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1 Introduction 
In this review paper, fundamentals of tissue optics and 
photonics are discussed. Basic principles of light-tissue 
interaction and light beam propagation in weakly and 
strongly scattering tissues are considered. The 
discussion of different optical phenomena in tissues in 
one paper could be helpful for understanding of 
interrelations between different optical modalities 
beneficial for biomedical diagnostics and treatment. 
Currently there are available a plenty of literature 
describing tissue optics and biomedical applications of 
optical technologies, which can be recommended for 
further reading [1-58]. Biophotonics as a science and 
technology use tissue optics as basics for designing 
innovative optical diagnostical and treatment 
technologies [59-64]. 

The electromagnetic wave spectrum presented 
schematically in Fig. 1 shows wavelength range from 
the very short ones of gamma rays to the very long of 
radio waves, where only very small interval belongs to 
visible light from 400 to 780 nm. Physicians who apply 
light in phototherapy or vision science classify the light 
spectrum (i.e., from 100 nm to 1000 µm) basing on the 
major mechanism of light interaction with biological 
cells or tissues. In particular, spectral ranges are 
classified as ultraviolet (UV) light (UVC, 100–280 nm; 
UVB, 280–315 nm; and UVA, 315–400 nm); visible 
(400–780 nm); and infrared (IR) ligh (IRA, 780–1400 
nm; IRB, 1400–3000 nm; and IRC, 3–1000 µm). 
However, physicists who consider light’s interaction 
with and propagation in abiological media (atmosphere, 
ocean, etc.) classify light spectrum as UV (100–400 
nm), visible (400–800 nm), near IR (NIR) (800–2500 
nm), middle IR (MIR) (2.5–50 µm), and far IR (FIR) 
(50–2000 µm). Presently, as light is more and more 
widely and effectively used in medicine, both 
classifications and terminologies are on use in the 
biomedical optics and biophotonics. 

For example, due to great importance of the near 
infrared range for tissue spectroscopy and imaging, the 
abbreviation NIR is often used now by medical doctors. 
A current interest and future perspective of the terahertz 
range of electromagnetic radiation for biomedical 
applications spread the light wavelength range 
classification used in medicine to the 2000 µm that used 
by physicists. %

To characterize the efficiency of light interaction 
with biological tissue (inducing a photochemical 
reaction, temperature increase, evaporation, thermal 

mechanical breaking, etc.) besides choosing the 
wavelength of light, its energetic parameters are also 
important. Two major parameters are typically used: 
energy and power. Energy is the ability of light to 
produce some work; energy E is measured in joules (J). 
Power is the rate of delivery of energy; it is normally 
measured in watts (W) (i.e., joules per second (J/s)). 

At light interaction with tissues, produced 
photophysical, photochemical, or photobiological 
effects depend on energy density and/or power density 
that are provided within the target area. Energy density 
or fluence is the energy of the light wave that 
propagates through a unit area which is perpendicular to 
the direction of propagation of the light wave. Fluence 
is measured in J/m2 or J/cm2 and power density or 
intensity is measured in W/m2 or W/cm2. The 
relationship between fluence (F) and intensity (I) is 
given by: 

!! = !!!×!!,! (1)!

where !! is the length of pulse (pulsewidth) or exposure 
time. 

In inhomogeneous light scattering media to which 
tissues belong, the following parameter is often used: 
fluence rate (or total radiant energy fluence rate), that is, 
the sum of the radiance over all angles at a point !; the 
quantity that is typically measured in irradiated tissues 
(W/m2 or W/cm2) and commonly called “intensity” or 
“quantum flux.” %

In general, a light beam is a slender stream of light. 
Often the user needs a collimated beam—a beam of 
light in which all rays are parallel to each other and the 
wavefront is a plane. Such a beam, in some cases, can 
be provided automatically by using an appropriate laser 
or can be formed by special optics (with possible 
significant loss of light energy) using conventional light 
sources such as lamps. %

Typically, laser beam has a Gaussian shape for the 
transverse intensity profile. If the intensity at the centre 
of the beam is I(0, z) for a distance z apart the position 
of the laser beam “waist” (the narrowest part of a 
beam), the formula for a Gaussian beam is [65] 

! !, ! = ! 0, ! !"# −2 !
!! !

!
,! (2)!

where r is the radial distance from the axis and wb(z) is 
the beam radius at distance z from laser counted from 
the position of the beam “waist”. A single-mode fibre 
with a core diameter of several microns also creates a 
Gaussian beam at its output. 

The initial beam divergence of the light source is 
important for a light beam focusing on the target and for 
controlling the light spot diameter. The radius of the 
beam in the focal plane of the lens with a focal length f 
is given by: 

! = !×!,! (3)
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%
Fig. 1.1 Electromagnetic spectrum and types of interaction with matter (UV – ultraviolet, EUV – extreme UV, VIS – 
visible, IR – infrared, MW – microwaves, THz – terahertz, RW – radio waves). Modified from [40]. 

where θ is the beam divergence. 
Single mode lasers or single mode fibres have a 

minimal beam divergence and can provide minimal 
light spot size; for a single mode laser (TEM00-mode) 

! ≅ !/!" 0 ,! (4)!

where w(0) is the laser beam radius in its “waist.” 
Minimal light spot size in the focal plane of the 
aberration free optical system can be close to the 
wavelength λ. For enough far distance from the laser,  
z >> πw2(0)/λ, laser beam radius is defined by a simple 
formula:  

!(!) !≅ !!".! (5)!

Evidently, light-tissue interaction depends on 
temporal parameters of the light, whether it is 
continuous wave (CW) or pulse. Pulsed light can be 
produced as a single pulse of duration !! (pulsewidth), 
measured in seconds (s), or as successive trains of 
pulses with some repetition frequency (rate) fp, 
measured in hertz (s–1). Lamps can typically generate 
light pulses !!up to nanosecond (ns) (l0−9 s), and only 
lasers can generate more shorter pulses, in picosecond 
(ps) (l0−12 s) or femtosecond (fs) (l0−15 s) ranges with a 
high repetition rate fp up to 100 MHz. A laser with Q-
switching produces the so-called giant pulses in the 
nanosecond or picoseconds range, as the mode-locked 
laser produces ultrashort pulses in the subpicosecond or 
femtosecond range with a high repetition rate. In 
dependence of technology used, the form of pulses can 
be different: rectangular, triangle, or Gaussian. 

To describe energetic properties of pulsed light, a 
few more characteristics, such as pulse energy Ep, peak 

power Pp (power within the individual pulse) and 
average power Pave for a train of pulses are used: 

!! = !!/!!,! (6)!

!!"# = !!×!!.! (7)!

Coherent light that is typically produced by lasers is 
light in which the electromagnetic waves maintain a 
fixed phase relationship over a period of time, and in 
which the phase relationship remains constant for 
various points in the plane that is perpendicular to the 
direction of propagation. Coherence length of a light 
source characterizes the degree of temporal coherence 
of the emitted light, 

!! = !!! ,! (8)!

where c is the light speed and !! is the coherence time, 
which is approximately equal to the pulse duration of 
the pulsed light source or inversely proportional to the 
wavelength bandwidth !"  of a CW light source,  
!!~!!/(!"#). More precisely, for a Gaussian shape of a 
light source spectral band 

!! = ! !" !
! ∙ !

!

!!! (9)!

A single frequency CW He–Ne laser with a narrow 
bandwidth !" = 10−6 nm and wavelength ! = 632.8 nm 
has a coherence length lc ≈ 180 m; a multimode diode 
laser with !" = 30 nm and ! = 830 nm has lc ≈ 10 µm. 
For a titanium-sapphire laser with !  = 820 nm, the 
bandwidth may be as big as 140 nm; therefore, 
coherence length is very short lc ≈ 2 µm. The shortest lc 
≈ 0.9 µm is for a white light source (!" = 400 nm) or 
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even lc ≈ 0.2 µm for the supercontinuum radiation with 
!"  = 1500 nm from a microstructured fibre induced by 
a femtosecond titanium-sapphire laser with mean 
wavelength of 800 nm. Coherence length is a 
fundamental parameter for optical coherence 
tomography (OCT); lower the lc value, the better is the 
image resolution that can be achieved. OCT systems 
based on a femtosecond titanium sapphire laser or a 
supercontinium-based light source allows one to image 
skin with a subcellular resolution of 0.2–2 µm. 

Polarized light is also used in tissue examination, 
thus its interaction specificity with tissues and cells 
should be accounted for [20]. 

2 Biological tissues 

2.1 General definitions and characteristics 
Biological tissue is an aggregate of similar cells and cell 
products (tissue fibres and gels) forming a definite kind 
of structural material in normal or abnormal state [47, 
51, 66-76]. There are three major types of tissues, such 
as epithelial, connective, and glandular. More 
specifically tissues characterized as areolar, reticular, 
fibrous, tubular, and elastic. Tissues are also could be 
identified as belonging to a specific organ or system, 
i.e., mucosal, muscular, nervous, cervical, eye, skin, 
lymphoid, and adipose (fat), or to pathology state, i.e., 
scar tissue and malignant tissue. 

Based on morphology, tissues can be also grouped 
into four basic types: epithelium, connective tissue, 
muscle tissue, and nervous tissue. Epithelial tissues are 
formed by layers of cells that cover organ surfaces such 
as the surface of the skin, the airways, and the inner 
lining of the digestive tract. Connective tissue is 
comprised of cells separated by nonliving material, 
which is called the extracellular matrix. There are the 
following five types of connective tissues: loose 
connective, dense connective, elastic, reticular, and 
adipose. Bone, cartilage, and blood belong to category 
of “specialized connective tissue.” Muscle tissues are 
active contractile tissues of the body formed by muscle 
cells and separated into three distinct categories: smooth 
muscle, which is found in the inner linings of organs; 
skeletal muscle, which is found attached to bone 
providing for gross movement; and cardiac muscle that 
is found in the heart, allowing it to contract and pump 
blood throughout an organism. Cells comprising the 
central nervous system and peripheral nervous system 
are classified as neural tissue. 

In general, tissue fibres are long strands of 
scleroprotein, which are either collagen-forming white 
fibres or elastin-forming yellow fibres, or reticulin-
forming reticular fibres. Tissue fibres, formed and 
maintained by fibroblasts, form part of a noncellular 
matrix around and among cells. A matrix may consist of 
an amorphous, jellylike polysaccharide together with 
these three types of fibre. Cells and a matrix form a 
connective tissue. Different forms of connective tissue 

possess varying proportions of the constituents of the 
matrix. 

Areolar tissue is a soft, sometimes spongelike 
connective tissue that consists of an amorphous 
polysaccharide-containing and jellylike ground matrix 
with the embedded a loose network of white, yellow, 
and reticulin fibres. In this tissue, fibroblasts form and 
maintain the matrix. The areolar tissue is found all over 
the body, binding together organs (by mesenteries) and 
muscles (by sheaths), and occurring as subcutaneous 
tissue which function is to support or fill in the space 
between organs or between other tissues. 

Reticular tissue is a tissue consisting of a network of 
reticular intercellular fibres around and among cells, 
with lymph in the intercellular spaces. They occur in 
many large organs, such as the liver, kidney and the 
larger glands, and in nerves and muscles. Reticular 
fibres are very thin, almost inextensible threads of 
reticulin – a tough fibrous protein. It is similar to 
collagen, but more resistant to high temperature and 
chemical reagents. Reticulin is forming in embryos and 
in wounds and often changes to collagen. 

Fibrous tissue is a tissue mainly consisting of 
conjunctive collagen (or elastin) fibres, often packed in 
lamellar bundles or fascicles. In fibrous tissues or 
tissues containing fibre layers (cornea, sclera, dura 
mater, muscle, myocardium, tendon, cartilage, vessel 
wall, retinal nerve fibre layer (RNFL), etc.) and 
composed mostly of fibrils/subfibrils/microfibrils (or 
protofibrils) (Fig. 2), typical diameters of the cylindrical 
structural elements are 5–400 nm; their length is in a 
range from 10–25 µm to a few millimetres. Fibril is a 
fine fibre or filament, e.g., in muscles their diameters 
are in the range of 5–15 nm with a length of about 1–1.5 
µm and in the eye cornea, their diameters are in the 
range of 26–30 nm with a mean length up to a few 
millimetres [74, 76]. 

Collagen is a tough, inelastic, fibrous protein. On 
boiling, it forms gelatine and, on adding acetic acid, it 
swells up and dissolves. Collagen in its turn forms white 
fibres in connective tissue. The tropocollagen or 
“collagen molecule” subunit is a rod about 300 nm long 
and 1.5 nm in diameter, made up of three polypeptide 
strands. There is some covalent crosslinking within the 
triple helices, and a variable amount of covalent 
crosslinking between tropocollagen helices, to form the 
different types of collagen found in different mature 
tissues. A distinctive feature of collagen is the regular 
arrangement of amino acids in each of the three chains 
of these collagen subunits. 

There are a number of collagen types, which are 
different in their composition and structure, type I to 
type V are the most abundant; types I, II, III, V,VII and 
XI are capable of fibril formation; their distribution in 
tissues: type I – dermis, bone, cornea, tendon, cartilage, 
vessel wall, intestine, dentin, uterine wall, fat 
mashwork; type II – cartilage, notochord, vitreous 
humour, nucleus pulposus; type III – dermis, intestine, 
gingiva, heart valve, uterine wall, vessel wall; type IV 
and VII – basement membranes; type V – cornea, 
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placental membranes, bone, vessel wall, cartilage, 
gingiva, and type XI – cartilage, intervertebral disc, 
vitreous humour [47]. In optical measurements collagen 
index of refraction is of importance, for example, for 
type I it is n = 1.43 (fully hydrated) and 1.53 (dry) at 
850 nm [77]. 

Collagen fibrils are collagen molecules packed into 
an organized overlapping bundle. In their turn, collagen 
fibrils associated in a bigger bundle form a collagen or 
white fibre – the main component of white fibrous 
tissue. For example, for tendon collagen, fibrils 
diameters are in the range from ∼25 to 600 nm with 
bigger size for mature tendons, subfibrils are of ∼25 nm, 
and protofibrils are in the range 10–15 nm (Fig. 2). 

%
Fig. 2 Collagenous fibrillar structure in tendons: 
collagen triple helices are combined into microfibrils (or 
protofibrils), then into subfibrils, fibrils, fascicles and 
into tendons [72]. 

Yellow elastic tissue is a connective tissue that 
consists of a matrix of coarse yellow elastic fibres. 
Elastin, an elastic fibrous protein resistant to boiling and 
to acetic acid, is the principal constituent of this tissue 
formed and maintained by fibroblasts. The tissue rarely 
occurs pure and usually contains white fibres as well. 
Yellow elastic fibres are numerous in the lungs and in 
the walls of arteries, where elastic supporting tissues are 
required. Yellow elastic tissue occurs in ligaments, 
where an extensible tissue is required. Ligament is a 
band of fibrous tissue serving to connect bones, hold 
organs in place, etc. 

Biological cell is an individual unit of protoplasm 
surrounded by a plasma membrane and usually 
containing a nucleus. A cell may exhibit all the 
characteristics of a living organism, or it may be highly 
specialized for a particular function. Cells vary 
considerably in size and shape, but all have the common 
features of metabolism. Most mammalian cells have 
diameters in the range of 5–75 µm. For example, in the 
skin epidermal layer, the cells are large (with an average 
cross-sectional area of about 80 µm2) and quite uniform 
in size; fat cells, each containing a single lipid droplet 
that nearly fills the entire cell and therefore results in 
eccentric placement of the cytoplasm and nucleus, have 
a wide range of diameters from a few microns to 50–75 
µm [47]. 

There is wide variety of structures within cells that 
determine tissue light scattering. Cell nuclei are on the 
order of 5–10 µm in diameter; mitochondria, lysosomes 
and peroxisoms have dimensions of 1–2 µm; ribosomes 
are on the order of 20 nm in diameter; and structures 
within various organelles, such as mitochondria, can 

have dimensions up to a few hundred nanometers [47, 
78](Fig. 3). Usually, the particles in cells are not 
spherical; the models of prolate ellipsoids with a ratio of 
the ellipsoid axes between 2 and 10 are typical. 

%
Fig. 3 Major organelles and inclusions of the cell: 
nucleus (chromatin, nuclear envelope, nuclear pore, 
nucleolus), mitochondria, lysosomes and peroxisoms, 
ribosomes, endoplasmic reticulum (ER), Golgi 
apparatus. 

The hollow organs of the body are lined with a thin, 
highly cellular surface layer of epithelial tissue, which is 
supported by underlying, relatively acellular connective 
tissue. In healthy tissues, the epithelium often consists 
of a single, well–organized layer of cells with en–face 
diameter of 10–20 µm and height of 25 µm [47](Fig. 4). 
In dysplastic epithelium, cells proliferate and their 
nuclei enlarge and appear darker (hyperchromatic) when 
stained. Enlarged nuclei are primary indicators of 
cancer, dysplasia and cell regeneration in most human 
tissues. 

%
Fig. 4 One of the epithelial tissue types – a thin well–
organized cellular surface layer by which the hollow 
organs of the body are lined. 

2.2 Soft tissues 
A soft (antonym to hard) tissue has its structural 
peculiarities and elasticity providing the specificity of 
light-tissue interaction. Tissue morphology, especially 
sizing and shaping of tissue constitutions (particles), and 
particle material (molecular structure) are important. 
For some tissues, the size distribution of the particles 
may be essentially monodispersive and for others it may 
be very broad. Two opposite examples are optically 
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transparent eye corneal stroma with a sharply 
monodispersive distribution of collagen fibre diameters, 
and turbid eye sclera with a rather broad distribution 
[74, 79-85]. 

Epithelial tissue is a tissue consisting of a sheet of 
epithelial cells held together by a minimal amount of 
cement-like material between the cells. It covers 
exposed surfaces and lines the cavities and tubes of the 
body. Beneath most epithelial tissue is a thin sheet of 
connective tissue – the basement membrane which 
separating epithelia from tissues below. Besides its 
protective function, epithelial tissue frequently has a 
secretory function, in which case it is known as 
glandular tissue. Keratinized epithelium structured to 
withstand abrasion. Keratin, a protein produced by 
mature epithelial cells called keratinocytes. 

Mucous membrane (mucosa) is a membrane 
consisting of moist epithelium and the connective tissue 
immediately beneath it. It usually consists of simple 
epithelium, but is stratified near openings to the 
exterior. It is often ciliated and often contains goblet 
cells. Mucosa is found in the lining of the 
gastrointestinal and respiratory tracts, and in the 
urinogenital ducts. It is kept moist by glandular 
secretions. %

Skin is the largest human organ. It covers between 
1.5 and 2 m2, comprising about one sixth of total body 
weight. It has barrier function against the environment 
and provides human body response to environment 
condition change [1, 68, 71, 86]. For example, skin 
protects us from water loss, ultraviolet rays of the sun, 
friction and impact wounds. It also helps in regulating 
body temperature and metabolism. Skin has three 
functional layers: epidermis, dermis, and hypodermis. 
The structures and component chromophores of these 
layers determine the attenuation of radiation in skin. In 
all three layers the epidermal appendages, such as nails, 
hair, and glands can be found. As the outermost skin 
layer, the epidermis forms the actual protective covering 
against environmental influences. It is a stratified 
epithelium that varies relatively little in thickness over 
most of the human body (between 75 and 150 µm) (Fig. 
5), except on the face, where it may be as thin as 20 µm, 
and on the palms and soles of the feet, where its 
thickness may be thick as 400-5000 µm. The epidermis 
consists of up to 90% keratinocytes, which function as a 
barrier, keeping harmful substances out and preventing 
water and other essential substances from escaping the 
body. The other 10% of epidermal cells are 
melanocytes, which manufacture and distribute melanin, 
the protein that adds pigment to skin and protects the 
body from ultraviolet radiation. The epidermis is 
conventionally subdivided into stratum basale, a basal 
cell layer of keratinocytes, which is the germinative 
layer of the epidermis, the stratum spinosum, which 
consists of several layers of polyhedral cells lying above 
the germinal layer, the stratum granulosum, which is a 
layer of flattened cells containing distinctive 
cytoplasmic inclusions, keratohyalin granules, and the 
overlying stratum corneum, consisting of lamellae of 

anucleate thin, flat squames that are terminally 
differentiated keratinocytes. Besides body site, 
epidermal thickness is related to age, gender, skin type, 
pigmentation, and blood content. The mean thickness of 
the stratum corneum is ~18 µm at the dorsal aspect of 
the forearm, ~11 µm at the shoulder, and ~15 µm at the 
buttock. The corresponding values for the living cellular 
epidermis consist of stratum granulosum, stratum 
spinosum, and stratum basale (Fig. 5), are ~57 µm, 70 
µm, and 81 µm, respectively. For example, for thin skin 
at the shoulder, its layers are typically ranged from top 
to down as the following: 11 µm for the stratum 
corneum, 23 µm – the stratum granulosum, 30 µm –the 
stratum spinosum, and 17 µm – the stratum basale [47]. 

%
Fig. 5 Skin epidermis (epithelial layer) structure. 

Due to different content of dark pigment – melanin, 
the tone of human skin can vary from a dark brown to a 
nearly colourless pigmentation, which may appear 
reddish due to the blood in the skin. Europeans 
generally have lighter skin, hair, and eyes than any other 
group. Africans generally have darker skin, hair, and 
eyes. For practical purposes, such as exposure time for 
sun tanning or phototherapy, six skin types are 
distinguished following Fitzpatrick, listed in order of 
decreasing lightness: I – very light, or "nordic" or 
"celtic" (often burns, rarely tans, tends to have freckles), 
II – light, or light-skinned European (usually burns, 
sometimes tans), III – light intermediate, or dark-
skinned European (rarely burns, usually tans), IV – dark 
intermediate, also "Mediterranean" or "olive skin" 
(rarely burns, often tans), V – dark or "brown" type 
(naturally brown skin), and VI – very dark, or "black" 
type (naturally black-brown skin) [1, 68, 71, 86]. %

Dermis is composed of gel-like and elastic materials, 
water, and, primarily, collagen (Fig. 6). Collagen fibres 
are abundant in the dermis and run parallel to the 
surface of the skin, they give the skin elasticity. The 
dermis is much thicker than the epidermis. The upper 
dermis layer is a papillary dermis. Reticular layer of 
dermis (reticular dermis) is the lower layer of the 
dermis. It is made primarily of coarse collagen and 
elastic fibres and is denser than the upper papillary 
dermis. It strengthens the skin, providing structure and 
elasticity. It also supports other skin components-
appendages such as sweat glands, hair follicles, and 
sebaceous glands. Lymph channels, blood vessels, nerve 
fibres, and muscle cells are also embedded in this layer. 

