The increase in transparency of the
upper skin layers can improve the penetration depth, image contrast, and spatial
resolution of confocal microscopy [118].
Using Monte Carlo simulation of the point spread function it was shown that
confocal microscopic probing of skin at optical clearing is potentially useful for deep
reticular dermis monitoring and improving the image contrast and spatial resolution
of the upper cell layers [118].
7.6.2.2 Nonlinear Microscopy
Optical clearing seems to be a promising technique for improvement of detected
signals in nonlinear spectroscopy. In Reference [138] the authors have examined the
effect of optical clearing with glycerol to achieve greater in-depth imaging of specimens of skeletal muscle tissue and mouse tendon (collagen based) by threedimensional (3D) second-harmonic generation (SHG) imaging microscopy. It was
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found that treatment with 50%-glycerol results in a 2.5-fold increase in the SHG
imaging depth. In Reference [139] it was also shown that the axial attenuation of the
forward SHG signal decreases with increasing glycerol concentration (25%, 50%,
and 75%). This response results from the combination of the primary and secondary
ﬁlter effects on the SHG creation and propagation, respectively [139]. The authors of
Reference [139] note that the application of glycerol results in a swelling of the muscle
cells, where the higher concentrations result in thicker tissues for the same exposure
time. The tendon also exhibits signiﬁcant swelling on immersion in glycerol
solutions.
Thus, it was shown that reduction of the primary ﬁlter following glycerol treatment
dominates the axial attenuation response in both muscle and tendon. However, these
disparate tissue types have been shown to clear through different mechanisms of the
glycerol–tissue interaction. In the a-cellular tendon, glycerol application reduces
scattering by both index matching as well an increasing the inter-ﬁbril separation.
Through analysis of the axial response as a function of glycerol concentration in
striated muscle, the authors conclude that the mechanism in this tissue arises from
matching of the refractive index of the cytoplasm of the muscle cells with that of the
surrounding higher index collagenous perimysium [139].
Collagen ﬁbers produce a high second-harmonic signal and can be imaged inside
skin dermis with SHG microscopy [140]. Evidently, due to optical clearing, less
scattering in the epidermis for the incident long wavelength light (800 nm) and
especially for the backward SHG short wavelength light (400 nm) may improve SHG
images of dermis collagen structures [46].
However, at 100%-glycerol application to rodent skin dermis and tendon samples,
as well as to engineered tissue model (raft), a high efﬁciency of tissue optical clearing
was achieved in the wavelength range 400–700 nm, but the SHG signal was
signiﬁcantly degraded in the course of glycerol application and returned back to
the initial state after tissue rehydration by application of saline [64]. The loss of SHG
signal in Reference [64] is associated with the reversible dissociation of collagen ﬁbers
and the corresponding loss of ﬁbril organization on glycerol action. Such an
explanation is somewhat contradictory, because less organization of collagen ﬁbers
will lead to higher scattering [46]. Since the signiﬁcant effect of optical clearing at
glycerol application is tissue dehydration, an explanation following from data of
Reference [140] seems to be more adequate. Using reﬂection-type SHG polarimetry,
it was shown in Reference [140] that the SHG polarization signal for chicken skin
dermis was almost unchanged and the SHG intensity was decreased to about a
quarter at tissue dehydration. The authors have hypothesized that the decrease of
SHG intensity results in a change of linear optical properties, that is, scattering
efﬁciency (reduction of the SHG photon recycling), rather than of efﬁciency of SHG
in the tissues.
It is possible that SHG and optical clearing may provide an ideal mechanism to
study physiology in highly scattering skeletal or cardiac muscle tissue with significantly improved depth of penetration and achievable imaging depth. However, the
problem of the change of SHG signal on the optical clearing of ﬁbrous tissue as skin,
sclera, and others requires further research.
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7.6.2.3 Multiphoton Microscopy
The application of OCAs may prove to be particularly relevant for enhancing twophoton microscopy [141], since it has been shown that the effect of scattering is to
drastically reduce penetration depth to less than that of the equivalent single-photon
ﬂuorescence while largely leaving resolution unchanged [117, 119]. This happens
mostly due to excitation beam defocusing (distortion) in the scattering media. On the
other hand, this technique is useful in understanding the molecular mechanism of
tissue optical clearing upon immersion and dehydration.
The ﬁrst demonstration of two-photon in-depth signal improvement using optical
immersion technique with hyperosmotic agents, such as glycerol, propylene glycol,
both in anhydrous form, and aqueous glucose solution, was performed by authors of
Reference [141] in ex vivo experiments with human dermis. Such improvements were
obtained within a few minutes of application. The images in Figure 7.13 show the
evolution in time of a section at 60 mm depth, after immersion in glycerol [141].