The hypodermis consists of spongy connective 
tissue interspersed with energy-storing adipocytes (fat 
cells). Fat cells are grouped together in large cushion-
like clusters held in place by collagen fibres called 
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connective tissue septa or sheaths. The hypodermis is 
heavily interlaced with blood vessels, ensuring a quick 
delivery of stored nutrients as needed. 

%
Fig. 6 Schematic representation of layered skin and 
subcutaneous fat. 

In general, the adipose tissue is a modification of 
areolar tissue in which globules of oil are deposited in 
adipocytes. The cells occur, besides under the skin, 
around the abdominal organs (kidneys, liver, etc.). This 
tissue making in norm of 15–20% from weight of a 
body at men and 20–29% at women is a metabolically 
active “organ” supervised by neuroendocrine system. 
The adipose tissue of the subject consists of 60–85% of 
lipids, of 5–30% of water and of 2–3% of proteins [87]. 
Adipocyte is a cell in which a food reserve is deposited 
in the form of droplets of oil. The quantity of oil 
increases until the oil globule formed distends the cell 
and pushes the nucleus and cytoplasm to one side. A 
collection of fat cells forms adipose tissue. Fat occupies 
almost total volume of a fatty cell as the cell nucleus 
small and is located at its edge. In the different subjects 
the cell size is in the range 15–250 µm with mean lipid 
content in a cell 0.3– 1.2 mg lipid/cell, and total number 
of cells of (0.2–10)×1010. A great mass of lipids in fat 
tissue are neutral fats, or triglycerides (90–99%), the 
rest are diglycerides and monoglycerides (1-3%), 
phospholipids and glycolipids (0.5–3%), free fat acids 
and cholesterol (0.5–1.7 %). The spaces between fat 
cells are occupied by small capillaries and interstitial 
fluid. 

Muscular tissue is characterized by its ability to 
contract on being stimulated by a motor nerve. There 
are three main types of muscular tissue forming three 
types of muscles: striped muscle, unstriped muscle, and 
cardiac muscle. Myocard (myocardium) is the muscular 
tissue of the heart. It consists mostly of cardiac muscle 
which is comprised of myofibrils (about 1 µm in 
diameter that in turn consist of cylindrical myofilaments 
of 6-15 nm in diameter) and aspherical mitochondria 
(0.1–0.2 µm in diameter). Fibres in myocardium are 
oriented along two different axes. It is typically 
birefringent since the refractive index along the axis of 

the muscle fibre is different from that in the transverse 
direction. 

The dominant scatterers in an artery are the fibres, 
the cells, or the subcellular organelles. Muscular arteries 
have three main layers. The inner intimal layer consists 
of endothelial cells with a mean diameter of less than 10 
µm. The medial layer consists mostly of closely packed 
smooth muscle cells with a mean diameter of 15–20 µm 
and small amounts of connective tissue, including 
elastin, collagen, and reticular fibres as well as a few 
fibroblasts. The outer adventitial layer consists of dense 
fibrous connective tissue that is largely made up of 1–12 
µm in diameter collagen fibres and thinner, 2–3 µm in 
diameter, elastin fibres. The cylindrical collagen and 
elastin fibres are ordered mainly along one axis, thus 
causing the tissue to be birefringent. 

Another type of multilayered tissue in general 
similar to skin is woman cervical tissue consisting of the 
upper epithelial layer, basal layer (basal membrane), 
and stromal layer. However depending on the area of 
the cervix, the epithelium may be in one of two forms: 
squamous or columnar. 

The gingival tissue (gums) also consists of the 
mucosal tissue that laying over the jawbone [78]. The 
gingival tissue is naturally transparent and rendered red 
in colour because of the blood flowing through tissue. It 
connected to the teeth and bone by way of the 
periodontal fibres and is divided in three portions: free 
gingiva which forms a cuff around tooth and is not 
attached to bone, attached gingiva which is connected to 
bone, and interdental papilla which is a pointed portion 
of gingiva between teeth. Healthy gingiva is 
characterized by pale to coral pink colour with some 
pigmentation in darker skinned individuals. 

The pulp is a soft connective tissue at centre of tooth 
containing fibroblasts, collagen, blood vessels, nerves 
and dentin forming odontoblasts. The odontoblasts 
make more dentin to protect tooth under conditions of 
pulp insult, e.g. caries. The pulp provides tooth nutrition 
due to rich vascular supply. 

%
Fig. 7 Human eye structure and tissues. 

Healthy tissues of the anterior human eye chamber 
(see Fig. 7), such as cornea and lens, are highly 
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transparent for visible light because of their ordered 
structure and the absence of strongly absorbing 
chromophores in this wavelength range [74-76, 79-85]. 
The human cornea is the frontal section of the eye’s 
fibrous capsule with diameter of about 10 mm and 
averaged thickness of 0.5 mm. Its major layer 
constitutes 90% of the cornea’s thickness is stroma, 
which is composed of several hundred successively 
stacked layers of lamellae (see Fig. 8, a-c), varied in 
width (0.5–250 µm) and thickness (0.2–0.5 µm) 
depending on the tissue region (electronic microscope 
images of three sequential lamellae are presented in Fig. 
8, a). Within each lamella, all of the fibres are nearly in 
parallel with each other and with the lamella plane. 
Fibrils are immersed into an amorphous ground 
(interstitial) substance containing water, 
glycosaminoglycans, proteins, proteoglycans, and 
various salts. The glycosaminoglycans play a key role in 
regulating the assembly of the collagen fibrils as well as 
in tissue permeability to water and other molecules. A 
few flat cells (keratocytes) are dispersed between 
lamellae, cells’ total volume fraction is only 3-5% of the 
stromal volume. The fibrils in the human cornea have a 
uniform diameter of about 30.8±0.8 nm with a 
periodicity close to two diameters, i.e., 55.3±4.0 nm, 
and rather high regularity in the organization of fibril 
axes about one another (see Fig. 8, a,c). The 
intermolecular spacing is of 1.63±0.10 nm [79-85]. 
Thus, corneal stroma has at least three levels of 
structural organization: the lamellae that lie parallel to 
the cornea′s surface, the fibrillar structure within each 
lamella that consists of small, parallel collagen fibrils 
with uniform diameters with a high degree of short-
range spatial order, and the collagen molecular 
ultrastructure. 

The sclera is a dense, white, fibrous membrane, 
which together with the cornea forms the external 
covering of the eyeball and serves as an eye protective 
membrane. It contains three layers: the episclera, the 
stroma and the lamina fusca. The stroma is the thickest 
layer of the sclera. In the scleral stroma, the collagen 
fibrils exhibit a wide range of diameters, from 25 to 230 
nm [47, 82]. The average diameter of the collagen 
fibrils increases gradually from about 65 nm in the 
innermost part to about 125 nm in the outermost part of 
the sclera. The mean distance between fibril centres is 
about 285 nm. Collagen intermolecular spacing is 
similar to that in the cornea, in particular in bovine 
sclera, particularly, it is equal to 1.61±0.02 nm [83]. The 
fibrils are arranged in individual bundles in a parallel 
fashion, but more randomly than in the cornea. Within 
each bundle, the groups of fibres are separated from 
each other by large empty lacunae randomly distributed 
in space [82]. Collagen bundles show a wide range of 
widths (1 to 50 µm) and thicknesses (0.5 to 6 µm) and 
tend to be wider and thicker toward the inner layers. 
These ribbon-like structures are multiply crosslinked, 
their length can be a few millimetres. They cross each 
other in all directions, but remain parallel to the scleral 
surface. The episclera has a similar structure, with more 

randomly distributed and less compact bundles than in 
the stroma. The lamina fusca contains a larger amount 
of pigments, mainly melanin, which are generally 
located between the bundles. 

a  

b  

c  

d  

Fig. 8 The electron micrographs of the human cornea 
(×32,000) collagen fibrils have a uniform diameter and 
are arranged in the same direction within the lamellae, 
K is the keratocyte, b – presents magnified image of 
middle lamella of image a; c – presents the model of 
lamellar-fibrillar structure of the corneal stroma; d – 
presents scleral collagen fibrils, which display various 
diameters, however they are locally quasi-ordered [23, 
58, 82]. 
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The eye lens is also an example of a tissue in which 
the short-range spatial order is of crucial importance. 
Because of its high index of refraction and transparency, 
a lens focuses light to form an image at the retina (see 
Fig. 7). The eye lens material exhibits a certain viscosity 
that is capable of altering its radius of curvature and 
thus its focal length through the action of 
accommodating muscles. The healthy human lens is a 
structure containing about 60% of water and 38% of 
proteins. The lens consists of many fibre cells [88]. The 
predominant dry components of a mammalian lens are 
three kinds of structural proteins named α–, β–, and γ– 
crystallins, and their combined weight accounts for 
about 33% of the total weight of the lens [89]. The 
primary role is played by the water–soluble α–
crystallin, which has a shape that is close to spherical 
with a diameter of about 17 nm. Age-related 
biochemical endogenous processes in the organism and 
exogenous environmental-related stresses, such as 
photooxidation of lens proteins at chronic UV or visible 
light, resulting in oxidized forms of these proteins and 
their crosslinking to other lens proteins, cause lens 
opacity due to light scattering and/or pigment formation. 

The types of fibre cell disruption at cataract 
formation include intracellular globules, clusters of 
globules, vacuoles with the contents wholly or partially 
removed, clusters of highly curved cell membranes, and 
odd-shaped domains of high or low mass density. These 
spherical objects are variable in size (often in the range 
100 to 250 nm) and occur in clusters that create 
potential scattering centres [88]. 

One more example of complex tissue structure is 
retinal nerve fibre layer (RNFL), which is formed by the 
expansion of the fibres of the optic nerve and comprises 
bundles of unmyelinated axons that run across the 
surface of the retina (see Fig. 7). Retina is the innermost 
coat of the posterior part of the eyeball that receives the 
image produced by the crystalline lens. It consists of 
several layers, one of which contains the rods and cones 
sensitive to light. The cylindrical organelles of the 
retinal nerve fibre layer are axonal membranes, 
microtubules, neurofilaments and mitochondria. Axonal 
membranes, like all cell membranes, are thin (6–10 nm) 
phospholipid bilayers that form cylindrical shells 
enclosing the axonal cytoplasm. Axonal microtubules 
are long tubular polymers of the protein tubulin with an 
outer diameter of ≈25 nm, an inner diameter of ≈15 nm, 
and a length of 10–25 µm. Neurofilaments are stable 
protein polymers with a diameter of ≈10 nm. 
Mitochondria are ellipsoidal organelles that contain 
densely involved membranes of lipid and protein. They 
are 0.1–0.2 µm thick and 1–2 µm long. 

The brain and spinal cord together make up the 
central nervous system. Grey matter is a nervous tissue 
found in the central nervous system. It contains 
numerous cell bodies, dendrites, synapses, terminal 
processes of axons, blood vessels and neuroglia. Brain 
nuclei and nerve centres are composed of grey matter 
and coordination in the central nervous system is 
effected in grey matter. White matter is also a nervous 

tissue found in the central nervous system. It consists of 
tracts of medullated nerve fibres in the brain and spinal 
cord and also contains blood vessels and neuroglia. It is 
mainly external to grey matter, but is internal to grey 
matter in the cerebral hemispheres and in the 
cerebellum. The medullated fibres give the tissue its 
shiny white appearance. The spinal cord is a long, thin, 
tubular bundle of nervous tissue and supporting cells 
that extends from the brain (the medulla specifically) 
down to the space between the first and second lumbar 
vertebrae. It is around 45 cm in men and around 43 cm 
long in women. The brain and spinal cord is protected 
by three layers of tissue, called spinal meninges, that 
surround them. 

The dura mater is the outermost layer, and it forms a 
tough protective coating. Between the dura mater and 
the surrounding bone of the skull or vertebrae is a space, 
called the epidural space, which is filled with adipose 
tissue, and it contains a network of blood vessels. The 
arachnoid is the middle protective layer, the space 
between the arachnoid and the underlying pia mater 
contains cerebrospinal fluid (CSF). The pia mater is the 
innermost protective layer, which is very delicate and 
tightly associated with the surface of the brain and 
spinal cord. 

Dura mater is the tough and inflexible two layered 
tissue. A superficial layer is actually the bone inner 
periosteum, and a deep layer is the dura mater proper. 
Dura mater proper consists of layers of densely packed 
collagen fibrils having an alternating orientation (see 
Fig. 9). 

%
Fig. 9 Electronic micrograph of dura mater proper with 
layers of densely packed collagen fibrils having an 
alternating orientation and mean diameter of ~100 nm. 

Tissue aging and pathology may dramatically 
change its structure and appearance. For example, scar 
tissue typically occupies areas of fibrous tissue that 
replace normal tissue (skin or other tissue) after injury 
[90, 91] (see Fig. 10). A scar results from the biologic 
process of wound repair. Thus, scarring is a natural part 
of the healing process. Other examples are benign or 
malignant tumours which are abnormally growing 
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tissues sometimes well vascularised and having the 
tendency to spread to other parts of the body. 

%
Fig. 10 Electronic micrographs of collagen fibers of 
normal skin (upper) [(a) and (b)] and nodule of a 
hypertrophic scar (down) [(c) and (d)] [magnification 
×10,000 for (a) and (c) and ×105,000 for (b) and (d)] 
[90]. 

2.3 Hard tissue 
The bone, tooth enamel, dentin, and cementum, as well 
as tendon and cartilage belong to hard tissue [22, 23, 40, 
47, 58, 78, 92-99]. The bone, cartilage, and tendon are 
also connective tissues which typically consist of cells 
scattered in an amorphous mucopolysaccharide matrix 
in which there are varying amounts of connective tissue 
fibres (mainly collagen, but also elastin and reticulin). 

In particular, the bone is a connective tissue forming 
the skeleton. It consists of cells embedded in a matrix of 
bone salts and collagen fibres. The bone salts (mostly 
calcium carbonate and phosphate, hydroxyapatite 
crystals) form about 60% of the mass of the bone and 
give it its tensile strength. Organic dry weight is 90% 
collagen which gives bone its elasticity and contributes 
to fracture resistance. In bone, entire collagen triple 
helices lie in a parallel, staggered array, with the 40 nm-
gaps between the ends of the tropocollagen subunits, 
which probably serve as nucleation sites for the 
deposition of long, hard, fine crystals of the mineral 
component – hydroxyapatite with some phosphate. In 
this way, certain kinds of cartilage turn into bone. %

The apatite or hydroxyapatite (HAP) natural 
crystals, Ca5OH(PO4)3, is the major component of hard 
tissues. The dental enamel consists of 87–95% and bone 
of 50–60% of HAP crystals. 

The osseous cells are interconnected by fine 
protoplasmic processes situated in narrow channels in 
the bone, and are nourished by the blood stream. This 
vascular nature of bone differentiates it from cartilage. 
The flexible tissue found in the hollow interior of bones 
is the bone marrow. Throughout life, all bones are in a 
dynamic process of growth and resorption called 
“remodelling.” This allows the bone to adapt to 
changing mechanical forces and the body’s need for 
calcium balance. The osteoblasts are mononucleate cells 
that are responsible for bone formation – reshaping. %

The demineralization process is the loss of mineral 
from mineralized tissues such as bone or tooth. In tooth 
tissue, demineralization may lead to caries, in bone – to 
osteoporosis. For example, bacteria in tooth plaque use 
carbohydrates such as sucrose and glucose in human 
diet for their metabolic needs and produce lactic acid 
during the breakdown of these substrates. In its turn, 
lactic acid can demineralize the tooth hard tissue. The 
demineralization of outermost tooth layers – enamel and 
cementum is the starting point of tooth destruction. 
However, small amounts of tooth demineralization 
occur daily – remineralization can be occur as mineral is 
replaced with calcium and phosphate from saliva. 

The osteoporosis is a disease of bone causing an 
increased risk of fracture due to reduction of bone 
mineral density, which leads to bone microarchitecture 
disruption, and alteration of the amount and variety of 
non-collagenous proteins in bone. 

As an example of bone structure, an alveolar bone 
that is a part of upper and lower jaws, which holds roots 
of teeth, is shown in Fig. 11, a [47, 78]. It consists of 
two parts: lamina dura (alveolar bone proper) – dense 
bone lining socket with inserted periodontal fibres, and 
supporting bone which is a remaining part of alveolar 
bone composed from highly mineralized (70%) – 
mostly calcium phosphate (hydroxyapatite) crystals, 
minor amounts of magnesium, sodium and potassium, 
osteoblasts and osteoclasts, collagen fibres, and 
proteoglycans. 

The periodontal ligament is a fibrous connective 
tissue attachment anchoring tooth to surrounding bone. 
The collagen fibres are embedded on tooth side in 
cementum and on bone side in lamina dura. It mainly 
composed of collagen with minor amounts of elastin, 
and ground substance – proteoglycans and water. This 
tissue contains such cells as fibroblasts, osteoblasts and 
cementoblasts, immune cells (e.g., macrophages, 
lymphocytes), nerves and is supplied by blood via blood 
vessels. 

Tooth is the hard body composed of dentin 
surrounding a sensitive pulp and covered on the crown 
with enamel (see Fig. 11, a). Crown is a portion of 
natural tooth visible in mouth above gumline. Tissue 
layers from outside in are enamel, dentin, and pulp. 
Root is a portion of tooth under gumline, anchoring 
tooth in bone, layers from outside in are cementum, 
dentin, and pulp. 

The enamel is a hardest tissue in a body, elastic, 
white material that contains no cells and that is an 
almost completely inorganic substance. The enamel 
covers the crown of a tooth and consists of up to 95% of 
natural HAP crystals and rest are water and proteins. 
These crystals are organized in keyhole-shaped 
interlocking rods/prisms. The rods are formed as enamel 
forming ameloblasts migrate towards outer layer of 
tooth, once enamel is formed, ameloblasts die, thus if 
enamel is destroyed, it cannot be regenerated. These 
rods/prisms are 4–6 µm wide and extend from the 
dentine-enamel-junction to the outer surface of the tooth 
(see Fig.11). Because of their size, number, and 
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refractive index, the prisms are the main light scatterers 
in enamel. The enamel is translucent and greyish white 
in colour and it has yellow hue due to underlying dentin. 

a  

b  

c  
%

Fig. 11 Schematic representation of tooth structure, 
including dentinal channels – tubules (a); laser scanning 
microscopy image of dentinal tubules (∼ 90×90 µm) (b) 
[97]; electron scanning microgram of human dentin 
(presented by R. Vilar): (1) dentinal tubules, (2) dense 
and homogeneous pertubular dentin and (3) less dense 
and less homogeneous intertubular dentin (c). 

The tooth dentin is a hard, middle calcified, elastic, 
yellowish material of the same substance as bone. It is 
the main structural part of a tooth extending from crown 

to root. The dentin is composed of base material that is 
pierced by mineralized dentinal tubules 1–5 µm in 
diameter which makes it porous (see Fig.11, c). The 
tubules’ density is in the range of (3.0–7.5)×l06 cm−2. 
They contain organic components and natural HAP 
crystals of 2.0–3.5 nm in diameter and up to 100 nm in 
length, which intensively scatter light. In average dentin 
contains 70% HAP crystals, 20% proteins (e.g., 
collagen), and 10% water. It is softer than enamel but 
slightly harder than bone. Unlike enamel, dentin is 
living tissue – cells which form dentin (odontoblasts) lie 
at border of dentin and pulp during the life of tooth – 
this gives dentin ability to grow and repair. 

The tooth cementum is a thin, pale yellow, calcified 
bone-like layer covering root of tooth. It contains 45% 
HAP crystals, 55% protein (collagen) and water. It is 
softer than both dentin and bone. The cementum 
functions include coverage of the dentin tubules and 
insertion point of periodontal ligament fibres. It has 
ability to form throughout life of tooth cementoblasts 
which form cementum lie along root surface in 
periodontal ligament space. 

The cartilage is a strong, resilient, skeletal tissue. 
There are a few types of cartilage, all of which contain 
chondroblasts depositing the matrix and becoming 
enclosed in the matrix as chondrocytes. The hyaline 
cartilage is the simplest and most common form that 
consists of a matrix of a polysaccharide-containing 
protein. The matrix is without structure and without 
blood vessels. It is more or less translucent and clear, 
and occurs in the cartilaginous rings of the trachea and 
bronchi. The yellow fibrocartilage (elastic cartilage) 
contains yellow fibres in the matrix. It occurs in the 
external ear and in the epiglottis. As well as white 
fibrocartilage contains white fibres in the matrix and 
occurs in the disks of cartilage between the vertebrae. 
Articular cartilage itself and cartilage-bone interface 
play a highly important role in normal function of joints 
by dissipating stresses and providing almost frictionless 
joint movement [94]. 

The tendon is a cord of white fibrous tissue. It 
usually attaches muscle to bones and consists mostly of 
parallel, densely packed collagen fibres arranged in 
parallel bundles interspersed with long, elliptical 
fibroblasts. In general, tendon fibres are cylindrical in 
shape with diameters ranging from 20 to 400 nm. The 
ordered structure of collagen fibres running parallel to a 
single axis makes tendon a highly optically birefringent 
tissue [100]. 

2.4 Tissue structural anisotropy 
As it follows from the analysis of tissue properties, 
many biological tissues are structurally anisotropic. 
Tissue birefringence results primarily from the linear 
anisotropy of fibrous structures, which forms the 
extracellular media. The refractive index of a medium is 
higher (speed of light is lower) along the length of fibres 
than along their cross section. A specific tissue structure 
is a system composed of parallel cylinders that create a 
uniaxial birefringent medium with the optic axis parallel 
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to the cylinder axes. This is a so-called birefringence of 
form (Fig. 12). A large variety of tissues such as eye 
cornea, tendon, cartilage, eye sclera, dura mater, 
muscle, myocardium, artery wall, nerve, retina, bone, 
teeth, myelin, etc. exhibit birefringence. All these 
tissues contain uniaxial and/or biaxial birefringent 
structures. For example, myocardium contains fibres 
oriented along two different axes. It consists mostly of 
cardiac muscle fibres arranged in sheets that wind 
around the ventricles and atria. Since the refractive 
index along the axis of the cardiac muscle fibres is 
different from that in the transverse direction, tissue is 
birefringent. 

 
a   b 

 
c   d 

Fig. 12 Examples of structurally anisotropic models of 
tissues and tissue components: a – system of long 
dielectric cylinders; b – system of dielectric plates; c – 
chiral aggregates of particles; d – glucose (chiral 
molecule) as a tissue component [23, 58]. 

Form birefringence arises when the relative optical 
phase between the orthogonal polarization components 
is nonzero for forward-scattered light. For linear 
structures, an increase in optical field phase delay (δoe) 
is characterized by a difference in the effective 
refractive index for light polarized along, and 
perpendicular to, the long axis of the linear structures 
(Δnoe). Phase retardation δoe between orthogonal 
polarization components, is proportional to the distance 
d travelled through the birefringent medium [23, 58] 

!!" = !!"!!!"
!!

.!! (10)!

A structure of parallel dielectric cylinders immersed 
in isotropic homogeneous ground substance behaves as 
a positive uniaxial birefringent medium  

(!!!" = !! − !! > 0) with its optic axis parallel to 
the cylinder axes (Fig. 12, a). Therefore, an incident 
electrical field directed parallel to the cylinder axes will 
be called “extraordinary ray” (e) and the incident 
electrical field perpendicular to the cylinder axes will be 
called “ordinary ray”(o). The difference (ne - no) 
between the indices of refraction of the extraordinary 
and ordinary rays is a measure of the birefringence of a 
medium. For the Rayleigh limit (diameter of cylinders 
<< l), the form birefringence is described as 

Δ!!" = !! − !! = !!!! !!!!! !

!!!!!!!!!
,! (11)!

where f1 is the volume fraction of the cylinders; f2 is the 
volume fraction of the ground material; and n1, n2 are 
the corresponding indices. For a given difference of 
refraction index (n1 – n2), maximal birefringence is 
expected for approximately equal volume fractions of 
thin cylinders and ground material. For systems with 
high volume fraction of cylinders or on the contrary 
ground material (rare fibres), the birefringence goes 
down. 

The experimental birefringence for muscle, coronary 
artery, myocardium, sclera, skin, cartilage and tendon is 
in the range from 1.4×10–3 to 4.2×10–3. For these 
tissues, it is lowest for the muscle and highest for the 
tendon. For thermally treated tendon, it is twice lower 
than for intact tissue. 

The diattenuation (linear dichroism) is the difference 
of attenuation of two waves with orthogonal 
polarizations travelling in an anisotropic medium, which 
is described by the difference between the imaginary 
(losses) parts of the effective indices of refraction for 
two orthogonal directions. Depending on the 
relationship between the sizes and the optical properties 
of the cylinders or plates, this difference can take 
positive or negative values. 

The birefringence and diattenuation relate to the 
density and some other properties of the collagen fibres, 
whereas the orientation of the fast axis indicates the 
orientation of the collagen fibres. The densities of 
collagen fibres in skin and cartilage are not as uniform 
as in tendon, and the orientation of the collagen fibres is 
not distributed as orderly as in tendon. Correspondingly, 
the amplitude and orientation of birefringence of the 
skin and cartilage are not as uniformly distributed as in 
tendon. 

In addition to linear birefringence and diattenuation, 
many tissue components show optical activity (circular 
birefringence) and circular diattenuation. In complex 
tissue structures, chiral aggregates of particles may be 
responsible for tissue optical activity (see Fig. 12, c). 
The molecule’s chirality, which stems from its 
asymmetric molecular structure (see Fig. 12, d), also 
results in a number of effects generically called optical 
activity. A well-known manifestation of optical activity 
is the ability to rotate the plane of linearly polarized 
light about the axis of propagation. The amount of 
rotation depends on the chiral molecular concentration, 
the pathlength through the medium, and the light 
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wavelength. Interest in tissue chirality studies is driven 
by the potential of noninvasive in situ optical 
monitoring of the glucose in diabetic patients. 

More sophisticated anisotropic tissue models can 
also possible. For example, the eye cornea can be 
represented as a system of plane anisotropic layers 
(plates, i.e., lamellas), each of which is composed of 
densely packed long cylinders (fibrils) (see Fig. 8, c) 
with their optical axes oriented along a spiral. This 
fibrilar-lamellar structure of the cornea is responsible 
for the linear and circular diattenuation and its 
dependence on the angle between the lamellas. 

In bone and tooth, anisotropy is due to mineralized 
structures originating from hydroxyapatite crystals, 
which play an important role in hard tissue 
birefringence. In particular, dental enamel is an ordered 
array of such crystals surrounded by a 
protein/lipid/water matrix. Fairly well oriented 
hexagonal crystals of hydroxyapatite of approximately 
30–40 nm in diameter and up to 10 µm in length are 
packed into an organic matrix to form enamel prisms (or 
rods) with an overall cross section of 4–6 µm. Enamel 
prisms are roughly perpendicular to the tooth surface 
(see Figs. 11 and 13). Tooth dentin is a complex 
structure, honeycombed with dentinal tubules, which are 
shelled organic cylinders with a highly mineralized 
shell. 

%
Fig. 13 Schematic representation of laser beam 
waveguiding in human tooth tissues [97]. 

Enamel and dentin waveguide properties also may 
have effects on anisotropy of light transportation within 
a tooth. The role of waveguides in enamel and dentin is 
played by enamel prisms and intertubular butt straps, 
respectively (Fig. 13). These waveguides are 
distinguished from conventional optical fibers by being 
nonuniform and containing scattering particles, such as 
hydroxyapatite microcrystals. However, they have 
waveguide properties and radiation scattered in enamel 
and dentin can be entrapped by these natural 
waveguides and transported to the pulp chamber. 

2.5 Blood, lymph and other bioliquids 
The blood is a fluid tissue contained in a network of 
vessels or sinuses in humans and animals. Blood is 

circulating through the network by muscular action of 
the vessels or the heart to transport oxygen, metabolites, 
and hormones. It also assists in temperature control in 
mammals [23, 47, 58, 101-103]. 

Blood contains soluble colloidal proteins (blood 
plasma) and blood corpuscles (blood cells) such as red 
blood cells (RBCs) (erythrocytes), white blood cells 
(WBCs) (leukocytes), and platelets (thrombocytes). 
Normally, blood has about 10 times as many 
erythrocytes as platelets and about 300 times as 
leukocytes. There are approximately five million per 
cubic millimetre RBCs in normal human blood. 

A normal erythrocyte in plasma has the shape of a 
concave-concave disc with a diameter varying from 7.1 
to 9.2 µm, a thickness of 0.9–1.2 µm in the centre and 
1.7–2.4 µm on the periphery, and a volume of 90 µm3. 
Platelets in the blood stream are biconvex disk-like 
particles with diameters ranging from 2 to 4 µm. 
Leukocytes are formed like spheres with a diameter of 
8-22 µm. 

The platelets are small, non-nucleated, round or oval 
disks that are fragments of cells from red bone marrow. 
There are approximately 200,000–400,000 per mm3 
platelets in human blood. These cells initiate blood 
clotting by disintegrating and releasing thrombokinase. 

WBCs are nucleated, motile, colourless cells found 
in the blood and lymph of animals. A WBC is either a 
lymphocyte, a polymorph, or a monocyte. In humans, 
there are approximately 8000 leukocytes per cubic 
millimetre. A lymphocyte is a spherical WBC with one 
large nucleus and relatively little cytoplasm. Two types 
exist, small and large lymphocytes which are produced 
continually in lymphoid tissues, such as lymph nodes, 
by cell division. The cells are nonphagocytic, exhibit 
amoeboid movement, and produce antibodies in the 
blood. They constitute about 25% of all leukocytes in 
the human body. A monocyte is a spherical WBC with 
an oval nucleus. The monocytes are the largest of the 
WBCs. The cells are voraciously phagocytic and exhibit 
amoeboid movement. They are produced in lymphoid 
tissues and constitute about 5% of all leukocytes. 

The relative volume of the RBCs in blood expressed 
in percentages is named hematocrit (Hct). It also can be 
presented as packed cell volume (PCV) or erythrocyte 
volume fraction (EVF). Hct is normally about 48% for 
men and 38% for women and independent of body size 
and considered as an integral part of a person's complete 
blood count results. 

To provide the main function of RBC to carry 
oxygen and carbon dioxide away from and towards the 
lung, cell contains a respiratory pigment, haemoglobin. 
The cell is readily distorted, elastic, and immotile. 
Mammalian RBCs have no nuclei. They are formed in 
red bone marrow and after a relatively short life span (in 
average 120 days in humans) are destroyed by 
erythrophages. RBC index of refraction is of 1.4 in the 
wavelength range 600 to 1100 nm. 

The haemoglobin is a red iron-containing respiratory 
pigment. It consists of haeme combined with globin, a 
blood protein and conveys oxygen to the tissues. The 
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%
Fig. 14 The schematics of microanatomy of a lymph node designed by David Sabio presenting a midsagital section of a 
lymph node containing three lymphoid lobules with the basic anatomical and functional units, including superficial 
cortex, deep cortex and medulla, is shown (drawing in the centre). Experimental transillumination digital images of 
afferent lymph vessel, subcapsular, transverse, and paracortical sinuses, deep cortical unit, a reticular meshwork, 
follicles, and the venous vessels around central schematics are also shown: C1 presents likely basophilic lymphocytes; 
C2 – elongated fibroblastic reticular cells, and C3 – B lymphocytes and follicular dendritic cells; melanoma metastasis 
is seen in the back reflectance image [104]. 

haemoglobin occurs in reduced form 
(deoxyhaemoglobin, Hb) in venous blood and in 
combination with oxygen (oxyhaemoglobin, HbO2) in 
arterial blood. The total haemoglobin (THb) is the sum 
concentration of the oxy- and deoxyhaemoglobin. 

Oxyhemoglobin dissociation ability is described by 
dissociation curve that characterizing the relationship 
between oxygen partial pressure pO2 and oxygen 
saturation (SaO2). Normally about 97% of the oxygen is 
carried by haemoglobin whereas only 3% is carried 
dissolved in the blood. As the pO2 increases, the amount 
of oxygen that is bound to haemoglobin, or the percent 
saturation of haemoglobin, also increases. The 
saturation of haemoglobin of about 50% and 97% is 
normally achieved at a pO2 of about 26.6 mmHg and 95 
mmHg, respectively, and the saturation point, SaO2, at 
pO2 = 80 mmHg. In the capillaries normally the 
haemoglobin is about 75% saturated and the blood 
delivers about 5 ml of oxygen per 100 ml of blood to the 
tissues. In tissues haemoglobin oxygen saturation is 
calculated as SaO2 = (HbO2/THb)×100%. 

The carboxyhemoglobin (COHb) is a stable complex 
of carbon monoxide and haemoglobin (bright, cherry 
red in colour) that forms in RBCs when carbon 
monoxide is inhaled or produced in normal metabolism. 
Because haemoglobin binds with carbon monoxide 240 
times more readily than with oxygen, large quantities of 
it hinder delivery of oxygen to the body. 

The blood plasma is the clear, waterlike, colourless 
liquid of blood which is formed by removing all blood 
corpuscles from blood. 

The blood vessel is a tube through which blood 
flows either to or from the heart. The general terms for 
conducting vessels for blood are arteries, veins, 
arterioles, venules, and capillaries. 

For in vitro microscopic examination of blood a well 
prepared blood smear is necessary. The simple wedge 
technique for preparation of blood smears is often 
applied. This simple technology is used to determine 
leukocyte differentials, to evaluate erythrocyte, platelet 
and leukocyte morphology, and, if necessary, to 
estimate platelet and leukocyte counts. This technique 
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produces a gradual decrease in thickness of the blood 
from thick to thin ends with the smear placed on the 
slide. In typical preparations, the thin section of the 
smear occupies approximately 1/3 of the total area and, 
within that area erythrocytes are distributed in a 
monolayer. Glass coverslips are mounted on all blood 
smears to prevent damage to smear during examination, 
cleaning, handling and storage. 

The lymph in the organism is an alkaline colourless 
liquid obtained from blood by filtration through pores in 
the walls of capillaries. It contains a smaller amount of 
soluble blood proteins and WBCs than blood, but more 
lymphocytes. Normally it contains no RBCs. The lymph 
travels to at least one lymph node before emptying 
ultimately into the right or the left subclavian vein, 
where it mixes back with blood. The lymph that leaves a 
lymph node is richer in lymphocytes, as the lymph 
formed in the digestive system called chyle is rich in 
triglycerides (fat), and looks milky white. The lymph 
function is to bathe the cells with water and nutrients. 

The lymphatic system is a network which includes 
the lymphoid tissue and lymphatic vessels through 
which the lymph travels in one-way toward the heart as 
well as all the structures providing the circulation and 
production of lymphocytes [103,104]. Lymph is formed 
when interstitial fluid enters the initial lymphatic vessels 
of the lymphatic system which transport lymph back to 
the blood, ultimately replacing the volume lost during 
the formation of the interstitial fluid. In contrast to the 
cardiovascular system, the lymphatic system is not 
closed and has no central pump. The lymph transport, 
therefore, is slow and sporadic, like a shuttle-stream, 
and occurs due to alternate contraction and relaxation of 
smooth muscles, valves, and compression during 
contraction of adjacent skeletal muscle and arterial 
pulsation. The study of lymphatic drainage of various 
organs is important in diagnosis, prognosis, and 
treatment of cancer. The lymphatic system, because of 
its physical proximity to many tissues of the body, is 
responsible for carrying cancerous cells between the 
various parts of the body in a process called metastasis. 
The intervening lymph nodes can trap the cancer cells 
(sentinel lymph node). If they are not successful in 
destroying the cancer cells, the nodes may become sites 
of secondary tumours. 

The lymphoid tissue is a part of the lymphatic 
system and consists of connective tissue with various 
types of WBCs enmeshed in it, most numerous being 
the lymphocytes. The thymus and the bone marrow 
constitute the primary lymphoid tissues involved in the 
production and early selection of lymphocytes. The 
secondary lymphoid tissues are the lymph nodes, and 
the lymphoid follicles in tonsils, spleen, adenoids, skin, 
etc. 

The lymphatic vessels (lymphatics) are thin-walled 
tubular vessels resembling veins in structure but with 
thinner walls and more valves. The walls are enclosed 
by smooth muscle and connective tissue. Lymphatic 
vessels drain into lymph ducts. The lymphatic vessels 
act as channels along which pathogens are conducted 

from infected areas of the body, the pathogens being 
unable to enter the blood capillaries. The lymph nodes 
are distributed along the lymphatic vessels. 

The cerebrospinal fluid (CSF) is the clear liquid that 
fills the cavities of the brain and spinal cord and the 
spaces between the arachnoid and pia matter. The fluid 
moves in a slow current down the central canal and up 
the spinal meninges. It is a solution of blood solutes of 
low molar mass, such as glucose, but of the smaller 
concentration (60-80%) as in the blood. The CSF 
contains little or no protein and very few cells. Its 
function is to nourish the nervous tissue and to act as a 
buffer against shock to the nervous tissue. At any one 
time in an adult, the average volume of CSF is about 
150 ml. 

The saliva is a viscid, colourless, watery fluid 
secreted into the mouth by the salivary glands and 
composed from water (99%), mucin, bicarbonate, 
proteins, and minerals. It functioning as lubricator to 
protect mucosa, it assists in formation of food bolus for 
effective swallowing, in initial enzymatic breakdown of 
some food components, antimicrobial protection, 
buffering, and tooth enamel remineralization. There are 
3 major salivary glands and hundreds of minor salivary 
glands in the oral cavity. The amount of saliva produced 
varies widely – in healthy individuals it ranges from 0.5 
– 1.5L daily. 

The mucus is a thin, slimy, viscous liquid secreted 
by epithelial cells in tissues or glands. It protects and 
lubricates the surface of structures, e.g., the internal 
surfaces of the greater part of the alimentary canal are 
lubricated with mucus. 

The tear film on the surface of the eye also has some 
diagnostic potential due to correlation of tear and blood 
glucose concentrations [105]. It is composed of several 
layers. Most superficially there is a lipid layer that is 
less than 100 nm thick which serves several functions 
including preventing evaporation of the underlying 
aqueous layer and providing a smooth optical surface 
over the cornea. The lipid layer is composed of sterol 
esters, wax esters, and many other minor lipid 
components secreted from the Meibomian glands 
located on the margins of the eyelids. Dysfunction of 
these glands can lead to increased evaporation of tears 
from the eye, causing an increased tear osmolarity and 
clinical dry eye. Just below the lipid layer is a 
predominantly aqueous layer. Measurements of the 
thickness of this layer over the cornea varies from 2.7 
µm to 46 µm. %
2.6 Conclusion 
This is the first section of the review-tutorial paper 
describing fundamentals of tissue optics and photonics 
mostly devoted to biological tissue structures and their 
specificity related to light interactions at its propagation 
in tissues. The next sections of the paper will describe 
light-tissue interactions caused by tissue dispersion, 
scattering, and absorption properties, including light 
reflection and refraction, absorption, elastic quasi-
elastic and inelastic scattering. The major tissue 
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absorbers and types of elastic scattering, including 
Rayleigh and Mie scattering, will be presented. 

Basing on the random phase screen concept, 
scattering of the coherent light and speckle formation 
principles will be discussed. Speckle interferometry and 
low-coherent light interferometry – optical coherence 
tomography (OCT), will be described. 

Dynamic light scattering method as a powerful 
approach for functional spectroscopy and imaging of 
living tissues will be analysed. Fundamentals of quasi-
elastic light scattering (QELS), Doppler anemometry, 
and dynamic speckle techniques and their applications 
to blood and lymph flow measurements, including full-
field velocity mapping, will be discussed. Principles of 
diffusion wave spectroscopy and imaging, interaction of 
the polarized light with tissues for random and quasi-
ordered tissues will be presented. Comparison of single 

and multiple scattering approaches, as well as 
description of refractive index matching concept for 
controlling of light interaction with tissues, will be 
done. 
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1 Introduction:0fundamentals of optical 
clearing of tissues and cells 

During the last 25 years the interest to the development 
and application of optical methods in clinical functional 
imaging of physiological conditions, diagnostics and 
therapy of cancer, and other diseases is permanently 
growing [1-3]. It is caused by the unique informativity, 
relative simplicity, safety, and sufficiently low cost of 
optical instruments, as compared, e.g., to X-ray 
computer tomography or magnetic resonance 
tomography (MRT). However, the main limitation of 
optical diagnostic methods, including the optical 
diffusion tomography, optical coherence tomography 
(OCT), confocal microscopy, reflection spectroscopy, 
etc., is the strong scattering of light in biological tissues 
and blood that reduces the contrast, spatial resolution, 
and probing depth [3-5]. 

The scattering coefficient (µs) and the scattering 
anisotropy factor (g) mainly depend upon the refractive 
index mismatch between the components of the cells 
that form the tissue, such as the plasma membrane of 
the cell, mitochondria, nucleus, other organelles, 
cytoplasm, and extracellular fluid. In fibrous tissues 
(stroma of eye sclera and cornea, dermis, dura mater, 
connective tissue of vascular walls, fibrous components 
of muscle tissue and mammary gland, cartilage, tendon, 
etc.) the scattering is caused by the refractive index 
difference between the interstitial fluid or cytoplasm 
and the extensive chains of scleroproteins (collagen, 

elastin, and reticulin fibrils) [3, 6]. The refractive index 
values for nuclei and cytoplasm organelles of animal 
cells, containing nearly the same amount of proteins and 
nucleic acids, lie within the relatively narrow interval 
from 1.38 to 1.41 [7]. In particular, for the nucleus the 
refractive index is nnc = 1.39 [8], and for the cytoplasm 
n0 = 1.35–1.37 [3]. The scattering particles (organelles, 
protein fibrils, membranes, and globules) have greater 
density of proteins and lipids and, hence, higher 
refractive index (ns = 1.39–1.47) in comparison with the 
base substance of the cytoplasm [6]. The refractive 
index values of the connective tissue fibrils lie in the 
range 1.41-1.53 and depend upon the degree of 
hydration of their major component, the collagen [9]. 
The refractive index of the interstitial fluid and the 
blood plasma amounts to nearly 1.33-1.35 depending on 
the wavelength [3, 10]. The main scatterers in the blood 
are the red blood cells (erythrocytes), which are 
acaryocytes, containing 70% of water, 25% of 
haemoglobin, and 5% of lipids, sugars, salts, enzymes, 
and proteins [11]. The refractive index values of 
dehydrated erythrocytes at the wavelength of 550 nm 
fall within the range 1.61-1.66 [12]. The refractive 
index of the haemoglobin solution with the 
concentration of 32 g/dL, which is a typical 
concentration of haemoglobin in the erythrocyte, 
amounts to nearly 1.42 [13]. For the human blood the 
refractive index is 1.36-1.40 depending on the 
wavelength [3]. 

Numerous methods have been developed to increase 
the tissue probing depth [14]. For example, during a 
long time the limit probing depth in multiphoton 
microscopy did not exceed 100 µm [15], however, the 
combination of multiphoton excitation of fluorescence 
with very high efficiency of light collection increased 
the imaging depth in a scattering medium to 2 mm [16, 
17]. The OCT allows the study of internal structure of 
tissues to the depth up to 3 mm with the spatial 
resolution 5-20 µm without disturbing the tissue 
integrity [18]. The probing depth up to a few 
centimetres is provided by the multimodal imaging 
method, combining the light absorption with acoustic 
detection (referred to as photoacoustic tomography) 
[19]. 

One of simple and efficient methods of solving the 
problem of increasing the depth and quality of 
intratissular structure imaging, as well as of increasing 



E.A.$Genina$et$al.:$Optical$clearing$of$biological$tissues:$prospects$of$application$in$medical$diagnostics$and$phototherapy$[Review]$

J$of$Biomedical$Photonics$&$Eng$1(1)$ 36$ 28$March$2015$©$SSAU$

the precision of spectroscopic information from the 
deep tissue layers and the blood, is the temporary 
reduction of the tissue light scattering [20-22]. In 
nonlinear spectroscopy and imaging, as well as in high-
precision laser surgery (particularly, in cell 
nanosurgery), the reduction of scattering in the tissue 
facilitates the decrease of the strongly focused laser 
beam divergence and provides its precise focusing onto 
the object, which essentially improves the efficiency of 
the procedure and allows the reduction of the radiation 
energy, necessary for successful visualisation or photo-
induced effect [21-27]. 

According to Web of Science, PubMed and other 
sources, the interest to the optical clearing methods is 
permanently growing, which is caused by the progress 
of optical and laser technologies for application in 
biology and medicine (see Fig. 1).  
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Fig. 1 Approximate evaluation of the number of 
publications related to the optical clearing of tissues 
from 1955 to August 2014. The dependences are plotted 
using the databases Web of Science, PubMed, and other 
available sources. 

Numerous examples of physical and chemical 
impacts that allow one to control the scattering 
properties of tissues are reported. They include 
compression [28, 29], stretching [30], dehydration [31, 
32], coagulation [33], immersion with biocompatible 
chemical agents [20-27, 34-36], as well as 
photochemical [37, 38] and photothermal [38] clearing. 