Figure 7.13 Time-lapse sequence of images at 60 mm depth in a skin sample, for immersion in
glycerol at time t ¼ 0 (a), 120 (b), 240 (c), and 420 s (d) [141].
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Before data acquisition, the sample was immersed in 0.1 ml of phosphate-buffered
saline (PBS) to prevent drying and shrinkage. Then, the sample was immersed in
0.5 ml of an OCA and one image stack was acquired every 30 s for 6–7 min. Finally,
the OCA was removed and the sample was immersed again in 0.1 ml of PBS, to
observe the reversibility of the clearing process. The upper limit of tissue shrinkage
was estimated as 2% in the course of 6–7 min of OCA application. Only for glycerol
was the effect shown to be partially reversible through reapplication of PBS. This adds
some support to the hypothesis of alteration to the collagen structure as being a
signiﬁcant contributor to the clearing effect.
The average contrast in each image and relative contrast (RC) were deﬁned as [141]:
Contrast ¼

N
lines
X
i;j¼1

Ii;j  Ii;j ;

RC ¼ 100

Contrast½OCAContrast½PBS
Contrast½PBS
ð7:19Þ

where Ii;j is the mean intensity of the nearest eight pixels and Nlines ¼ N  2, with
N ¼ 500; Contrast[OCA] and Contrast[PBS] are calculated using Eq. (7.19), for OCA
and PBS immersion, respectively. The values of RC served for comparison purposes.
Of the three agents, glycerol was the most efﬁcient with respect to saturation level
(RC ¼ 16.3 at 20 mm depth), but also the slowest. Propylene glycol was similarly
efﬁcient (RC ¼ 12.6 at 20 mm depth), whereas, glucose was the worst (RC ¼ 5.1 at
20 mm depth) but diffuses three times faster than glycerol and ﬁve times faster than
propylene glycol. The RC dramatically increased with increasing depth.
The effect on deeper layers is greater because of the cumulative effect of the reduction
inscatteringinthesuperﬁciallayersofthetissuesample,whichprovideslessattenuation
of the incident and detected ﬂuorescent light. The contrast is also dependent on
ﬂuorescence intensity, which is proportional to the squared intensity of the excitation
intensity and mostly dependent on excitation beam focusing ability. Better focusing
(less focused beam distortion) is achieved in less scattering media [141].
Additional morphological information is provided by combination of SHG
microscopy with two-photon excitation ﬂuorescence microscopy [142]. Nonlinear
laser imaging can be improved at tissue optical clearing but requires further
investigations.
7.6.2.4 Polarized Microscopy
Practically all healthy connective and vascular tissues show the strong or weak optical
anisotropy typical for either uniaxial or biaxial crystals [143]. Pathological tissues as a
rule show isotropic optical properties because of irregularities of tissue structure
(more chaotic cell structures and blood vessel supply network) [144]. Reduction of
scattering upon optical immersion makes it possible to detect the polarization
anisotropy of tissues more easily and to separate the effects of light scattering and
intrinsic birefringence on the tissue polarization properties. It is also possible to
study birefringence of form with optical immersion, but when the immersion is
strong the average refractive index of the tissue structure is close to the index of the
ground media, and the birefringence of form may be too small to be detected [26].
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The OCA-induced optical clearing leads to increasing depolarization length.
Clearing has a similar impact on scattering and correspondingly on the improvement
of polarization properties with increasing efﬁciency from longer to shorter wavelengths [69]. Owing to less scattering of the longer wavelengths, the initial polarization degree is higher for these wavelengths and thus clearing efﬁciency is not large;
however, the absolute values of achieved polarization degree of transmitted light are
the highest.
With the reduction of scattering, tissue birefringence can be measured more
precisely. In particular, the birefringence of form and material can be separated. For
example, in a translucent human scleral sample impregnated with a highly concentrated glucose solution (about 70%), the measured optical anisotropy Dn ¼ (ne  no)
was 103 [26].
7.6.2.5 Optical Projection Tomography
Optical projection tomography (OPT) is a new approach for 3D imaging of small
biological specimens. It ﬁlls an imaging gap between magnetic resonance imaging and
confocal microscopy, being most suited to specimens that are 1–10 mm across [145].
The ability to analyze the organization of biological tissue in three dimensions has
proven to be invaluable in understanding embryo development, a complex process in
which tissues undergo an intricate sequence of movements relative to each other. A
related goal is the mapping of gene expression patterns onto these 3D tissue
descriptions. This information provides clues about the biological functions of genes
and also indicates which genes may interact with each other [146]. Because OPT can
record both absorption and emission proﬁles, it is able to image the wealth of
different staining techniques that exist to record the spatial distribution of gene
activity. The most common assay for gene activity at the RNA level is still a protocol
that produces a purple precipitate within the tissue. Because this precipitate is not
ﬂuorescent, it cannot be imaged by confocal microscopy. However, in bright-ﬁeld
mode, OPTcan recreate the 3D distribution of this precipitate for a complete 11.5 dpc
(days-post-coitum) mouse embryo [145, 146]. Other important applications for OPT
are to help analyze normal and abnormal morphology and to localize where labeled
cells are within a tissue [145].
The most common approach for OPT imaging is to suspend the specimen in an
index-matching liquid to reduce the scattering of light on the surface and reduce
heterogeneities of refractive index throughout the specimen. This means that light
passes through the specimen in approximately straight lines and a standard backprojection algorithm can generate relatively high-resolution images [145].
7.6.3
Therapeutic Applications