The majority of methods reducing the tissue 
scattering are based on the matching of the refractive 
indices of the tissue components, either due to replacing 
the interstitial fluid with the immersion agent, 
possessing a higher refractive index, or due to 
increasing the concentration of proteins and 
mucopolysaccharides in the interstitial fluid as a result 
of water diffusion from the tissue caused by the osmose, 
making the refractive index of the interstitial fluid closer 
to that of the fibrils. In addition, the optical 
homogeneity can increase due to the compaction of 
scattering centres (e.g., collagen fibres) due to both 
pressing out the interstitial fluid from the affected 
volume and the dehydration at the expense of the agent 

impact or water evaporation. [22, 25, 26, 28-32, 39]. 
The particular mechanisms of optical clearing depend 
on the tissue type and the method used. 

In the present review we discuss the physical and 
molecular mechanisms of immersion, compression, and 
photodynamic/photothermal methods of optical clearing 
of some fibrous and cellular tissues, as well as the 
application of these methods for increasing the probing 
depth and resolution power of optical diagnostic 
methods, such as optical coherence, projection, and 
photoacoustic tomography, fluorescence imaging, 
nonlinear and Raman microscopy, and terahertz 
imaging. This review is different from earlier published 
and cited ones (for example, Refs. [36, 39]) extended 
bibliography due to addition of new references and 
sections. In particular, the mechanisms and features of 
compression and photodynamic/photothermal clearing 
are described in details; sections on methods of OCA 
diffusion coefficient evaluation and applications of 
optical clearing technique (THz spectroscopy, 
projection and photoacoustic tomography etc.) are 
extended significantly. 

2 Immersion clearing 
Following the development of immersion refractometry 
applied to cells, in 1955 Barer et al. [40] have first 
proposed the optical clearing of cell suspension by 
means of the protein solution having the same refractive 
index as the cell cytoplasm. In early 1990s the method 
of immersion optical clearing was first applied to the 
eye sclera and cornea [41]. 

After the appearance of the tissue optical clearing 
idea many research teams joined the intense studies of 
the specific features and mechanisms of this 
phenomenon and demonstrated the capabilities of the 
method in increasing the probing depth or contrasting 
the image of optical inhomogeneities inside a scattering 
medium [39, 42-88]. 

New original results obtained using the combination 
of optical clearing with the known optical visualisation 
methods, such as laser speckle-contrast imaging [34, 71, 
75, 77, 79], OCT [20, 29, 35, 59-61, 65, 69, 80, 82], 
microscopic imaging [23, 24, 83, 84], ultra-microscopy 
[85-87], etc., demonstrated high potentiality of their 
mutual use not only for getting high-resolution structure 
and functional tissue images in vitro [72, 73, 83-87], but 
also for optical imaging and diagnostics in vivo [25, 34, 
45, 50, 59, 61, 65, 68, 70, 71, 75-77, 79-81]. Table 1 
shows the increase of the light penetration depth, caused 
by clearing agents in some diagnostic methods. 

The studies of tissue scattering kinetics under the 
penetration of immersion agents allowed the 
development of techniques for assessing the diffusion 
coefficients and permeability [35, 43, 47, 88-94]. Using 
these techniques, the diffusion rates of glucose and 
other medicinal preparations and immersion fluids were 
determined for the tissues of eye [91-96], skin [45, 97, 
98], dura mater [88], and other tissues [99, 100]. The 
monitoring of optical clearing agent diffusion with high 
resolution in time and depth allows differentiation 
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between healthy and pathologically modified biotissues 
[101-105]. 

The optical immersion clearing, as already 
mentioned above, is based on the impregnation 
(immersion) of the tissue with a biocompatible chemical 
agent, possessing sufficiently high refractive index to 
match the refractive indices of the scatterers and the 
surrounding medium, penetrating into the interstitial 
liquid of the tissue. Commonly, the optical clearing 
agent (OCA) has hyperosmotic properties [21, 22]. 
Many chemical substances used in cosmetology in the 
composition of different preparations satisfy these 
conditions. These agents can be roughly divided into 
polyatomic alcohols (glycerol, polyethylene glycol 
(PEG), polypropylene glycol, combined mixtures on the 
base of polypropylene glycols and polyethylene glycols, 
mannitol, sorbitol, xylitol) [56, 57, 76, 84, 88, 103, 105-
108], sugars (glucose, dextrose, fructose, ribose, 
saccharose) [82, 88-91, 94, 96, 97, 99, 100, 104, 109-
111], organic acids (oleic and linoleic acid) [105, 113, 
114], other organic solvents (dimethyl sulphoxide 
(DMSO)) [105, 114-117], and X-ray contrast agents 
(verografin, trasograph) [6, 42-44]. 

At present several physical and chemical 
mechanisms of the light scattering reduction under the 
action of OCA are proposed and thoroughly described 
[29, 31, 32, 39, 43, 46, 47, 55, 56, 58, 63, 67, 72, 76, 78, 
84, 88, 106-112, 118-122]: dehydration of tissue 
components, partial replacement of interstitial fluid with 
the immersion agent, and structure modification or 
dissociation of collagen. The first mechanism is related 
to the hyperosmotic properties of the OCA [31, 36, 39, 
56, 120]. The contact of hyperosmotic OCA with the 
tissue surface causes the water diffusion from the tissue. 
These processes produce fast and considerable clearing 
effect, since, first, the concentration of salts and proteins 
dissolved in the interstitial fluid increases and, 
therefore, the refractive index of the interstitial fluid 
becomes closer to that of the scattering fibrils, and, 
second, the weight and the thickness of the tissue 
decrease, the tissue becomes denser, and the ordering of 
scattering components increases [36, 39]. 

Rylander et al. [31] compared the optical 
transmission of the rat skin under the application of 
DMSO and glycerol with that under dehydration. It was 
shown that in the course of natural water evaporation 
the light transmission through the skin sample increased 
in the same way as under dehydration caused by the 
OCA effect, but during a longer time. 

In order to analyse the water loss in the process of 
tissue optical clearing quantitatively, the authors of Ref. 
[67] used the optical spectroscopy in the near IR range. 
Measuring the skin reflection coefficient at the 
wavelengths λ1 = 1100 and λ2 = 1936 nm (the water 
absorption band), Xu and Wang used the double-wave 
analysis to assess the water content in the skin. The 
authors demonstrated that the change of the water 
content in the skin correlated with the optical clearing 
effect during the first minutes, namely, under the impact 
of 80% solutions of glycerol and propylene glycol the 

water content at first rapidly decreases, and then the 
dehydration process becomes slower. 

The kinetics of skin dehydration degree under the 
action of 88% aqueous solution of glycerol and air, 
studied by Genina et al. [56] basing on the weight 
measurements of human skin samples (see Fig. 2а), 
allowed the assessment of the characteristic time τ of 
the process, i.e., the time, during which the dehydration 
degree increases by е times. Under the action of OCA τ 
amounts to 193.4 ± 12.3 hours, while under the 
conditions of natural evaporation of interstitial water 
this parameter equals 1408.9 ± 36.3 hours. 
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Fig. 2 Dehydration kinetics of human skin samples with 
intact (a) and perforated (b) epidermis under the action 
of 88% glycerol solution (1) and in the course of 
interstitial water evaporation in air (2). The symbols 
correspond to the averaged experimental data; the 
curves show the result of approximation. The vertical 
lines present the standard deviation (from the data of 
Ref. [56]). 

At the same time, it is seen from the Fig. 2 that, in 
contrast to the natural drying in air, under the action of 
the OCA no full dehydration occurs, since a part of the 
OCA penetrates into the interstitial space and is mixed 
with the interstitial fluid. It is known, that most of the 
OCAs are hygroscopic and in the humid environment 
they adsorb water molecules till the saturation is 
achieved. Thus, for glycerol the saturation level 
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amounts to 55 and for propylene glycol 32 percent in 
volume [123]. Therefore, OCAs inhibit complete 
dehydration by keeping a part of water in the tissue. 

For fibrous tissues, such as sclera, dura mater, 
dermis, etc., both processes, namely, the water loss and 
the diffusion of the hyperosmotic agent into the skin, 
occur simultaneously, but the mechanism of the 
interstitial fluid replacement with the OCA solution is 
prevailing for all the agents used, since their molecular 
size is much smaller than the mean separation between 
the fibrils [3, 43]. 

In the case of transepidermal delivery of hydrophilic 
OCAs into the skin the diffusion is inhibited by the 
existence of the epidermis lipid barrier. The human skin 
dehydration at the delivery of the hyperosmotic OCA 
through the perforated stratum corneum (the perforation 
may be implemented, e.g., by fractional microablation) 
is presented in Fig. 2,b. The epidermis permeability 
improvement resulted in the accelerated diffusion of 
both water and 88% glycerol solution. Fig. 2 shows that 
when the samples with intact and perforated horny layer 
are dried under the identical conditions, their final 
dehydration degree should be practically similar. 
However, from the analysis of the dehydration 
characteristic time (for the perforated sample τ amounts 
to 71.2±1.9 hours) it follows that the dehydration 
process in this case occurs by more than 20 folds faster 
than in the intact epidermis (τ = 1408.9±36.3 hours). 
The value of τ for the sample with perforated epidermis 
under the action of the OCA was only 36.4 ± 0.7 hours, 
which is almost by 5.5 folds smaller than for the intact 
sample (τ = 193.4±12.3 hours) [56]. 

In Fig. 2,b it is well seen that with the epidermis 
damaged the maximal value of dehydration degree 
under the evaporation of water from the tissue is 
essentially higher than under its osmotic removal. At the 
same time the skin dehydration rate due to evaporation 
is by nearly two times smaller than under osmotic water 
removal. 

The study of water evaporation process allowed the 
separation of the dehydration mechanism of optical 
clearing from other mechanisms (i.e., the matching of 
refractive indices due to the penetration of OCA into the 
tissue and the collagen structure modification). The fact 
that attracts attention in the dehydration under the action 
of glycerol is that the degree of dehydration in the 
samples with perforated stratum corneum is smaller 
than that in the intact samples. As mention above, in 
both cases there are two counterpropagating fluxes, one 
of them is the water diffusion from lower layers of 
epidermis and from dermis into the surrounding 
solution, and the other one is the diffusion of the OCA 
from the surrounding solution into the tissue. 
Apparently, in the non-perforated sample the rate 
difference between these fluxes is greater than in the 
perforated one, since in the absence of the epidermis 
damage the drainage of water from the tissue 
considerably exceeds the glycerol delivery into the 
tissue. From the practical point of view, the topical 
injection of OCA into the skin through the channels in 

the epidermis hampers the formation of strong 
concentration gradient between the interstitial fluid and 
the OCA solution, which reduces the tissue dehydration 
and can be considered as a positive factor for optical 
clearing of skin in vivo. 

Mao et al. [107] focused their attention on the study 
of the efficiency of six polyatomic alcohols with 
hydroxyl groups (1-butanol, 1,4-butanediol, 1,3-
propanediol, PEG-200, PEG-400, and glycerol) with 
molecular weights from 74 to 420 Da, and the refractive 
index values from 1.40 to 1.47, affecting the degree of 
skin optical clearing. For better in vitro modelling of the 
topical OCA application to the skin in vivo, the agents 
were applied to the pig skin epidermis, while the dermis 
was moistened with saline. The relative transmission of 
the samples, measured using the integrating sphere, was 
used to assess the efficiency of optical clearing [107]. 
The authors found that the glycerol, which is a triatomic 
alcohol, caused the maximal clearing effect, the 
monoatomic alcohol 1-butanol caused the smallest 
effect, and four diatomic alcohols caused intermediate 
clearing effect. After checking the interrelation between 
the optical clearing efficiency and the refractive indices 
or molecular weight of the OCAs under study, the 
authors concluded that the clearing effect, caused by 
alcohols, should be related to the number of hydroxyl 
groups rather than to the refractive index or the 
molecular weight value of the OCA. 

In fibrous tissues the optical clearing process can 
also incorporate the variations in the molecular structure 
of the basic component of these tissues, the collagen 
fibres, including the reversible solvability of collagen in 
sugars and polyatomic alcohols. The OCA-induced 
destabilisation of collagen structure can lead to the 
additional reduction of optical scattering in a tissue due 
to the decrease of the basic scatterer size. [121]. 

The collagen fibres have complex self-organising 
structure and are the main scattering centres in tissues 
[112]. They are widely presented in different tissues, 
particularly, in fibrous ones, such as skin dermis and 
eye sclera. It is established that the hydrogen bond is the 
main bonding force between the triple collagen helices. 
The OCAs with multiple hydroxyl groups possess a 
greater negative charge that destabilises the highly-
ordered collagen structure till its dissociation. Since the 
hydrogen bonds in the triple collagen helices belong to 
non-covalent interactions, the OCA-induced effect on 
the collagen dissociation can be easily reversed. Yeh et 
al. [109, 112, 121, 122] observed the dissociation of 
collagen fibres in the tissue in vitro, merged in glycerol. 
The subsequent replacement of glycerol with phosphate-
buffer solution provided the restoration of the collagen 
structure. 

Hirshburg et al. [110] performed mathematical 
modelling of molecular dynamics in order to clarify the 
formation of hydrogen bonds between the alcohol 
(glycerol, xylitol, and sorbitol) and collagen molecules. 
They divided the hydrogen bond bridges into different 
types depending on the position of hydroxyl groups, 
involved in the interaction, with respect to carbon 
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atoms. They associated the type number with the 
number of carbon atoms in the hydrogen bond bridge. It 
was found that the bridges with large number, built in 
between the collagen molecules in the helix, can break 
the collagen-collagen and collagen-hydroxyl bonds 
more efficiently than the bridges with smaller numbers. 
Thus, the alcohols having pairs of hydroxyl groups with 
longer carbon chain between them should be more 
efficient in optical clearing that the alcohols having 
adjacent hydroxyl groups. The results of the modelling 
explain the fact that 1,3-propanediol demonstrated the 
optical clearing potential twice as great as that of 1,2-
propanediol, although both possessed similar molecular 
weight (76.10 Da), close values of the refractive index 
(1.44 and 1.43), and osmolality (8.3 and 8.7 Osm/kg). 
The reason is that 1,2-propanediol can form only the 
bridges of the type I, while 1,3-propanediol forms the 
bridges of the type II [110]. Since the modelling of 
molecular dynamics can clarify the specific features of 
interaction between the OCA and the structural 
elements of the tissue at the microscopic (molecular) 
level, it can be a powerful tool in the study of optical 
clearing mechanisms, particularly, for choosing new 
high-efficiency OCAs. 

Of great practical interest is the optical clearing of 
hard tissues, such as bone, cartilage and tendon. The 
reduction of scattering in these tissues offers the 
possibility to develop minimally invasive methods of 
laser diagnostics and therapy of brain and other deeply 
located tissues. The possibility of studying brain blood 
circulation without damaging the scull bone was 
demonstrated by Wang et al. [81]. The experiments with 
laboratory mice in vivo have shown that the minimal 
microvascular diameter resolved in the observation 
through the bone tissue, preliminarily processed with 
the specially developed optical clearing solution, 
amounts to 14.4±0.8 µm. The optical clearing of the 
human skull bone in vitro was studied by Genina et al. 
[57]. The authors have shown that the exposure of the 
~5 mm thick skull bone sample to glycerol reduces the 
value of the transport scattering coefficients by 25% in 
the spectral range 1400-2000 nm. In the present case the 
main role in the clearing process is played by the 
replacement of water in the interstitial space with OCA 
due to the specific structure of the bone tissue that 
possesses higher porosity than soft tissues. 

The transparency increase was studied in the 
samples of cartilage tissue of the human nasal septum 
and knee joint in vitro under the impact of trasograph 
[124] and in the rodent tail cartilage ex vivo under the 
impact of glycerol [112, 121]. The authors demonstrate 
the increase of the contrast in the image of the tissue by 
2 – 2.5 folds during 1 minute for the transverse section 
and by 1.6 folds during 8 minutes for the longitudinal 
one [124] and the reversible disorganisation of collagen 
fibrils under the action of OCA [112, 121]. 

Optical clearing of the mouse tail tendon in vitro 
exposed to the glycerol solutions with different 
concentration was demonstrated in the papers by 
LaComb et al. [72], Nadiarnykh and Campagnola [73], 

and Rylander et al. [31]. The authors managed to 
increase the probing depth in the second harmonic 
generation microscopy up to 450 µm at the expense of 
considerable reduction of the scattering coefficient (up 
to 130 folds at the wavelength 890 nm during 5 hours) 
and increasing the packaging density of fibrils 
(according to the data of electron microscopy, the 
volume fraction of fibrils increased from 0.65 to 0.9) 
[31]. 

Blood vessels and capillaries transpierce practically 
all tissues, and the blood is a strongly scattering 
medium, so that its optical clearing is a serious problem 
for successful application of optical technologies both in 
diagnostics and in therapy/surgery. The difference 
between the refractive indices of the erythrocyte 
cytoplasm and the blood plasma, as well as the specific 
size and structure of blood corpuscles explain the blood 
scattering properties [3, 10, 11]. The refractive index of 
the erythrocyte cytoplasm is determined mainly by the 
haemoglobin concentration [11, 13, 125]. The volume 
and the shape of an individual erythrocyte are 
determined by the osmolality of the blood plasma [125, 
126]. The blood scattering is also dependent on the 
ability of the red blood cells to aggregate or 
disaggregate [127]. 

When an OCA is injected into blood, the refractive 
index of the blood plasma increases and becomes 
comparable with the refractive index of the red blood 
cells. For example, the total attenuation coefficient of 
whole blood, diluted by two folds with saline, under the 
addition of 6.5% glycerol solution decreased from 4.2 to 
2.0 mm-1, and, correspondingly, the optical probing 
depth at the wavelength 820 nm increased by 117%. For 
other OCAs tested (glucose, dextran, propylene glycol, 
and trasograph) the increase of the probing depth was 
from 20 to 150% [22, 128]. It was also shown that the 
introduction of chemical agents is able to change the 
size and aggregation properties of erythrocytes, which 
allows the control of the blood optical properties, too 
[128]. 

Bashkatov et al. [53] have shown that the minimal 
light scattering is observed at the concentration of 
glucose in blood equal to 0.65 g/ml. In this case the 
blood appears to be completely immersed, but due to the 
difference in spectral dependence of refractive indices 
of the glucose solution and erythrocytes the residual 
scattering is still present. Obviously, such high 
concentration of glucose can be applied only topically 
and during a short period of time to prevent the 
destruction of blood and vascular wall cells. 
Nevertheless, the use of endoscopic optical imaging 
systems (OCT or confocal microscopy) and the 
controlled injection of small glucose volumes into the 
vascular lumen near the region of imaging may 
essentially facilitate obtaining a high-contrast image of 
an atherosclerosis plaque through the layer of blood. 

The same group of authors showed the possibility of 
using a small volume of haemoglobin as an OCA. This 
haemoglobin can be obtained as a result of local 
haemolysis of erythrocytes in a blood vessel near the 
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site of optical endoscopic probe [51]. The blood 
scattering coefficient reduction by 30-40% was 
demonstrated theoretically in the spectral region 400-
1000 nm under the increase of the local haemolysis by 
up to 20% in the immediate proximity of the optical 
probe. 

Impregnation of blood-saturated tissues, such as the 
liver, with solutions having different osmolality also 
leads to the matching of refractive indices and scattering 
coefficient reduction, but the effect is not as prolonged 
as in fibrous tissues [22]. 

The optical clearing of tissues in vivo is, generally, 
more complex, since in this case a significant role 
begins to be played by the additional factors, on the one 
hand, the physiological temperature that accelerates the 
diffusion of OCA, and, on the other hand, the metabolic 
reaction of the living tissue, washing the OCA out. 
These factors can essentially modify the kinetic 
characteristics and the magnitude of the clearing effect 
[25, 34, 45, 59, 61, 68, 70, 76, 77, 79, 80, 82, 97, 98, 
108, 113, 118, 119]. In living tissues the refractive 
index is a function of the physiological or pathological 
condition of the tissue. Depending on the specific 
features of the tissue condition, the refractive index of 
scatterers and/or the base substance can change 
(increase or decrease), and correspondingly the light 
scattering will change [3, 22]. In addition, the 
introduction of some OCAs, in particular, glycerol and 
glucose, into a tissue affects the condition of 
microcirculation in the tissue, causing a transient stasis 
of the microvessels [50, 65, 71, 77, 108]. 

One of the most important problems in optical 
diagnostics and treatment is the reduction of skin 
scattering aimed at visualising the inhomogeneities 
hidden inside the skin or under it. However, it is rather 
difficult to obtain the optical clearing of skin using 
noninvasive or minimally-invasive means, since the 
stratum corneum of the skin epidermis is a natural 
barrier that impedes the OCA penetration into the 
dermis [129]. For in vivo applications of the optical 
clearing method one has to use direct exposure of the 
skin dermis, or intradermal OCA injection. However, at 
low concentrations OCAs do not provide sufficient 
optical clearing, while at high concentrations they can 
induce edema, chemical burn, partial necrosis and 
scarring [45, 65, 108]. To develop an efficient and safe 
way of breaking the integrity of the epidermis stratum 
corneum and accelerating the penetration of OCA into 
the dermis, various physical methods [56, 118, 130-
140], chemical enhancers of permeability [114, 118, 
141-147], and their combinations [118, 148, 149] have 
been proposed. 

Chemical OCA diffusion enhancement is 
implemented using the agents that serve for increasing 
the tissue permeability in medicine and cosmetology 
[36, 39]. In particular, it is shown that Azone [141], 
oleic acid [142], DMSO [118, 143-146], ethanol [150], 
propylene glycol [147, 151], Thiazone [149] enhance 
the tissue permeability for OCAs and increase the 
efficiency of optical clearing. 

The possible mechanism of diffusion enhancement 
using Azone may consist in increasing the fluidity of 
hydrophobic regions of the stratum corneum and the 
corresponding reduction of resistance to the penetration 
of agents [141]. For example, after 60 minutes exposure 
of in vitro skin to the mixture of 40% glycerol-Azone 
the absorption of light at the wavelength 1276 nm 
increased by 41.1%, and the diffuse reflection at the 
wavelength 1066 nm decreased by 29.3%, which 
considerably exceeded the values of these parameters 
under the application of more concentrated 80% 
aqueous solution of glycerol [141]. 

The oleic acid is a monounsaturated fatty acid that is 
widely used as a safe transdermal enhancer for drug 
delivery. In the region of skin clearing the synergetic 
effect of oleic acid as a promoter of OCA skin 
penetration was studied [142]. 

DMSO is a well-known agent widely used for 
improving the transdermal delivery of drugs. It is a 
polar aprotic solvent of stratum corneum lipids [143]. 
DMSO enhances the permeability of the stratum 
corneum for both hydrophilic and lipophilic agents 
[152, 153]. In addition, it possesses high refractive 
index and may serve as an OCA as well [144]. It also 
interacts with the highly organised structure of collagen 
fibres, changing the interfibrillar space at the sub-
micrometre scale [145], which is of great importance for 
the skin optical clearing. However, the results on the 
DMSO optical clearing potential and safety are rather 
contradictory [106, 144, 154, 155]. In Ref. [106] it is 
shown that the optical clearing potential of DMSO is 
smaller than that of glycerol, propylene glycol, ethylene 
glycol, and some other OCAs. The application of high-
concentration DMSO to the skin surface causes 
irritation, accompanied with epidermal spongiosis 
[154]. On the other hand, it was noticed that DMSO is a 
high-efficiency OCA of topical application, and no side 
effects under the 20-minute exposure of the rat skin 
surface in vivo were reported [144]. In spite of the 
controversial evaluation of the DMSO efficiency and 
safety, this substance is widely used for optical clearing 
in the mixtures with different OCAs [64, 118, 143-146, 
152, 153, 156]. 

Ethanol is also a solvent that modifies the skin 
barrier properties. Under sufficiently high concentration 
(~40%) ethanol facilitates the formation of pores and 
essentially increases the transport of agents through 
them due to increasing the size and/or the density of 
pores in the epidermal membrane [150]. 

The mechanism of enhancing the permeability of the 
epidermis stratum corneum under the action of 
propylene glycol is the solvation of keratin in the 
process of water replacement in the binding hydrogen 
groups and the inclusion of propylene glycol into the 
polar heads of the lipid bilayer [151]. It was shown that 
the mixtures of different OCAs with propylene glycol 
increase the efficiency of the optical clearing effect, 
however, the clearing effect induced by propylene 
glycol itself is weaker than for these mixed OCAs [147]. 

The last of the diffusion enhancers mentioned above, 
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Thiazone, is an innovative agent that increases the skin 
permeability nearly three folds stronger than Azon [36]. 
It is also more efficient as compared to propylene glycol 
[36, 147]. 

To increase the tissue permeability for OCAs one 
can use combinations of the abovementioned agents. 
For example, in Ref. [157] for the optical clearing of 
skin the combined OCA was used, including glycerol, 
PEG-300, ethanol and DMSO. 

Beside the chemical agents, a number of physical 
methods of surmounting the skin barrier are proposed to 
enhance the diffusion, including low- and high-intensity 
irradiation [130, 158], fractional lamp [131, 133] and 
laser [132] microablation, mechanical microperforation 
[137, 138], ultrasonic (US) irradiation [134, 135, 159], 
electrophoresis [160], needleless injection [161], 
mechanical removal of the surface layer by means of 
abrasive paper [136], epidermal stripping [162], and 
microdermabrasion [163]. 

Different radiation sources (e.g., СО2 and Nd:YAG 
lasers, operating at the wavelengths 532 and 1064 nm, 
respectively, broad-band sources of intense pulsed light, 
operating in the ranges 650–1200, 525–1200, and 470–
1400 нм) have been used to irradiate the skin in vivo 
before the OCA application with different doses and 
regimes of exposure. The measurements of reflection 
spectra before and after the exposure have shown that 
the radiation of Nd:YAG laser in the modes of Q-
modulation and long pulses can induce the improvement 
of transepidermal penetration of OCA by 8-9 folds as 
compared to the intact skin [130]. In the other study 
Stumpp et al. [158] used a diode laser, operating at the 
wavelength 980 nm for the rodent skin irradiation using 
artificially absorbing substrates on the surface. The laser 
radiation provided heating of the stratum corneum and 
caused the failure of the protective barrier function. 
After the removal of absorbing substrates the skin 
surface was subjected to glycerol application. The OCT 
study of skin in the exposed regions has shown the 
increase of the light penetration depth by up to 42%. 

The similar principle was used to create regions of 
microablation under the action of a broad-band flash 
lamp. The transparent mask with a set of absorbing 
carbon centres was applied to the skin surface in order 
to create the regions of epidermis microdefects under 
the light absorption [131, 133]. Increasing the skin 
transparency and image clearness of the tattoo, located 
under the skin at the depth of 300-400 µm, was 
demonstrated by Genina et al. [133] and Bashkatov et 
al. [164]. Fig. 3 presents the tattooed skin images before 
and after the action of the epidermis fractional thermal 
ablation and 88% glycerol solution. 

Fractional laser microablation of skin surface by 
means of the erbium laser (2940 nm) with the pulse 
energy from 0.5 to 3.0 J is also an efficient tool of 
overcoming the barrier for hydrophilic and hydrophobic 
OCAs [132]. 

The integrity of the epidermis stratum corneum can 
be disturbed mechanically using a roller with multiple 
needles. Yoon et al. [137] used this device, applied in 

cosmetology, to create transdermal microchannels in 
samples of porcine skin ex vivo with the aim of 
improving the glycerol penetration into the depth of the 
skin. The combination of multiple needle perforation 
with low-frequency ultrasonic effect allowed the 
increase of the diffusion rate of the 70% glycerol 
solution into the skin by 2.3 folds in comparison with 
using the multiple-needle roller solely [138]. 

The low-frequency US effect (sonophoresis) is one 
of the noninvasive methods of improving the clearing 
effect for many OCAs, increasing the depth and rate of 
their delivery into tissues [134, 135, 165-168]. The 
combined use of OCA and US provided considerable 
increase of the depth and contrast of the OCT images of 
porcine skin in vitro and human skin in vivo [166]. Xu 
et al. [134] used the ultrasound with the frequency 1 
MHz to enhance the penetration of 60% glycerol 
solution and 60% PEG-200 solution into the porcine 
skin in vitro. The OCT study has shown the increase of 
the imaging depth by 40% and 93%, respectively, as 
compared to using OCA without US. 

a" "

b" "
Fig. 3 Images of tattooed skin surface: а) the tattooed 
sample before the glycerol action; b) the tattooed 
sample after the surface microperforation and glycerol 
impact during 24 hours [133]. 

Cavitation is the main mechanism of the 
sonophoresis that explains the tissue permeability 
increase [159, 167]. The theoretical analysis of surface 
interaction of the cavitation bubbles with lipid bilayers 
of the epidermal stratum corneum considers three 
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interaction modes, namely, the shock wave propagation, 
the penetration of microflux into the stratum corneum, 
and the impact of the microflux on the stratum corneum 
[159]. In the process of growth the bubbles can merge, 
forming larger bubbles that continue growing creating 
channels. The channels formed in the stratum corneum 
become larger with time in the direction towards the 
boundaries, which finally leads to the appearance of 
inner transport ways [167]. These processes induce 
disorder in the lipid bilayers of the epidermal stratum 
corneum, weaken the barrier function, and enhance the 
OCA penetration into the inner layers of skin [168]. 

The transdermal electrophoresis is a well-known and 
widely used method of controlled delivery of drugs 
through the skin aided by low-intensity electric current. 
The specific features of this method are the following: 
1) the transport can be significantly intensified as 
compared to the passive diffusion; 2) the delivery rate 
may be actively controlled by modulating the electric 
current density, which allows individual dosage [169]. 

The electrophoresis can be applied not only with 
polar electrically charged agents. The dependence of 
electroosmotic diffusion upon pH of the solution and the 
content of NaCl ions in it was studied in Ref. [160]. In 
the experiments the solution containing 0.07M of NaCl 
and 0.13M of D-mannitol in 5мМ of citric-acid buffer 
with рН = 6 was used. Compared to the passive 
diffusion, the volume flux of the agent gradually 
increased approximately by 20 folds after switching the 
current on, approaching a constant value. After 
switching the current off, the volume flux slowly 
decreased to the values, exceeding those before the 
beginning of the electrophoresis [160]. 

Stumpp et al. [161] proposed to use a pistol for 
needleless injection of glycerol with concentrations of 
100, 50, and 25% into the porcine skin ex vivo. 

The removal of the skin surface layer by slight 
rubbing with an abrasive paper also helps to enhance the 
OCA penetration through the epidermis stratum 
corneum and to improve the optical clearing effect. The 
abrasive paper with the gritness 220 was used by 
Stumpp et al. [136] for smooth rubbing of glycerol or 
dextrose solution into the depilated hamster skin in vivo. 
After 2-4 min of rubbing in, excluding any visible 
damage, the skin gradually became more transparent, 
allowing the observation of subcutaneous blood vessels. 
The quantitative analysis of the OCT signals has shown 
that the light penetration depth increased by 36-43%. 

The mechanical removal of outer cell layers of the 
epidermis can be also implemented via a sequence of 
surface epidermal strips. The procedure of gluing strips 
of adhesive tape to the skin surface and tearing them off 
repeated up to 30 times increases the permeability of 
skin without its essential damage [162]. In Ref. [139] 
the authors used slides with cyanoacrylate applied to the 
skin with moderate pressure, kept nearly 3 minutes, and 
then were left for 2 minutes more. When tearing the 
slide off the outer layer of the epidermis was removed. 
The procedure was repeated 3-6 times till the skin 
became shining. Then the OCA was applied to the 

processed surface under slight pressure that also 
improved the agent penetration into the skin.  

The combined use of chemical and physical OCA 
diffusion enhancers facilitates further increase of the 
optical clearing efficiency [118, 148, 149]. Thus, Xu et 
al. [148] showed that the sodium lauryl sulphate, a 
surface-active agent often used as an enhancer of 
penetration of pharmaceutic and cosmetic products into 
skin, in combination with the US demonstrates a 
synergetic enhancing effect on the penetration of 60% 
glycerol solution into the skin. As a result the optical 
transmission and OCT probing depth increased and the 
time of reaching the maximal clearing decreased in 
comparison with the US used solely. 

The US processing was also used in combination 
with Thiazone to improve the penetration of PEG-400 
into the skin [149]. It was shown that after the complex 
processing with Thiazone, PEG-400, and US the diffuse 
reflection coefficient decreased by 33.7 folds as 
compared to the control measurements (without 
clearing). Using only PEG-400 or PEG-400 with 
Thiazone the reduction of the reflection coefficient was 
by 2.7 and 3.3 folds, respectively. The probing depth 
increased by 41.3% in comparison with the control 
samples. 

"
Fig. 4 The difference between the averaged coefficients 
of total light attenuation by the intact rat skin in vivo, 
calculated from the OCT data. The column “control” 
corresponds to the data, obtained before the OCA 
action. “OCA” – 20-minute topical action of OCA 
(glycerol-PEG-400 mixture in equal proportions); 
“DMSO-OCA” – 20-minute action of DMSO-OCA 
mixture; “US-OCA” – 4-minute action of low-
frequency ultrasound and OCA; “US-DMSO-OCA” – 
combined 4-minute action of ultrasound and the 
DMSO-OCA (from the data of Ref. [118]). 

The comparison of the coefficients of total light 
attenuation by the rat skin in vivo using physical and 
chemical penetration enhancers separately and in 
combinations was carried out in Ref. [118]. Fig. 4 
presents the result of calculating the value 
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of the relative attenuation coefficient change as a result 
of the multimodal skin processing with respect to the 
control measurements. In this case the control group 
consisted of animals not subjected to the treatment. For 
this group !!! = 0. The results allow the assessment of 
the efficiency of different OCA diffusion enhancers (the 
OCA was a mixture of equal parts of glycerol and PEG-
400). It is seen that the OCA column has the minimal 
height, which means the minimal efficiency of the 20-
minute OCA action on the surface of intact skin (the 
optical clearing is absent). The 20-minute application of 
9% DMSO solution in OCA appeared to be less 
efficient than the 4-minute ultrasonophoresis. However, 
the maximal efficiency of optical clearing was observed 
under the combined use of US-DMSO-OCA during 4 
minutes. 

The combined use of surface epidermis stripping 
with chemical enhancers of diffusion, such as Thiazone, 
Azon and propylene glycol, was studied in the rat skin 
in vivo [170]. After tape strips from the skin surface the 
mixture of the enhancer with PEG-400 was applied to 
the prepared region. As a result the skin diffuse 
reflection coefficient was reduced, the greatest change 
being observed when using Thiazone-OCA, then, in 
descending order, Azon-OCA, propylene glycol-OCA 
and OCA without adding the permeability enhancer. 
These results differ from the data of in vitro studies of 
porcine skin, for which the optimal combination of 
OCA and enhancer was propylene glycol-OCA, and the 
minimal reduction of the reflection coefficient was 
demonstrated by Azon-OCA [147]. 

The influence of microdermabrasion on the skin 
permeability for hydrophilic and lipophilic agents was 
studied in Ref. [163]. Microdermabrasion is a partial 
ablation and homogenisation of the epidermal stratum 
corneum under the action of high-pressure flow of 
microparticles. Depending on the pressure (15-25 
centimetres of mercury) and the time of exposure the 
skin permeability for hydrophilic agents increased by 8-
24 folds, as compared to the intact skin. This method 
can be used for enhancing the OCA diffusion as well.  

3 Compression clearing 
The influence of external mechanical compression on 
the optical properties of biological tissues in vivo is 
interesting for several reasons. First, the specific 
features of light propagation in the tissue vary 
depending on its morphologic, biochemical, and 
physiological characteristics, therefore, the spectral 
composition of light, outgoing from the tissue, carries 
information on its morphologic and functional condition 
[171, 172]. Second, as a result of local mechanical 
compression, produced, e.g., by the end of a fibre-
optical probe (the area of the force application about a 
few square millimetres) at the compression site a 
gradient of the refractive index is induced, and this 
volume of the tissue plays the role of a lens for the 
probing radiation, propagating through the tissue. When 
the mechanical compression is applied to a relatively 
large area of the tissue surface (of the order of a few 

cm2), the lens effects are absent, but the compaction of 
the medium can manifest itself in the change of its 
optical characteristics due to the variation of the packing 
density of the scatterers. 

Since the external mechanical compression can 
essentially change the optical and structural properties 
of the tissue, this method can be considered as an 
alternative to the widely used immersion method of 
controlling the tissue optical parameters, based on the 
influence of chemical agents. As discussed above, the 
main mechanisms of the immersion clearing are the 
transport of water from the tissue and the partial 
replacement of intercellular or intracellular water with a 
chemical agent, as a result of which the difference of 
refractive indices of the scatterers and the interstitial 
fluid becomes smaller, reducing the scattering. 
Analogous processes partially occur under the 
compression, since the removal of water from the 
intercellular space and the increase of protein 
concentration in it as a result of applying the external 
compression should also lead to the reduction of 
scattering. 

The effect of increasing the depth of laser radiation 
penetration into a biological tissue under the application 
of the external local mechanical pressure was 
demonstrated more than 30 years ago [173]. From that 
time a considerable number of publications appeared, 
related to using the influence of external mechanical 
compression of tissues on their optical properties 
(absorption and scattering). 

The first studies [174, 175] were carried out with the 
tissue samples ex vivo. The authors noticed that the 
external compression changed the optical properties of 
the tissue samples, which manifested itself in the change 
of diffuse reflection and transmission of light by the 
samples of tissues. Thus, in Ref. [174] the studies of 
compression of soft tissue samples demonstrated the 
growth of the transmission coefficient and the reduction 
of the diffuse reflection coefficient in the spectral region 
from 400 to 1800 nm. It was concluded that the 
compression increases the coefficients of absorption and 
scattering of the tissue, and the possible mechanisms of 
the “clearing” are the reduction of the sample thickness 
and its dehydration. Similar results were also obtained 
by the authors of Ref. [175]. The studies of the 
compression effect on the samples of porcine skin have 
shown that the mechanical compression causes the 
increase of the light transmission through the samples, 
and the effect is inertial. 

The mechanical compression also changes the 
optical properties of tissues in vivo, which is 
accompanied by the spectral changes both in the diffuse 
reflection [176-186] and in the fluorescence [185, 187-
189]. The authors of [176, 187] were one of the first 
researchers who noticed the influence of the 
compression on the spectra of diffuse reflection and 
autofluorescence of human skin in vivo. It was reported 
that the pressure exerted on the skin reduces the depth 
of the dip in the green region of the spectrum that 
indicates the presence of blood in the tissue, as a result 
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of which the reflection coefficient of skin in this region 
increases, while in the red and yellow region it 
decreases. In the reflection spectrum an isobestic point 
was found, for which the reflection coefficient does not 
change in the presence or in the absence of compression 
[176]. The external compression also caused the 
increase of the skin autofluorescence intensity in the 
short-wave region of the visible spectrum [187]. 

The reduction of diffuse reflection in the region 
1100 – 1700 nm was reported [178] in human skin in 
vivo. It was shown that under the increase of the 
pressure of the fibre-optical probe on the skin surface 
the diffuse reflection is decreased. The authors related 
such behaviour with the change of the internal structure 
of the skin tissue. A similar fact was also noticed in the 
visible region of the spectrum [184]. 

In Ref. [185] the influence of short-time (smaller 
than 2 seconds) and long-time (greater than 30 seconds) 
mechanical action upon the diffuse reflection and 
autofluorescence spectra of human skin in vivo was 
studied. It was shown that at high pressure the 
significant spectral changes occur both for short-time 
and long-time compression, the probe pressure affecting 
not only the optical, but also the physiological 
parameters of the skin.  

The influence of external compression on the 
physiological parameters of breast was studied by the 
authors of Ref. [180]. Under the compression of the 
tissue the light scattering was reduced, also decreased 
was the total blood content and the saturation of the 
tissue with oxygen. After the compression removal the 
effect of hyperaemia was observed. The changes in the 
blood circulation system (compression of blood vessels 
and reduction of blood oxygenation), to the opinion of 
the authors of Ref. [181], can enhance the sensitivity 
and specificity of early diagnostics of cancer. 

At present the external mechanical compression is 
used as a method that allows the increase of image 
resolution and contrast in optical coherence tomography 
(OCT) and microscopy [28, 190-193]. 

The method of compression optical clearing of 
tissues is implemented instrumentally (tissue optical 
clearing device, TOCD) [29, 31, 194-196]. 

Finally, the mechanical compression of skin allows 
the assessment of the content of chromophores in it, 
whose absorption under the normal conditions is 
masked by the absorption by other chromophores. Thus, 
the extrusion of blood from the region of compression 
makes it possible to evaluation the content of 
carotenoids in the skin by the spectra of diffuse 
reflection [197], and the content of melanin in skin by 
the spectra of fluorescence [171, 172]. 

Although the amount of publications related to the 
mechanical compression of tissues is relatively large, 
the results are often somewhat controversial, which is 
mainly due to the difference in the conditions of the 
force application (local or distributed) and the detection 
of the reflected light (fibre-optical or open detecting 
system) [198]. Besides, it is necessary to take the 
inertial character of the tissue response to the external 

action into account. 
The compression method of controlling optical 

parameters has a number of potential advantages in 
comparison with the immersion method. For example, 
moderate mechanical compression saves the barrier 
functions of the stratum corneum and the epidermis as a 
whole. 

In the visible region the absorption coefficient of 
water is insignificant as compared to the near IR region, 
where the absorption peaks caused by the combinations 
and overtones of fundamental vibrations are located. In 
the skin the absorption spectral bands of water bound 
with the proteins of interstitial matrix are shifted with 
respect to the bands of free water towards the long-wave 
region of the spectrum. Thus, the manifestations of 
bands in the reflection spectrum of skin at 1160 nm and 
1220 nm were reported [199], attributed by the authors 
to the absorption bands of free and bound water. The 
absorption bands at 1879 nm and 1890 nm were 
attributed [200] to the absorption of free water, and the 
bands at 1909 nm and 1927 nm to the bound water. 

The effect of water transport was studied by 
Rylander et al. [196]. In the skin the natural gradient of 
water content depending on the depth exists. In the 
stratum corneum the water content depends upon the air 
humidity and can be at the level 15%. The water content 
grows with depth, reaching 70% in dermis. A 
considerable part of this amount is free water, the 
molecules of which due to their high permeability 
percolate from the region of external compression into 
the adjacent regions. The water migration from the skin 
regions subject to compression leads to the matching of 
the refractive indices of the tissue components [31], 
which reduces the scattering coefficient. 

The water transport in the skin tissue can be 
analysed on the base of two-phase nonlinear mixture 
[201], according to which the skin is presented as a 
solid elastic matrix, formed mainly by elastic fibrils and 
cells and filled with water. This model is sufficient to 
present the composition and mechanical properties of 
the skin well enough [196, 201]. Basing on this model 
the authors of Ref. [193] studied the influence of 
mechanical compression on the optical properties of the 
skin. The samples of porcine skin ex vivo and human 
skin in vivo were studied using OCT at the wavelength 
λ = 1310 nm. It was found that for the porcine skin 
samples ex vivo the compression reduces the water 
fraction in the tissue by more than three folds (from 
0.66 to 0.2). 

The detailed analysis of possible mechanisms 
affecting the skin optical properties was carried out in 
Ref. [199] where the influence of human skin 
compression on the variation of its scattering properties 
and the free and bound water content were studied. The 
changes in the diffuse reflection spectra were correlated 
with the effects of tissue deformation within the 
framework of two-phase nonlinear mixture model. The 
optical properties of the skin were considered basing on 
the three-layer medium (epidermis, dermis, 
subcutaneous fat), and the scattering properties of the 
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tissue were determined as the combination of scattering 
by large (Mie scattering) and small (Rayleigh 
scattering) particles. The expressions for the scattering 
coefficients of each of the skin layers were taken from 
Refs. [202, 203], and the skin absorption in the near IR 
region was determined as the superposition of 
absorption by water and lipids. The water contribution 
into the absorption amounted to 20% for epidermis, 
70% for dermis, and 60% for subcutaneous tissue (fat 
and muscle) [203, 204]. 

Experimental diffuse reflection spectra were 
analysed for two absorption lines of water in the near IR 
region, 1160 nm and 1220 nm, attributed by the authors 
to the absorption of free and bound water, respectively, 
basing on the comparative analysis of the reflection 
spectra of skin and pure water. 

The measurement of water content in the skin in 
vitro has shown that under compression the intensity of 
the band at 1220 nm significantly grows, while the 
intensity of the band at 1160 nm decreases. When the 
pressure is increased to 376 kPa, the absorption peak at 
1160 nm almost vanishes. This indicates the fact that 
under the compression of skin the free water leaves the 
compressed region, while the bound water that forms 
complexes with proteins stays. When the pressure 
achieves 400 kPa, the volume of free water decreases to 
30% of its initial value. This is the main cause of the 
tissue deformation. Under the long-time compression 
the absorption peak of free water decreases with time, 
and the peak of bound water increases. At the early 
stages of the deformation due to the large stress in the 
tissue the free water leaves the compressed region with 
sufficiently high rate. As the stress relaxes, the 
deformation of the tissue and the rate of free water 
migration gradually decrease. After nearly 6 minutes the 
tissue deformation and the water transport stop. The 
duration of this process is also related to the 
compression magnitude.  