In vivo control of tissue optical properties can be very important for some therapeutic
applications.
In Reference [68] scattering and absorption of different layers of eye under the
action of 40%-glucose solution have been simulated by Monte Carlo method. The
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modeling has shown that the mean increase of the fraction of photons absorbed in
retina at the clearing of sclera is about 30%. Thus, scleral optical clearing may provide
more precise and effective coagulation of retinal pigmented epithelium and choroid
layers.
Experiments have shown that OCAs (in particular, glycerol) can be used to
signiﬁcantly reduce the radiant exposures required for cutaneous and epidermal
blood vessel coagulation [147, 148] and tattoo removal [92, 93, 149, 150].
In many cases, targeted deep blood vessels in a lesion are not sufﬁciently heated by
incident light due to competition from absorption and scattering by other tissue
constituents. The skin optical clearing method was proposed makes it possible to
observe dermal blood vessel through the intact skin [147, 148]. Subcutaneous radiant
exposures for vessels treated with glycerol were typically several-fold lower than
untreated vessels. For example, arterioles in the 80–110-mm-diameter range in
untreated skin had radiant exposure values of 12 J cm2, compared to 2 J cm2
in glycerol-treated cases [147].
To estimate the effectiveness of laser radiation delivery to the area of the target
absorber localization, computer simulation of the alteration of skin optical properties
was carried out by Monte Carlo modeling (Figure 7.14). The optical clearing of
different skin layers was simulated using Mie scattering theory [8]. For the skin image
analysis, optical parameters at l ¼ 633 nm (He-Ne laser irradiation) were used [92].
For the target area representation, an absorbing layer in the form of cross was added
to the skin model. The depth of the cross location in the model was chosen as 1 mm
and its thickness was 50 mm.
The cross borders in Figure 7.14a look rather fuzzy due to high light scattering by
the upper tissue layers. The optical clearing of the layers causes a signiﬁcant increase
in contrast of the images that improves visualization of the target area. To estimate the
contrast of obtained images the following formula was used: K ¼ ðR1 R2 Þ
ðR1 þ R2 Þ1 , where R1 ; R2 are the skin reﬂectance outside the cross area and inside
it, respectively [92].
Analysis of the absorption object image shows that the largest contrast is achieved
at the clearing of the upper layer (K ¼ 0.4) (Figure 7.14c), which improves contrast of
the image on the background of intact skin 2.6-fold (K ¼ 0.15) (Figure 7.14a).
Insigniﬁcant contrast increase is observed at the total immersion of skin – upper
and lower layers (K ¼ 0.28) (see Figure 14b), because of relatively less interaction
ability of light with absorbers at less multiplicity of scattering [92].
The density of irradiation energy of a frequency-doubled Nd:YAG laser (l ¼ 532
nm) used for tattoo removal is 2–4 [151], 3 [150], and 2.6 J cm2 [152]. For a ruby laser
(l ¼ 694 nm) the energy density is 3.5 [153] or 4–7 J cm2 [151]. The energy density
of a Q-switched alexandrite laser (l ¼ 755 nm) is 5 [150] and 10–16 J cm2 [152]. For
a Q-switched Nd:YAG laser (l ¼ 1064 nm) the energy density is 4–8 [151] and
5 J cm2 [152]. In Reference [93] it was shown that to achieve a similar result as
those without skin optical clearing, when using OCA the density of laser energy can
be reduced by 50–60% depending on the target area localization depth in blue-green
spectral range, by 30–40% in the red spectral range, and 10–20% in the NIR spectral
range. This allows a decrease in thermal damage of skin.

7.7 Conclusion

Figure 7.14 Result of Monte Carlo simulation
of an image of an absorption layer in skin (cross)
at wavelength 633 nm; the layer is 1.0 mm deep,
localization of the cross is 1.0mm in depth. Skin

without clearing (a); all skin layers (excluding
subcutaneous adipose layer) are immersed (b);
skin layers above the cross are immersed in
glycerol administered topically (c) [92].

7.7
Conclusion

This chapter has demonstrated some speciﬁc features of tissue optics and
light–tissue interaction. It shows that administration of optical clearing agents
allows one to control effectively optical properties of tissues. The control leads to
the essential reduction of scattering and therefore causes much higher transmittance (optical clearing) and the appearance of a large amount of least-scattered
and ballistic photons, allowing for successful application of different optical
imaging and spectroscopic (optical biopsy) techniques for medical purposes.
The kinetics of tissue optical clearing, deﬁned, in general, by both the dehydration
and agent diffusion processes, is characterized by different time responses that
depend on the tissue and agents used. Swelling or shrinkage of the tissue and
cells under the action of clearing agents may play an important role in the tissue
clearing process.
The immersion technique has great potential for noninvasive medical diagnostics
using reﬂectance spectroscopy, OCT, confocal, nonlinear, polarized microscopy and
other methods where scattering is a serious limitation. Optical clearing can increase

j155

j 7 Light–Tissue Interaction at Optical Clearing

156

the effectiveness of several therapeutic and surgical methods using laser beam action
on a target area hindered by depth of a tissue.
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