Thus, for the analysis of the structural and optical 
changes occurring in the skin in vivo under the 
conditions of external compression the above model of 
the tissue can be considered, according to which the 
skin consists of a solid matrix formed by the collagen 
fibres and the interstitial fluid, the major part of which 
is water. When the skin is compressed, the solid matrix 
is deformed and the interstitial fluid leaves the region 
subject to compression with the rate determined by the 
density of packing of the matrix fibres and the viscosity 
of the fluid. This hypothesis is in good agreement with 
the experimental data. The relation of skin deformation 
and relaxation time under the conditions of compression 
depends upon the elastic properties of the fibrils and the 
density of their packing, as well as upon the amount and 
viscosity of the fluid in the tissue. Since the bound 
water is integrated in the tissue solid matrix, the 
measurements of free and bound water content 
variations can reflect the deformation of the solid matrix 
and the transport of free water in the tissue under the 
conditions of compression.  

4 Photochemical and photothermal 
clearing 

For a number of applications, particularly, in the case of 
laser therapeutic or surgical interventions, one can 
control the optical properties of the tissues by means of 
photochemical or photothermal action. The heating and 
coagulation of a tissue change its optical properties, and 
this should be taken into account in the calculation of 
the radiation doze in the process of treatment [3, 22]. 
The method of controlling optical properties of fat 
tissue, which is usually a strongly scattering tissue, was 
proposed in [205, 206]. The method is based on the 
combined photochemical and photothermal effect [2, 
207] induced in the fat tissue cells. 

The selective photothermal action on the fat tissue 
can be implemented by the laser radiation wavelength 
choice using the absorption by the endogenous (own) 
tissue chromophores, in the present case the lipids 
contained in the fat drop of adipocytes, under the 
exposure to light with the wavelength 1210 nm [208]. 
However, with exogenous chromophores, e.g., the 
indocyanine green (ICG), the efficiency of light 
interaction with tissue may be essentially higher and 
more selective [209-213]. The intensity and position of 
ICG absorption peaks depend upon the solvents used 
[214-216]. The solutions with complex compositions, 
e.g., such as water-alcohol-glycerol, stabilise the ICG 
absorption peaks [215]. Besides that, the alcohol 
component of the solution makes the cell membrane 
permeable for the dye [217-219]. The next step of the 
interaction between the dye and the cell is related to the 
light action. The light causes photochemical reactions; 
for ICG they simultaneously follow two scenarios: 1) 
photodynamic reactions; 2) reactions yielding toxic 
products [216]. Depending on the intensity, the 
biological response of the cell may lead to reversible of 
irreversible injury of the cell membrane. Reversible 
membrane injury consists in the creation of new pores 
or enlargement of the already existing ones, which 
facilitates efficient exchange between the cell content 
and the environment. In fat cells the presence of pores 
increases the lipolysis, as a result of which the 
intercellular space becomes filled with the cell content 
and decay products (triglycerides, fatty acids, water and 
glycerol) [37, 220-223]. The appearance of such 
immersion fluid in the intercellular space facilitates the 
process of optical clearing of the adipose tissue [37]. 

The probability of triglyceride leaving the cell 
through the membrane pores is rather small due to the 
relation between the pore diameter (0.1 – 2 nm) and the 
triglyceride molecule size (nearly 1-2 nm) [221-223]. 
The hydrolysis of triglycerides occurs in two stages. At 
the first stage the hydrolysis of external complex ether 
bonds occurs; this process is catalysed by the lipase 
enzyme. The hydrolysis of triglycerides is referred to as 
lipolysis. The monoglyceride produced at the first stage 
of the triglyceride decay, is further hydrolysed by the 
nonspecific esterase, producing glycerol and three 
molecules of higher fatty acids [221-223]. The 
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hydrolysis products can easily leave the cell through the 
pores, since their molecular size is small compared to 
the pore size. In this process the refractive index of the 
intercellular fluid (nм = 1.36) [45] approaches the 
refractive index inside the adipose cell itself (nв = 1.44), 
the medium becomes more optically homogeneous and, 
as a result, more transparent [22]. 

In Refs. [37, 220] the photodynamic effect in 
adipose cells in vitro sensitised with brilliant green (BG) 
was studied. The result was also the cell lipolysis. The 
hypothesis of pore formation is in good agreement with 
the experimental results [37, 206, 220, 224]. 

Fig. 5 presents the transmitted light images of the 
subcutaneous fatty tissue sample, stained with BG, 
before (a) and after (b-e) the irradiation with a dental 
diode lamp Ultra Lume Led5 with the wavelengths 442 
and 597 nm and the total power density 75 mW/cm2 
during 15 minutes at the constant temperature 33°C. 
The cell lipolysis is seen to stimulate the leakage of a 
part of intracellular fluid into the intercellular space and 
the tissue gradually undergoes immersion clearing. 

5 Applications of optical clearing  

5.1 Optical coherence tomography 
OCT is a noninvasive method of visualising the internal 
structure of optically inhomogeneous objects that allows 
the study of tissue internal microstructure with high 
resolution and without disturbing its integrity [18]. 
However, the multiple scattering essentially worsens the 
OCT imaging characteristics, namely, the image 
resolution, probing depth, and the precision of 
localisation [21]. In this connection the progress of 
optical clearing techniques is of huge potentiality for 
noninvasive OCT medical diagnostics [28, 29, 35, 36, 
39, 190, 192, 196]. 

The efficiency of mechanical compression for better 
differentiation of chronic inflammation and carcinoma 
in the OCT images was studied by Agrba et al. [28]. 
They also determined the threshold impact that allows 
the detection of difference between these cases. Using 
the endoscopic probe of unique construction that 
allowed the control of the compression force applied to 
the tissue, the possibility of differentiating the 
pathologic changes of rectum ex vivo with inflammation 
and carcinoma was demonstrated. 

The same research team has shown that the 
application of compression to human skin causes 
various changes of the optical properties of skin layers 
depending on their elasticity. These changes increase 
the contrast of the OCT-imaged boundaries between the 
layers [192]. 

The efficiency of the mechanical device for biotissue 
optical clearing, designed by Rylander et al. [196] was 
determined using OCT [29]. The authors have shown 
that the depth of light penetration into the human skin in 
vivo at the OCT wavelengths 850 and 1310 nm increase 
by 3 folds in the area of compression. The contrast of 

the OCT image of the epidermis-dermis boundary was 
also increased. OCT allowed the specification of 
compression clearing mechanism. Thus, the OCT M-
scans recorded during the pressure application have 
shown that the optical penetration depth monotonically 
increases, undergoing a jump at the initial time period 
(5-10 s), during which the water content in the tissue 
abruptly decreases and the group refractive index 
increases in the local area of pressure application.  

The authors of Ref. [191] proposed to use OCT with 
compression for continuous noninvasive monitoring of 
blood glucose content. The results of in vivo skin studies 
at different pressures have shown that the pressure of 
the OCT probe on the skin reduces the artefacts related 
to the object motion, but may shift the OCT signal slope 
that allows the blood glucose monitoring. Thus, the 
controlled external pressure < 1 kPa significantly 
improved the precision and reproducibility of the 
glucose OCT monitoring. 

The potentialities of immersion optical clearing are 
mainly related to the fact that OCT allows the imaging 
of relatively thin layers of tissues that can be rapidly 
impregnated with OCA applied to the surface. In Refs. 
[21, 22] it was demonstrated that the internal tissues, 
such as the walls of blood vessels, oesophagus, 
ventricle, large intestine, and other organs can be 
imaged to the depth of 1-2 mm. The application of 
immersion liquids increases the probing depth nearly by 
3.5 folds and significantly improves the image contrast 
of the internal inhomogeneities [225, 226]. The 
possibility of malignant melanoma diagnostics, 
observation of subepidermal cavity, and control of the 
skin scattering properties under the application of 
glycerol and propylene glycol to its surface was shown 
by the example of OCT visualisation of human skin in 
vitro and in vivo [22]. Moreover, the variation rate of 
the OCT A-scan slope in the course of the optical 
clearing allows additional differentiation of the healthy 
and tumour tissue of the human oesophagus and 
mammary gland [103-105, 227, 228]. 

Optical coherence tomography offers a unique 
possibility to assess the variation of the tissue light 
scattering coefficient with sufficient depth resolution. 
The total light attenuation coefficient µt of the tissue 
local volume, which is a sum of the absorption 
coefficient µa and the scattering coefficient µs, may be 
found by fitting the parameters of the approximating 
curve, calculated within the framework of the 
appropriate model, using the local A-scan slope of the 
OCT signal [18, 118, 230-232]. 

The single scattering model is based on the 
assumption that only the light undergoing singe 
scattering (ballistic photons) preserves the coherence 
properties and contributes to the OCT signal. In this 
case the OCT signal i(z) is determined as [18, 230, 231]: 

( ) ( ) ( )
1/ 21/ 2 1/ 22 2

t0
( ) exp( 2µ )i z i z≈ − , where z is the depth, 

from which the reflected signal comes. 
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Fig. 5 Transmitted light images of a subcutaneous fatty tissue sample stained with brilliant green before (a) and after (b-
e) light exposure during 15 min. The time interval between the image recording and the end of exposure is 8 min (b), 19 
min (c), 39 min (d), 120 min (e). The sample temperature is 33°C. Diode lamp, 442 and 597 nm, the total power density 
75 mW/cm2. 

 

It is known that the result of OCT is the 
measurement of the reflected signal intensity from the 
studied tissue, ( )1/ 22( ) ( )R z i z∝ , upon the depth z. The 

OCT signal intensity depends upon the reflectance α(z) 
of the tissue at the given depth and the total attenuation 
coefficient µ µ µt a s= +  of the tissue. In accordance with 
the singe scattering model that is valid both for weakly 
scattering tissues and for the surface layers of strongly 
scattering tissues [231], the reflected power in 
proportional to exp(-µtz) [18], i.e., can be approximated 
with the expression [118]: ( ) exp( µ )tR z A z B= − + , where 
A is the coefficient equal to P0α(z), with P0 being the 
optical power of the beam, incident on the tissue 
surface, α(z) being determined by the local capability of 
the tissue to scatter the light in the backward direction 
(to reflect), which is largely dependent upon the local 
value of the refractive index, and B being the 
background signal. 

Since the absorption coefficient is essentially 
smaller than the scattering coefficient for many tissues 
in the near IR spectral range, the exponential decay of 
the ballistic photons is mainly determined by the 
scattering coefficient [18]. The scattering coefficient 
depends on the difference of refractive indices in the 
tissue volume, so that the increase of the refractive 
index of the interstitial fluid and the corresponding 
reduction of scattering is recorded as the change 
(decrease) of the slope of the OCT signal amplitude as a 
function of the probing depth [18, 35, 89, 90, 93, 95-
100]. 

This method allows the measurement of the 
permeability coefficient of tissues both for OCAs and 
for the medicinal preparations, possessing the properties 
of OCA, using two approaches: measuring the OCT 
signal slope (OCTS) and the OCT signal amplitude 
(OCTA) (Fig. 6а) [35, 95, 232]. In the OCTS approach, 
analysing the variation of the OCT signal slope due to 
the OCA diffusion, one can calculate the mean 
permeability coefficient of a certain region in the tissue. 
In this case two-dimensional OCT images are averaged 
over the lateral coordinate (x axis) to get a one-

dimensional depth distribution of the OCT signal 
intensity. In the tissue it is necessary to choose the 
region, for which the signal is linear and its fluctuations 
are minimal, where the tissue thickness (zregion) must be 
measured. Then the monitoring of the agent diffusion in 
the chosen region is performed and the time of diffusion 
(tregion) is recorded. The mean permeability coefficient 
( )P  can be calculated as the thickness of the region 

divided by the time, during which the diffusion of the 
agent through the chosen region occurs 
 region

region

z
P

t

⎛ ⎞
=⎜ ⎟⎜ ⎟⎝ ⎠

 [232].  

The OCTA approach can be used to calculate the 
permeability coefficient at a definite depth in the tissue: 

( )
ii zP z z t= , where zi is the measurement depth and 

iz
t  

is the time of agent diffusion to the given depth. The 
value of 

iz
t  should be calculated from the time of the 

agent application to the time of the beginning of the 
OCT signal amplitude variation, caused by the OCA 
[232]. 

These approaches allowed the assessment of the 
following permeability coefficients: rabbit cornea for 
mannitol ( ) 68.99 1.43 10−± ×  cm/s [95], rabbit sclera for 

mannitol and 20% glucose solution (6.18±1.08)×10−6 
and (8.64±1.12)×10−6 cm/s, respectively, [95], human 
sclera for cortexin (2.40±0.32)×10−5 cm/s (Fig. 6b) [93], 
porcine aorta for 20% glucose solution 
(1.43±0.24)×10−5 cm/s [99], epidermis and dermis for 
40% glucose solution (6.01±0.37)×10−6 cm/s and 
(2.84±0.68)×10−5 cm/s, respectively, [97], lung tissue 
for 30% glucose solution (1.35±0.13)×10−5 cm/s (the 
norm) [100], and lung tissue for 30% glucose solution in 
the case of different malignant neoplasms [100]. 

The depth-resolved analysis of the tissue optical 
properties using OCT allows the reconstruction of two-
dimensional diffusion maps. The visual representation 
of the molecular diffusion front was first demonstrated 
by Ghosn et al. [97] in the course of noninvasive 
determination of the penetration rate of 20% glucose 
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solution into the rhesus macaque skin in vivo. 
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Fig. 6 The region and the depth, indicated in the 
averaged OCT signal, used in OCTS and OCTA 
approaches (a), and the time dependence of the OCT 
signal slope in the process of interaction of the sclera 
with the cortexin solution (b) (from the data of [93]). 

Using the OCT methods one can reveal the 
variations of the effective refractive index of the adipose 
tissue as a result of the light photodynamic action, 
which arise both directly after the exposure, and in the 
process of the system biological response [38, 224]. The 
observed changes of effective refractive index can be 
interpreted as the reduction of the relative refractive 
index of the scatterers, which can be related to the 
immersion optical clearing. 

Fig. 7 shows the series of OCT images of adipose 
tissue stained with BG before (a) and after (b-d) the 
irradiation with the light of a diode lamp during 15 
minutes and under the heating of the samples to the 
physiological temperature. Fig. 7,b shows the image of 
the adipose tissue immediately after the irradiation, 
while the OCT images in Figs. 7,c and 7,d correspond to 
relatively long observation time (60 and 120 min., 
respectively). The mean thickness of the samples 
amounted to 237±10 µm. 

The visual comparison of the OCT tomograms of the 
adipose tissue shows that after the irradiation the tissue 

structure considerably varies in time. One can easily see 
the changes of the outer layer of the cellular structure 
that becomes more homogeneous, which can be 
associated with partial destruction of cells and 
formation of immersion layer consisting of intracellular 
content and the products of the adipose component 
hydrolysis. In Fig. 7(b-d) this layer is as thick as 80-90 
µm. The mean size of adipocytes in the tissue amounts 
to 60-70 µm. 

Provided that the geometric thickness of the studied 
layer is known, the effective refractive index n is 
calculated as ! = !/!, where l is the geometric path 
length (the true sample thickness in µm), and z is the 
layer thickness observed in the OCT image, i.e., the 
optical path length in µm. The geometric thickness was 
measured using a micrometre gauge. The optical path 
length was found from the OCT signal as the difference 
between the depths of two peaks, corresponding to the 
sample boundaries (see Fig. 7). For better determination 
of the boundaries the A-scans were averaged over the 
lateral region of 2 mm. This operation smooths out the 
stochastic noise and the disordered cell structure of the 
tissue, while the peaks, corresponding to the sample 
boundaries, become more distinct. The calculation of 
the refractive index showed its monotonic decrease with 
the growth of observation time. 

The observed changes in the OCT images can be 
interpreted as the result of lipolysis and cell destruction 
at the surface of the sample due to the photochemical 
effect. The intracellular fluid leaks from the cells and 
fills the intercellular space, as a rule, containing the 
intercellular fluid, thus producing the cleared (more 
homogeneous) outer layer and giving rise to optical 
clearing inside the tissue by matching the refractive 
indices of cells and intercellular medium. 

In Ref. [233] the chemically induced lipolysis 
activity was assayed by measuring the amount of 
glycerol released from the cells into the surrounding 
medium. Besides, using frame-by-frame CARS 
(coherent anti-Stokes Raman spectroscopy) processing 
of a single living cell, the authors could control the 
morphological changes of lipid droplets in the cells. 
They found that the microscopic lipid droplets appeared 
gradually in the course of the experiment, achieving the 
size of nearly 1 µm in 60 min after the impact. All these 
observations allow the assumption that analogous 
processes may occur in the case of light-induced 
lipolysis. 

The results of OCT measurements of the refractive 
index of adipose tissue after the exposure to light can be 
explained basing on the idea of forming two layers with 
the course of time. One of these layers is cleared (the 
released intracellular fluid) and the other one is 
scattering (cells). The refractive index m of the 
scattering medium can be expressed as [128] 

m ≡ n0 + Δm = n + n
2 − n 2

n
Q (λ / l ),  (1) 
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Fig. 7 OCT images of adipose tissue stained with BG before the irradiation (a), immediately after 15-minute irradiation 
(b), in 60 min (c), and in 120 min (d) after the irradiation. The source was the dental diode lamp Ultra Lume Led5 (442 
and 597 nm, 75 mW/cm2). The dye concentration is 6 mg/ml. The sample temperature is 37 ºC. The curves correspond 
to A-scans of the OCT image, averaged over the whole B-scan region [224]. 

where 

n = n0 1+
n
n0

−1
⎛

⎝⎜
⎞

⎠⎟
Vs
V0

⎡

⎣
⎢
⎢

⎤

⎦
⎥
⎥
,  (2) 

Vs is the total volume of scattering particles, V0 is the 
volume of the scattering medium, 2n  is the mean square 
value of the refractive index fluctuations, Q(λ/l) 
depends upon the shape and aggregation of scatterers, 
and l is the correlation length of randomly distributed 
fluctuations of the refractive index. Q = 1.17 for the 
limit case of large correlation length, l >> λ (large 
particles). In the process of the adipose tissue 
degradation the two-phase system appears, consisting of 
cytoplasm of the adipose cells (the cleared outer layer in 
Fig. 7,b) and the adipose cells themselves. Each phase 
of the medium has its own thickness and refractive 
index. Denoting the time-dependent thickness of the 
layer of adipose cells as H(t), and the thickness of the 
outer layer of transparent cytoplasm as [L – H(t)], the 
mean refractive index of the layer with the thickness L, 
containing two layer with different refractive indices, 
can be written as  

mT =
L − H (t )⎤⎦⎡⎣
L

n + H (t )
L
m ,  (3) 

where m and n  are defined by Eqs. (1) and (2). Since m 
is always greater than n  due to the effect of scattering 
and tissue degradation, this leads to the decrease of H(t), 
and the summary refractive index should decrease with 
time. 

In the process of adipose tissue degradation and 
formation of greater amount of lipolysis products the 
conditions of refractive index matching can be 
implemented, which will lead to further reduction of 
light scattering, i.e., the part of the refractive index m, 
depending on these processes. Both these mechanisms, 
the tissue degradation and the refractive index matching, 
explain the experimentally observed reduction of the 
mean refractive index of the sample layer, i.e., the 
reduction of its scattering capability, in the course of 
time. 

5.2 Optical projection tomography  
Optical projection tomography (OPT) is a new approach 
to three-dimensional visualisation of small biological 
objects. It fills the gap between the MRT and confocal 
microscopy (CM), being the most suitable for studying 
the objects with the size from 1 to 10 mm [234]. The 
possibility to analyse the organisation of a biological 
tissue in three dimensions is inestimable for 
understanding the embryonal development, a complex 
process in which the tissues undergo a complex 
sequence of transformations with respect to each other 
[235]. Since the OPT allows the registration of both the 
absorption and emission profiles, this method offers an 
opportunity to use different staining techniques, 
developed to observe the spatial distribution of gene 
activity [234, 235]. Other important applications of the 
OPT help in the analysis of normal and abnormal 
morphology and in determining the position of labelled 
cells in the tissue [235]. 

The most widely used approach to the OPT imaging 
implies the suspension of the object in the immersion 
liquid in order to reduce the surface light scattering and 
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to decrease the refractive index nonuniformity all over 
the sample. This means that the light passes through the 
sample along nearly straight trajectories (ballistic 
photons), and the standard algorithm of back projection 
can generate images with high resolution [234]. 
Alanentalo et al. [236, 237] have shown that the OPT 
allows successful construction of three-dimensional 
images of specially labelled structures inside the cleared 
organs of a mouse (see, Fig. 8).  

 
a                                          b 

Fig. 8 Single image from the OPT scan datasets with the 
selected regions of interest (inset) (a) and volume 
reconstruction of the pancreas based on the background 
autofluorescence (dark gray) and the signal from 
insulin-specific antibodies (white-islets) with the 
regions of interest (inset) (b) [237]. 

The role of OCA was played by «Murray’s clear» (1 
part of benzyl alcohol and 2 parts of benzyl benzoate 
(BABB)) with the refractive index 1.55. 

5.3 Fluorescence imaging  
The methods of fluorescence spectroscopy and 
microscopy belong to noninvasive methods of 
biomedical diagnostics. Fluorescence spectra often 
provide detailed information about the fluorescent 
molecules, their conformations, sites of bonding and 
interaction with cells and tissues [238]. Under the 
excitation with ultraviolet light (λ ≤ 300 нм) one can 
observe the autofluorescence of both the proteins and 
the nucleic acids. The porphyrin molecules are also 
endogenic phosphors, the content of which in cells 
considerably increases under some pathologic 
conditions. Besides, some bacteria, causing, e.g., the 
inflammation diseases of skin [239] and gums [240], 
inhabiting the caries tooth lesions [241], can accumulate 
considerable amounts of porphyrins. Combining the 
measured autofluorescence spectra with those of 
reflection and absorption, OCT and other optical 
methods allows the diagnostics of caries and tooth tissue 
demineralisation [241-245], skin cancer [246, 247], and 
pre-cancer changes of cervical tissue [248], mammary 
gland [249], and other diseases. 

Thanks to the growing number of fluorescent dyes, 
specifically staining the biological molecules (nucleic 
acids, proteins) or cell organelles, the methods of 
fluorescence microscopy acquire greater and greater 
significance [238]. 

At present in different biomedical studies the 
confocal microscopy (CM) is widely used, which allows 
visualisation of internal structure of biological tissues at 
the cellular and subcellular level [250, 251]. A confocal 
microscope illuminates a small volume inside the object 
and detects the scattered light of fluorescence signal 
from the same small volume. The main CM advantage 
as compared to the methods of common microscopy is 
the capability to obtain the optical cross-sections of 
thick samples [251]. This method allows the creation of 
high-quality (with micron spatial resolution) images of 
cell layers. The high contrast and spatial resolution of 
CM images are due to probing a small volume of the 
medium, limited by the size of the central focal spot 
formed by the focusing optical system. The main 
limitation of CM in the skin studies is the considerable 
scattering that spoils the quality of cell imaging. The 
increase of the transparency of the outer layers of skin 
may improve the light penetration depth, the contrast 
and the spatial resolution of the CM. 

In the publications by Meglinsky at al. [48, 49] 
basing on the Monte-Carlo modelling the possibility of 
increasing the human skin probing depth was 
considered theoretically for the first time using the 
method of reflectance CM with the reduction of spatial 
fluctuations of the refractive index of the outer skin 
layers by optical clearing. Later in the paper by Dickie 
et al. [83] the experimental method was described that 
allowed visualisation of microvessels of different mouse 
tissues using the CM at the depth up to 1500 µm below 
the sample surface due to the optical clearing of thick 
slices of the tissue. The OCA for CM in Refs. [252-256] 
was the commercially available multicomponent agent 
FocusClear™ [257], especially developed for using in 
fluorescence and non-fluorescence light microscopy. 
FocusClear™ does not give rise to the tissue 
dehydration and allows the improvement of the obtained 
image quality. The refractive index of this agent is 1.46. 

FocusClear™ was successfully used for confocal 
imaging of murine rectum and ileum [252, 253], the 
wall of the human ileum [254], the murine pancreas 
[255], and the brain of the insect (Diploptera punctata) 
[256] in vitro. The optical clearing facilitated the 
identification of spatial and temporal changes of crypt 
morphology of the murine large intestine with colitis, as 
well as the detection of transgene fluorescent proteins, 
expressed in large intestine and ileum [252]. The 
increase of resolution and visualisation depth of the 
microstructure and vascular system of ileum was 
observed under the combined use of blood vessel 
staining and optical clearing [253]. The authors of Ref. 
[255] declare that by using OCA the thickness of the 
studied samples can be increased by 80 folds, which 
allows better reproduction of the structure and the 
vascular system of the tissue (see Fig. 9). The use of 
OCA allowed three-dimensional reconstruction of 
microvascular architecture of the insect brain with sub-
micron resolution to the depth of 1500 µm [256]. 
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"
Fig. 9 Fly-through presentation of the islet vasculature 
using multiple projection angles and magnifications. 
Dimensions of the scanned volume: 521 µm (x)×521 
µm (y)×333 µm (z, depth). Two islets reside in the 
scanned volume [255]. 

However, the visualisation depth of 500-1500 µm is 
not sufficient for three-dimensional reconstruction of 
neuron networks of the murine brain as a whole. Hama 
et al. [85] developed an OCA, called Scale, which not 
only increases the transparency of a biological sample, 
but also does not reduce the intensity of fluorescence 
signals from the cleared structures. 

Dodt et al. [86] used the idea of illuminating the 
object with so called light sheet, which allows 
observation of macroscopic objects, such as the brain as 
a whole, with micrometre resolution. The sample is 
illuminated from two sides with the laser radiation in 
the blue part of the spectrum, forming a thin planar light 
beam. The fluorescence signal is, therefore, emitted 
only from a thin optical section and is collected by the 
objective lenses. The declined light is blocked by a 
filter, and the image is projected through a cylindrical 
lens onto the screen of a digital camera. Since all 
sample parts below or above the light sheet are not 
illuminated, the emission is not excited beyond the 
limits of the focus and, therefore, is not to be eliminated 
from the useful signal. This approach is referred to as 
ultra-microscopy (UM). In comparison with CM or two-
photon microscopy, UM can rapidly create optical 
sectioning of macroscopic samples, since the objectives 
with small focal power and small numerical aperture 
can provide a large field of view. However, the use of 
UM is completely dependent upon the optical 
transparency of biological objects, so that the 
improvement of optical clearing efficiency, including 
that due to the development of new OCAs, remains to 
be an urgent problem [86, 87, 258-262]. In Ref. [258] it 
was shown that the use of optical clearing allowed 
cellular resolution in sectioning the fixed mouse brain 
and detecting individual neurons, labelled with green 
fluorescent protein, in the removed murine 
hippocampus. In the isolated hippocampus the three-

dimensional images of dendrite structures and processes 
of neuron populations were obtained. The use of UM 
includes the imaging of cleared murine organs and total 
embryo specimens, adult insects Drosophila, and other 
fixed tissues with the size of a few millimetres [259]. 

Ertürk et al. [87] found that tetrahydrofurane (THF) 
in combination with BABB can completely clear the 
spinal cord, preserving its fluorescence. Recently Ertürk 
et al. [262] developed a new protocol of optical clearing 
using the dibenzyl ether instead of BABB in 
combination with THF to get three-dimensional images 
of neurons of the whole mouse brain using the UM. 
This method was called three-dimensional imaging of 
solvent-cleared organs (3DISCO). In this study the 
clearing of the tissue took only three hours, and the 
visualisation was performed during 45 minutes. 

5.4 Photoacoustic imaging 
Optothermal effects occur in a tissue due to its 
interaction with pulsed or intensity-modulated optical 
radiation. Such interaction gives rise to a number of 
thermoelastic effects in the tissue, in particular, the 
generation of acoustic waves. Detection of the acoustic 
waves is the base of the optoacoustic (or photoacoustic) 
methods [1, 3]. The main applications of the 
photoacoustic (PA) method are in the field of 
visualisation of strongly absorbing objects, such as 
blood vessels [263-265] and tumours [266]. This 
method can be also used for imaging of subcutaneous 
structures [267] and measuring the blood oxygenation 
[268]. The quality of the PA signal depends upon the 
penetration depth of the optical signal and the damping 
of the acoustic signal. 

The optical clearing technologies allow the increase 
of the tissue transparency, which facilitates the 
reduction of optical radiation scattering and increases 
the depth of the detected inhomogeneities. On the other 
hand, the flow of OCA into the tissue and of water out 
of the tissue changes the composition and structure of 
the skin, thus changing the acoustic impedance and 
absorption and, therefore, the acoustic wave damping 
[269]. Recently it was demonstrated that the optical 
resolution of PA microscopy can be significantly 
increased using the aqueous solutions of glycerol as 
OCA [270]. Liu et al. [115] studied several OCAs in 
vitro and in vivo, and showed that PEG-400 in 
combination with Thiazon improves the visualisation of 
deep blood vessels of skin, while glycerol is better for 
imaging small branching blood vessels. In this case the 
immersion time should be controlled to prevent the 
reduction of the signal amplification. 

Based on the amplification of PA signal at the 
expense of reduction of scattering, this method can be 
also efficiently used for noninvasive monitoring of 
glucose content in blood and tissues, which was 
demonstrated both in phantoms [271, 272], and in the in 
vitro and in vivo studies [273]. 

By means of PA spectroscopy the influence of 
glucose can be detected measuring the interval between 
the peaks of the pressure waves induced by the laser 
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radiation [272]. The studies demonstrated the 
applicability of PA spectroscopy to measuring the 
concentration of glucose [272]. The maximal relative 
change in the PA response was observed in the region of 
the second C-H overtone at the wavelength 1126 nm 
with the additional peak in the region of the second O-H 
overtone at the wavelength 939 nm [273]. Besides, the 
analysis of the generated pulsed temporal profile of the 
PA signal allows the determination of the glucose 
influence on the tissue scattering, which decreases with 
the growth of glucose concentration [22, 274]. 

5.5 Nonlinear and Raman microscopy 
Multiphoton excitation of molecules is a nonlinear 
process, involving the absorption of two or more 
photons, the total energy of which is sufficient to induce 
a transition of the molecule to the excited state. Two-
photon technique uses the photons with the wavelength 
of the second harmonic of the incident radiation, 
coming exactly from the focal region of the incident 
beam [2, 3]. The unique advantage of the multiphoton 
microscopy consists in the possibility to study three-
dimensional distributions of chromophores, excited by 
the ultraviolet radiation in thick samples. Such 
investigation becomes possible because the 
chromophores can be excited by the radiation of the 
second harmonic (e.g., at the wavelength of 350 nm), 
providing high quantum yield under the irradiation of 
the tissue, e.g., with the laser light having the 
wavelength near 700 nm, where the tissues possess high 
transparency. In this case the long-wave radiation can 
reach deeper layers with less tissue damage [3]. 

The use of OCA can appear particularly important 
for improving the two-photon microscopy [23], since it 
was shown that the light scattering effect strongly 
reduces the light penetration depth to values, smaller 
that the depth of the single-photon fluorescence, 
whereas the resolution remains generally unchanged 
[251]. This happens mainly because of the exciting 
beam defocusing in the scattering medium. On the other 
hand, this method is useful for better understanding of 
molecular mechanisms of the optical clearing of the 
tissue under the immersion and dehydration [23]. 

The improvement of the deep-tissue two-photon 
signal by means of optical immersion method using 
hyperosmotic agents, such as glycerol and propylene 
glycol in the dehydrated form, and the glucose solution, 
was first demonstrated by Cicchi et al. [23] in the 
experiments with human skin ex vivo. The optical 
clearing of deeper layers of the tissue occurs mainly at 
the expense of the cumulative effect of reducing the 
scattering in the near-surface layers of the tissue sample, 
which provides smaller damping of the incident and 
detected radiation of fluorescence. Better focusing 
(smaller distortion of the focused beam) is achieved in a 
medium with weaker scattering [23]. 

Tseng et al. [251] have shown that the combined 
confocal/two-photon microscopy provides a 
noninvasive method of microscopic studying of the 
scaffold structure, which can be a valuable tool for 

complex investigation of biomaterials and their 
interaction with the molecules/cells of interest inside the 
scaffold. The integration of optical clearing with 
FocusClear, confocal/two-photon microscopy, and 
three-dimensional presentation is an efficient approach 
to the microscopic study of the scaffold structure. 

Additional morphological information is provided 
by combining the second harmonic generation (SHG) 
microscopy with the microscopy based on two-photon 
excitation [275]. 

At present SHG is one of the new high-resolution 
nonlinear-optical imaging methods for the study of 
intact tissues and cell structures [276-284]. Similar to 
multiphoton fluorimetry, the SHG method has a few 
important advantages compared to the methods of linear 
spectroscopy and imaging, since the exciting near 
infrared light is weakly scattered by the tissue, while the 
second harmonic generation occurs already inside the 
tissue, in the small focal region of the focused laser 
beam. This provides high spatial resolution, acceptable 
probing depth, and decoupling of exciting and detected 
signals. Strongly focused laser beams with high power 
density and very short pulse duration of tens and 
hundreds of femtoseconds allow the harmonic 
generation in a living tissue practically without any 
damage, because of small interaction time and the total 
energy, too small for molecular ionisation [284]. 

SHG is a nonlinear optical process of the second 
order that can occur only in the media, possessing no 
central symmetry. The method can be used for imaging 
highly-ordered structure proteins without any 
exogenous labels, as well as for probing biological 
membranes with high specificity to the membrane type 
[277]. In turn, the third harmonic generation is very 
sensitive to the refractive index variations and can be 
used to visualise interphase regions in cells and tissues 
[285]. 

Due to its coherent nature, the wave of the second 
harmonic is mainly radiated in the forward direction. 
For thicker and strongly scattering samples a part of the 
SHG signal is scattered. The major part of the SHG 
radiation still propagates in the forward direction. A 
great part of structural information encoded in the 
forward signal is lost in the backward signal due to 
multiple scattering events. Nevertheless, the mode of 
SHG backscattering allows the study of upper layers of 
intact skin or whole animals that could not be 
implemented in the transmission mode [24, 278, 284, 
286]. 

The SHG in skin is provided, mainly, by the dermis 
due to its major component, the collagen that possesses 
considerable nonlinear susceptibility [280-283]. 
Obviously, the reduction of scattering due to optical 
clearing for the incident long-wave light and, 
particularly, for the short-wave second-harmonic 
detected light can improve the SG images of the 
collagen structures of the dermis in the forward 
direction and worsen the signal in the reflection mode. 

Wen et al. [76] injected glycerol solutions into the 
rat skin in vivo, and after 10 minutes the samples were 
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cut for SHG imaging. With the solution having the 
concentration 75% the dehydration (diameter reduction) 
of dermis collagen fibres was observed. 

Fig. 10 illustrates the change of packing density of 
the dermis collagen fibres under its interaction with 
50% PEG-400 solution. The images were obtained 
using the SHG microscopy. 

a  

b  

c  

Fig. 10 The packing density change of collagen fibres in 
the rat skin ex vivo under the action of 50% aqueous 
solution of PEG-400: the initial state (a); immediately 
after the OCA application (b), and in 15 minutes after 
the application of OCA (c). The images were obtained 
by means of SHG microscopy. The incident light 
wavelength was 790 nm, the detected wavelength 395 
nm. 

Yeh et al. [121] and Wen et al. [76] demonstrated 
that for the collagen-based connective tissues (samples 
of tendon and model tissues) the optical clearing process 
using the high-concentration glycerol (13 М) manifested 
itself in considerable reduction of the backscattered 
signal intensity and the increase of the transmitted 
signal.  

For deeper probing of the murine skeletal muscle 
and tendon samples using three-dimensional SHG 

microscopy in the transmission mode the authors of Ref. 
[24] used the 50% solution of glycerol. They obtained 
the increase of SHG imaging depth by 2.5 times in the 
muscle tissue. The amplification of the signal was also 
due to better packing of the fibrils. It was also shown 
that the axial attenuation of the direct SHG signal is 
reduced with the increase of the glycerol concentration 
(25, 50, and 75%) [72]. The backward SHG signal 
considerably decreased in the process of optical clearing 
due to the scattering reduction and the change of the 
local density of dipoles, producing the second harmonic 
[72]. 

The Raman nonlinear spectroscopy also finds its 
application in studying the mechanisms of optical 
clearing. Thus, e.g., in Ref [287] the signal of coherent 
anti-Stokes Raman scattering (CARS) served as the 
reference in the study of DMSO impact on the collagen 
structure and, therefore, the loss of SHG signal and the 
reduction of light scattering by human skin. Hirshburg 
et al. [110] found the correlation between the rate of the 
water loss by the rodent skin ex vivo under the effect of 
different OCAs and the potential of optical clearing, 
which was determined by the slope of the line !!!   
(before clearing)/!!!!  (after clearing). 

Raman spectroscopy is a potential noninvasive 
method for studying the bone development and for 
diagnostics of bone diseases [288]. Essential 
amplification of commonly undetectable Raman signals 
from internal tissues can be implemented by means of 
optical clearing of near-surface layers of the tissue that 
shade the object of study [288, 289]. In this way the 
transcutaneous spectroscopy of the rat tibial bone in 
vivo was performed under the skin optical clearing with 
glycerol [288]. The process of porcine skin optical 
clearing was studied in vitro by means of Raman 
microspectroscopy [289]. The intensity of Raman peaks 
at the depth of 400 µm was increased by 2-4 times. 
Besides, the shifts of the peaks in the Raman spectrum 
of skin at different concentrations of glycerol were 
observed [289]. 

The confocal Raman spectroscopy can also be used 
for in vivo monitoring of penetration of clearing agents 
and permeability enhancers (particularly, DMSO) into 
the skin stratum corneum [290]. 

5.6 Terahertz spectroscopy 
The terahertz (THz) frequency range is intermediate 
between the IR and microwave frequency ranges (the 
frequency ν = 1 THz corresponds to the free-space 
wavelength λ = 300 µm). Recent progress in generating 
and detecting the THz radiation and its usage offer its 
promising applications in biology and medicine [291]. 
Since the energy of THz photons is too small to ionise 
molecules in biological systems, the THz spectroscopy 
is expected to be a promising method of study in 
biology and medicine. Many vibrational transitions of 
biomolecules lie just in this frequency range, and the 
light scattering is not so strong as in the visible and near 
infrared spectral region, so that the excitation by 
ultrashort pulses can allow the study of a wide 
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frequency range in a single measurement with high 
temporal resolution [3, 292-294]. Terahertz 
spectroscopy allows the determination of the medium 
complex refractive index in a single measurement, 
which is important for creating a functional THz 
tomograph with high sensitivity to the change of 
metabolite concentrations and precise mapping of the 
pathologic process boundaries [3]. At the same time, 
due to the difficulties associated with the specific 
features of such objects, the biomedical applications are 
considered as medium-term and long-term goals of THz 
studies [291]. 

Keeping in mind that the frequencies of the THz 
range mainly coincide with the frequencies of rotational 
and vibrational transitions of the organic molecules, the 
study of this range may be used for spectral 
identification of molecules [295]. This circumstance 
allows the use of THz technologies in addition to the 
spectroscopic techniques, based on using 
electromagnetic waves of other frequency ranges. In this 
connection the development of spectroscopic methods 
of studying biological tissues in the THz region, 
providing the detection and visualisation of metabolic 
and pathologic processes, attracts great interest in recent 
years, especially as an additional channel of getting 
information in multimodal systems, in combination with 
optical methods [296, 297]. In such applications the 
immersion clearing of the tissue solves many problems 
of applying optical methods at the expense of reversible 
reduction of light scattering, and the accompanying 
dehydration of the tissue facilitates greater permeability 
for THz radiation due to the reduction, also reversible, 
of absorption by water contained in the tissue. Direct in 
vitro measurements of the effect of porcine muscle 
tissue dehydration under the immersion of the sample in 
glycerol during 30 minutes have shown essential 
reduction of THz radiation absorption in the region 0.1–
1.5 THz, measured using the method of frustrated total 
internal reflection [292]. The loss of the sample mass 
amounted to 10% of its initial mass, and the 
transmission in the visible wavelength range increased 
upon the average by 5%. This experiment also 
demonstrated the high sensitivity of the THz range to 
the concentration of water in tissues, which apparently 
can serve as one of the criteria for pathology recognition 
[296]. 

The influence of dehydration by freezing 
(lyophilisation) of tissue samples of different rat organs 
(kidney, diaphragm, liver, rectum, stomach) on the THz 
spectra in the range 0.4–2.2 THz was studied in Ref. 
[294]. Among the drawbacks of this method it is worth 
mentioning the impossibility of in vivo studies. 
Moreover, deep and long freezing of the tissue leads to 
essential changes of its structure. The dehydration of a 
tissue can be also implemented by the thermal impact 
(e.g., using a fan), i.e., by mere drying [298]. However, 
this method suffers from the same drawbacks as the one 
presented above.  

Obviously, the implementation of in vivo 
dehydration requires temporary and reversible changes 

in the tissues under study. In Ref. [299] it is proposed to 
perform the dehydration of muscle tissue using the 
hyperosmotic agents. As clearing agents the authors 
used PEG-600, dehydrated glycerol, and propylene 
glycol. The possibility of reducing the absorption of 
radiation in the range 0.25 – 1.6 THz under its 
propagation through the tissue by applying OCA has 
been unambiguously proved, which offers a possibility 
of essential increase of the probing depth of a tissue 
with such radiation. Depending on the frequency of 
radiation within the studied range, the absorption 
coefficient reduction approached 60%, and the 
necessary application time was 8 – 10 minutes, which is 
acceptable for using this technology in medical practice 
[299]. 

5.7 Determination of diffusion coefficients for 
clearing agents and drugs in tissues  

In spite of multiple studies related to the control of 
optical properties of tissues, the problem of determining 
diffusion coefficients for hyperosmotic fluids in tissues 
still remains insufficiently studied. Due to the complex 
multicomponent structure of tissues and nonlinear 
character of diffusion processes the measurement of 
diffusion coefficient of hyperosmotic fluids in tissues is 
a rather difficult scientific problem. According to the 
present-day conceptions, the diffusion of different 
substances in tissues occurs in several stages. At the 
first stage the penetration of diffusing agents into the 
intercellular and interfibrillar space and their interaction 
with cell membranes and interstitial matrix of tissues 
occurs. At the next stage the transmembrane diffusion 
of the agent into cells probably occurs, accompanied by 
the change of the intracellular osmotic pressure. One 
should not exclude also the possibility of transformation 
of the membranes themselves, related to the change of 
the intercellular fluid properties. Under the sufficient 
saturation of interfibrillar space of a connective tissue 
with the clearing agent its interaction with the tissue 
fibrils will obviously take place.  
However, the use of sufficiently simple optical and 
diffusion models allows the solution of the present 
problem without significant loss of accuracy, and the 
natural dispersion of optical and structural properties of 
tissues makes this simplification acceptable. The 
resulting values of diffusion coefficients can be 
successfully used in mathematical models, describing 
the processes of interaction between the hyperosmotic 
immersion fluids and the tissues, which, in particular is 
rather urgent in the study of processes, related to 
transcutaneous delivery of medicinal preparations and 
metabolic agents. 

At present a number of biophysical methods and 
techniques for determining the diffusion coefficients of 
different agents exist [300-313], but, unfortunately, only 
a small part of the methods can be successfully applied 
to assess the diffusion coefficients in tissues. The 
available methods are mainly based on using the 
fluorescence measurement techniques or radioactive  
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Table 1 Light penetration depth increase by optical clearing agents in different diagnostic methods. 

Diagnostic 
method  Tissue OCA, refractive index Spectral range 

Light 
penetration 
depth 
increase  

Reference 

Confocal 
microscopy 

Dehydrated murine 
adipose tissue, muscle 
tissue, myocardium, 
brain  

Murray's Clear, 1.55 334 – 799.3 nm ~35 folds [250] 

Two-photon 
microscopy  Human skin ex vivo  Dehydrated glycerol, 1.47 

Excitation – 700-1000 
nm, detection – 370-670 
нм 

2 folds [23] 

Confocal/two-
photon 
microscopy  

Cellulose membrane FocusClear, 1.46 Excitation – 820 nm, 
 detection – 390-465 nm 2 folds [251] 

3-D second-
harmonic 
microscopy 
(direct wave 
mode) 

Muscle tissue of a 
mouse  

50% glycerol solution, 
1.395 

Excitation – 890 nm,  
detection – 445 nm 2.5 folds [24] 

Raman 
microspectros
copy  

Porcine skin in vitro 80% glycerol solution, 1.46 785 nm 4 folds [289] 

THz 
spectroscopy  Bovine muscle tissue  Dehydrated glycerol, 1.47 0.25-1.6 THz 45% [299] 

OCT 

Mouse embryo 50% glycerol solution, 
1.395 1310 nm 4.5 folds [59] 

Human skin in vivo  

Pre-polymer mixture on the 
base of propylene glycol 
and polyethylene glycol, 
1.47 

1305 nm 1.2 folds [70] 

Whole blood, diluted 
by two times with 
saline  

6.5% glycerol solution, 1.34 820 nm 2.4 folds [128] 

 
labels for recording the flow of diffusing substance. The 
use of fluorescence measurement technique is 
impossible for the assessment of diffusion coefficients 
of non-fluorescent substances (e.g., aqueous solutions of 
glucose or glycerol), and the use of radioactive 
substances can be undesirable in the case of in vivo 
measurements. Moreover, the high sensitivity of 
fluorescence and radioactive measurements makes their 
use difficult also because of the natural metabolic 
activity of the organism, which introduces additional 
errors into the measurement process. The method that 
allows the assessment of diffusion coefficients of non-
fluorescent hyperosmotic fluids in tissues was proposed 
in 1997 [43] and later developed in Refs. [47, 90]. This 
method is based on measuring the time dependence of 
the tissue scattering characteristics under the action of 
hyperosmotic fluids and can be successfully used for 
both in vitro and in vivo measurements. 

The process of immersion fluid transport in fibrous 
tissues can be described using the free diffusion model. 
In this case the following assumptions related to the 
transport process are commonly made: 1) only the 
concentration diffusion takes place, i.e., the exchange 
flux of the immersion fluid or drug into the tissue and of 

water from the tissue at a given point is proportional to 
the gradient of concentration of the clearing agent at this 
point; 2) the diffusion coefficient is constant at all 
points in the studied tissue sample. 

Geometrically the tissue sample is presented as a 
plane-parallel plate of final thickness. Since the area of 
the upper and lower surfaces of this plate is much larger 
than the side area, it is possible to neglect the edge 
effects and solve the one-dimensional diffusion problem 
described by the equation 

∂C x ,t( )
∂t

= D
∂2C x ,t( )

∂x 2
, (4) 

presenting the second Fick law, where С(x,t) is the 
concentration of the immersion agent (e.g., glucose) in 
the skin (g/ml); D is the diffusion coefficient (cm2/s); t 
is the time, during which the diffusion process occurs 
(s); x is the spatial coordinate along the sample 
thickness direction (cm). Since in the experiments the 
volume of the immersion fluid, as a rule, significantly 
exceeds the volume of the tissue sample, the appropriate 
boundary conditions have the form  



E.A.$Genina$et$al.:$Optical$clearing$of$biological$tissues:$prospects$of$application$in$medical$diagnostics$and$phototherapy$[Review]$

J$of$Biomedical$Photonics$&$Eng$1(1)$ 56$ 28$March$2015$©$SSAU$

C 0,t( ) =C 0 and
∂C l ,t( )

∂x
= 0 , (5) 

where С0 is the glucose concentration in the solution 
(f/ml); l is the tissue sample thickness (cm). The second 
boundary condition reflects the fact that the diffusion of 
the immersion fluid into the skin sample occurs only 
from one side of the sample, i.e., from the dermis side. 
In the case, when the immersion agent diffuses from 
both sides of the tissue sample (such situation arises, 
e.g., in experiments with sclera or dura mater in vitro), 
the boundary conditions have the form: 

C 0,t( ) =C 0 and C l ,t( ) =C 0 . (5*) 

The initial conditions express the absence of the 
immersion agent in all internal points of the sample 
before its incubation into the solution, i.e.,  

C x ,0( ) = 0 . (6) 

The solution of the diffusion equation (4) with the 
initial (6) and boundary (5) conditions taken into 
account has the form: 

C x ,t( ) =C 0 1−

4
π 2i +1( ) sin

2i +1( )π x
2l

⎛

⎝
⎜

⎞

⎠
⎟ ×

×exp −
2i +1( )2 Dπ 2t

4l 2
⎛

⎝
⎜
⎜

⎞

⎠
⎟
⎟

i =0

∞

∑

⎛

⎝

⎜
⎜
⎜
⎜
⎜
⎜

⎞

⎠

⎟
⎟
⎟
⎟
⎟
⎟

. 

The mean concentration of the immersion solution in 
the tissue sample C (t )  as a function of time is 
determined by the expression  

C t( ) =C 0 1−
8
π 2

1

2i +1( )2
×

×exp − 2i +1( )2 t π
2

4
D l 2

⎛
⎝⎜

⎞
⎠⎟

i =0

∞

∑

⎛

⎝

⎜
⎜
⎜
⎜
⎜

⎞

⎠

⎟
⎟
⎟
⎟
⎟

. (7) 

In the case of double-side diffusion the solution of 
the diffusion equation (4) with the initial (6) and 
boundary (5*) conditions has the form 

C x ,t( ) =C 0 1−

4
π 2i +1( ) sin

2i +1( )π x
l

⎛

⎝
⎜

⎞

⎠
⎟ ×

×exp −
2i +1( )2 Dπ 2t

l 2
⎛

⎝
⎜
⎜

⎞

⎠
⎟
⎟

i =0

∞

∑

⎛

⎝

⎜
⎜
⎜
⎜
⎜
⎜

⎞

⎠

⎟
⎟
⎟
⎟
⎟
⎟

. 

In this case the mean concentration of the immersion 
solution in the tissue sample C (t )  as a function of time 

is determined by the expression  

C t( ) =C 0 1−
8
π 2

1

2i +1( )2
×

×exp − 2i +1( )2 t π 2D l 2( )i =0

∞

∑
⎛

⎝

⎜
⎜
⎜
⎜

⎞

⎠

⎟
⎟
⎟
⎟

. (7*) 

In the first approximation Eq. (7) can be rewritten as 

C t( ) ≈C 0 1− exp −tπD l 2( )( ) , (8) 

and Eq. (7*) as  

C t( ) ≈C 0 1− exp −tπ 2D l 2( )( ) . (8*) 

Note, that Eqs. (8) and (8*) correspond to the 
equation describing the diffusion through a thin 
penetrable membrane. 

As the immersion agent penetrates into the tissue, 
the increase of the refractive index of the interstitial 
fluid will be observed. The assessment of the refractive 
index of the interstitial fluid depending on the diffusion 
time can be performed basin on the Gladstone-Dale law, 
according to which the refractive index of a mixture of 
non-interacting liquids is a sum of the refractive indices 
of individual components multiplied by the volume 
fractions of these components [314]. Mathematically the 
Gladstone-Dale law is written as  

nΣ = niCi
i
∑ ,  where Ci

i
∑ =1 . (9) 

Here nΣ  is the refractive index of the 

multicomponent mixture of non-interacting liquids; in  

and iC  are the refractive indices and volume fractions 
of each component. In the case of two-component 
solutions (in our case the components are the interstitial 
fluid and the solution of the immersion agent) the 
Gladstone-Dale law has the form  

nI t( ) = 1−C t( )( )nbase +C t( )nosm , (10) 

where nbase  is the refractive index of the interstitial fluid 

at the initial moment of time, and nosm  is the refractive 
index of the hyperosmotic immersion fluid (e.g., 
glucose or glycerol solution). For the aqueous solution 
of glucose the value of the refractive index ngl( )  can be 

found from the expression [315] 

ngl λ( ) = nH 2O λ( )+ 0.1515×Cgl , (11) 
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where nH 2O λ( )  is the spectrally dependent refractive 

index of water λ⎡⎣ ⎤⎦ = nm( ) , and Cgl is the glucose 

concentration in the solution(g/ml). The spectral 
dependence of the water refractive index has the form 
[316]: 

nH 2O
λ( ) =1.3199+

+
6.878×103

λ 2 −1.132×10
9

λ 4 +1.11×10
14

λ 6
. (12) 

The optical characteristics of skin are determined by 
the optical properties of dermis (since its thickness is 
dominating with respect to the thickness of other skin 
layers). Hence, the optical model of the tissue can be 
presented as a layer having the thickness l, containing 
the scatterers in the form of infinitely long thin 
dielectric cylinders, parallel to the sample surface. In the 
first approximation one can assume that in the process 
of interaction of the tissue with the immersion fluid the 
scatterer size does not change. For densely packed 
tissues, i.e., the tissues with sufficiently large volume 
fraction of scatterers, to which the skin belongs, it is 
important to allow for the interference effects that arise 
because each scatterer is located in the near-field zone 
of radiation, scattered by the other scatterers, described 
by introducing the packing factor [3, 317]. For a system 
of thin dielectric cylinders, arranged parallel to each 

other, the packing factor has the form 1−ϕ( )3 1+ϕ( )  

[317], where φ is the volume fraction of the scatterers. 
Thus, the expression describing the tissue scattering 
coefficient can be written in the form [90]: 

µs =
ϕ
a
π x 3

8
m 2 −1( )2 1+ 2

m 2 +1( )2
⎛

⎝

⎜
⎜

⎞

⎠

⎟
⎟
1−ϕ( )3
1+ϕ

. (13) 

The time dependence of the collimated transmission 
coefficient of the tissue sample immersed in the solution 
of a hyperosmotic liquid or medicinal preparation has 
the form:  

Tc t( ) ! exp − µa + µs t( )( )× l( ) , (14) 

where !!  is the absorption coefficient of the tissue 
sample.  

Equations (4)-(13) determine the dependence of the 
collimated transmission coefficient upon the 
concentration of the immersion fluid solution (e.g., the 
solution of glucose or glycerol) in the sample of the 
tissue, i.e., formulate the direct problem. The inverse 
problem is to reconstruct the values of the diffusion 
coefficient from the time dependence of the collimated 
transmission. This problem is solved by minimisation of 
the target functional  

f D( ) = Tc D ,ti( )−Tc* ti( )( )2
i =1

N t

∑ , (15) 

where N t  is the total number of experimental points, 
obtained by recording the time dependence of 
collimated transmission at the fixed wavelength: 
Tc D ,t( )  is the value of the transmission coefficient, 

calculated using the formula (14) at the time moment t 
for the given values of D; Tc

* t( )  is the experimentally 

measured value of the transmission coefficient at the 
time moment t. 

The flowchart of the program implementing the 
present algorithm is shown in Fig. 11. The main steps of 
the algorithm include: 

1) Specification of the initial parameters for the 
chosen wavelength (the absorption coefficient µa, the 
refractive index of the interstitial fluid ns, the refractive 
index of the glucose solution or a drug nI, the thickness 
of the tissue sample l) obtained either from independent 
measurements, or from literature data. 

2) Specification of the initial value of the diffusion 
coefficient D. The initial value of D can be obtained 
from the analysis of variation of the sample collimated 
transmission basing on the equation  

τ = −
t j
2

j =1

n

∑

t j ln y j( )
j =1

n

∑
,  

where tj is the time moment of measuring each value of 
Tc, Tc is the collimated transmission coefficient, 
y =1−Tc A ; А is the maximal value of the collimated 

transmission coefficient; τ is the diffusion time constant 

(s); τ = l 2

πD
 in the case of single-side diffusion and 

τ = l 2

π 2D
 in the case of double-side diffusion. 

3) Calculation of the kinetics of collimated 
transmission versus time for given D and tj using the 
Bouguer’s law (Eq. (14)). 
4) Comparison of the calculated and measured values of 
collimated transmission coefficients. If the difference 
does not exceed the prescribed error, the value of D is 
found and the process is terminated, otherwise the value 
of D is changed using the minimisation simplex method 
[318], and the procedure is repeated till the prescribed 
accuracy is achieved.  

As an example, Table 2 presents the values of 
diffusion coefficients of glucose aqueous solutions in 
tissues, measured using the above method at the room 
temperature (about 20°С). However, for medical 
applications the most interesting are the diffusion 
coefficient values measured at the physiological 
temperature (nearly 37°С). Since the direct 
measurement of the diffusion coefficients at the 
physiological temperature requires thermostating of the  
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Table 2 Glucose diffusion coefficients in biotissues [47]. 

Tissue Immersion fluid Diffusion coefficient, ×10-6, 
cm2/s, measured at 20°С 

Diffusion coefficient, ×10-6, 
cm2/s, at the temperature 
37°С 

Eye sclera Aqueous solution of glucose, 
0.2 g/ml 0.57± 0.09  0.91± 0.09  

Eye sclera Aqueous solution of glucose, 
0.3 g/ml 1.47± 0.36  2.34 ± 0.36  

Eye sclera Aqueous solution of glucose, 
0.4 g/ml 1.52 ± 0.05  2.42 ± 0.05  

Pachymeninx Aqueous solution of glucose, 
0.2 g/ml 1.63± 0.29  2.59 ± 0.29  

Skin Aqueous solution of glucose, 
0.4 g/ml 1.10 0.16±  1.75 0.16±  

Skin (in vivo) Aqueous solution of glucose, 
0.4 g/ml  2.56 ± 0.13  

 

$
Fig. 11 Flowchart of the program for calculating the 
diffusion coefficients of glucose and drugs basing on the 
kinetics of collimated transmission of tissue samples. 

tissue sample that essentially complicates the 
experimental setup and measurement technique, one can 
determine the diffusion coefficient at the physiological 
temperature theoretically, using the following 
dependence of the diffusion coefficient upon the 
temperature [319]: 

D T2( ) = D T1( )T2T1
η T1( )
η T2( ) ,  

where η T( )  is the viscosity of the medium where the 
diffusion occurs (e.g., water) at the given temperature T. 
In our case T1 = 20

!C  and T2 = 37
!C . In Table 2 (4-th 

column) the values of the diffusion coefficients 
calculated for the temperature 37°С are presented. 

From Table 2 it is well seen that the temperature 
increase from room to physiological, i.e., by 17°С, 
causes the increase of the diffusion coefficient nearly by 
1.5 times. 

 
 

6 Conclusion 
A review of specific features and methods of optical 
clearing and related interaction of light with biological 
tissues is presented. The impact of the OCA on a tissue 
allows efficient control of the optical properties, 
particularly, the reduction of tissue scattering 
coefficient, which facilitates the efficiency increase in 
different methods of optical imaging (optical biopsy) in 
medical applications. Both immersion and compression 
techniques of optical clearing possess considerable 
potential for many diagnostic, therapeutic, and surgical 
methods, in which the laser impact on the target site 
hidden in the tissue is used.  
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1 Introduction 
The optical techniques of biomedical diagnostics are 
used for detection of biotissue pathological states due to 
their non-invasiveness and high sensitivity to pathology. 
However, sensitivity of all these techniques is not 
enough for early diagnostics of cancer diseases. 
According to that it is essential to raise the accuracy of 
the optical methods. Parameter, which significant 
different for health and tumour cells, should be found. It 
can be carried out by either device improving or 
research object change. 

Biotissues and somatic cells are widespread objects 
for the optical biomedical diagnostics but their 
significant heterogeneity together with high scattering 
light [1] significantly complicate obtaining statistically 
reliable data. That’s why new research objects are 
needed. 

In this work we show the possibility of using hair for 
optical biomedical diagnostics because of difference in 
their structure in normal and pathological states. 

2 Objects and methods of research 

2.1 Objects of research 
The object of the research was wool of mice (line 
BYRB) with spontaneous tumours of mammary gland. 
Wool had been cut from all skin surfaces of healthy 
mice and mice with malignant tumour(s) of same line. 
Additionally, we had also carried out experiments with 
wool from skin located above tumour only. Diameter of 
tumour capsule was from 1 to 3 cm. The wool aliquot 
was previously cleared twice in medical alcohol. To 
obtain reliable results not less than 15 female mice were 
used for each type of samples. 

2.2 Optical microscopy 
The cleared wool was placed on the slide. Wool 
structure was investigated by the optical inverted 
microscope Altami invert 3 with video camera working 
in phase contrast mode (magnification x400).  
 

2.3 Spectrofluorimetry 
The cleared wool aliquots were placed into collagenase 
solution (0.5 mg/ml) dissolved in phosphate buffer 
(pH=7.4) and were incubated at 37 0C for 40 minutes 
for stirring. The obtained suspension (collagenase with 
dissolved cells and peptides) was investigated by 
spectrofluorimetry. A few microliters of rhodamine 6G 
was added to the suspension and was incubated during 
10-15 minutes for diffusion equilibrium establishment 
[2]. The colored suspension was placed to slide for full 
drying up. Fluorescence spectra were measured on the 
optical device (fig.1) containing xenon lamp XBO 
150W/1 (light source) 1 and monochromator MDR-206 
2. The monochromatic light was focused by the lens 3 
and was routed to sample surface 5 by the swivel mirror 
4. Emission of the samples was focused by the lens 6 to 
the entrance slit of the monochromator MDR-41 7 and 
was registered by FEU-100 8. Collection, accumulation 
and processing of the experimental data were performed 
in an automatic mode by the personal computer and 
CAMAC crate 9 and computer 10. The excitation 
wavelength was 515 nm. 

$
Fig. 1 Scheme of experimental device for fluorescence 
spectra measurements. 

2.4 Phosphorescence kinetics 
The obtained cell suspension was cleared twice from 
collagenase molecules by centrifuging at 6000 rpm for 5 
minutes. Aliquot of bengal rose was added to the cell 
solution and was incubated during 10-15 minutes. The 
colored cells were placed to the mica for measuring. 
Phosphorescence kinetics was measured on 
experimental setup for biomedical investigations. Its 
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description had been published in detail in our earlier 
work [3]. The wavelength of excitation was at 532 nm 
(the second harmonics of Nd:YAG laser). Registration 
of emission was at 680 nm. All measurements were 
carried out at atmosphere pressure. The registered signal 
is result of accumulation of 20 signals from each sample 
for measurements error decrease.  

2.5 Dynamic light scattering 
The obtained cell suspension was placed to “Photocor 
complex” for cells size measuring. Laser wavelength 
was 647 nm, it power was 25 mW. Each measurement 
was during 10 min. For statistical adequacy the all 
represented results are average of ten or more 
measurements. All used solutions were free-prepared 
from dry compounds produced by Sigma-aldrich. 

3 The results and discussion 
It is known [4] that hair of both animals and people has 
layer structure. External layer is connective tissue cells. 
Next two internal Henley and Huxley layers consist of 
keratinized cells with irregular shape. The internal layer 
is hair shaft. In spite of complex multilayer structure, 
hair can be as health indicator sometimes [5]. Any 
changes of metabolic processes lead to change of wool 
biochemical composition. As a rule, its destruction 
starts from external layer. Photo samples of the wool of 
health mice females and females with spontaneous 
tumour of mammary gland are presented in Figure 2. As 
you can see, disturbance of hair structure is traceable on 
sequential stages. Wool of health mouse has dense 
structure, external layer is pronounced. At the time, 
wool of mice with tumour is thinner, external and 
internal layers are destroyed. Difference is even when 
tumour diameter is small.  

$
Fig. 2 Wool structure of health mouse (а) and mice with 
tumour 1 cm (b), 3 cm (c). Magnification x400. 

The described changes lead to absorption spectra 
changes described in our previous work [6]. A serial 
decrease of supernatant optical density is. At the time, 
their maxima spectra shift to short-wave region. It is a 
result of hair structure destruction with pathology 
development, cells number decreases.  

In addition to the decrease of cell quantity in the 
external layer, its thinning was observed. These data 
were confirmed by dynamic light scattering method 
(DLS). The DLS method allows to determine the 
translation diffusion coefficient of disperse particles in a 
fluid through the analysis of the characteristic time of 
fluctuations of the scattered light intensity [7]. The 
chaotic Brownian motion of dispersed particles causes 
microscopic fluctuations of their local concentration. 
These fluctuations, in turn, lead to local 
inhomogeneities of the refractive index. The passage of 
a laser beam through the medium means that part of the 
light is scattered on these inhomogeneities; the 
fluctuations of the intensity of the scattered light 
correspond to fluctuations of the dispersed particles’ 
local concentration. 

The dynamic information in the particles is derived 
from autocorrelation of the intensity trace recorded 
during the experiment. The autocorrelation function 
describes the relationship between the signal at the 
delay time τ and τ + dτ as follows: 

G (t) = 〈I (t) ⋅# I (t+ τ )〉,  (1) 

where τ is the delay time and I is the density.  
This technique is named photon correlation 

spectroscopy and it is also known as quasielastic light 
scattering [8]. 

In the case of a mono-dispersed solution, that 
contains spherical non interacting particles of the same 
size, it is possible to show that the photocurrent power 
spectrum has the form of a Lorentzian curve [7] with 
half width Γ. The normalized intensity correlation 
function is described by an exponential with relaxation 
time τrel = 1/Г as 

g1(τ) = exp (-Гt)  (2) 

The decay rate Γ is related to the physical properties 
of the particles and the experimental conditions by the 
following expressions: 

Γ = Dt q2,  (3) 

Dt =
kT
6πηR

, (4) 

q = ki − ks =
4πn
λ

⎛
⎝⎜

⎞
⎠⎟
sin θ
2

, (5) 

where ki is the wave vector of incident radiation, ks is 
the wave vector of scattered radiation, Dt is the 
translational diffusion coefficient of particles, n is the 
refractive index of a medium, λ is the scattered light 
wave length, θ is the scattering angle, T is the absolute 
temperature of the scattering solution, K is the 
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Boltzman’s constant, η is the solvent viscosity, and R is 
the hydrodynamic radius of a particle. 

In the case of polydisperse solutions with different 
sizes of particles, the photocurrent spectrum is a 
continuous set (integral) of Lorentzian curves with 
different half widths. Therefore, to find the size 
distribution of particles (diffusion coefficients); it is 
necessary to solve the inverse spectral problem in the 
form of anintegral equation with the Lorentzian kernel: 

g(2) (t) = g(1) (t)( ) 2+1+ζ(t) ;  (6) 

g(1) (t) = P(Γ) exp(−Γt) dΓ
0

∞

∫ ,  (7) 

where g(1)(t) is the normalized autocorrelation function 
of a signal, g(2)(t) is the normalized autocorrelation 
function of intensity, and ζ(t) is an error associated with 
the stochastic nature of the signal itself rather than with 
the inaccuracy of photocurrent measurement or the 
noises of a recording channel [7,9]. 

Equation (7) is known as the Siegert relation, will 
allow one to calculate g(1)(t) in terms of g(2)(t) 
accumulated by a correlator in the course of an 
experiment. Integral equation (3) forms the main 
principle of data processing in the method of photon 
correlation spectroscopy. 

The results of our experiments were processed using 
the DYNALS package of programs, in which 
approximate solution (3). 

The results of calculations are presented in table 1. 
As you can see each sample contains two cell types. 
These cell types have different size. We assume that it 
connects on partially separation of Henley layer during 
collagenase treatment. With pathology process 
development cells size decrease for both cell types. We 
note that difference between wool cell size of normal 
states and small tumour are nearly 36% for two cell 
types. Consequently, these distinctions are statistically 
significant. We do not observed difference in the results 
after investigation of wool cuted from all skin surface 
and from tumour surface only for all mice types.  

Moreover, biochemical composition is also changed 
during breast cancer development. It is confirmed by 
fluorimetric measurements with molecular probes. It is 
known [10] that rhodamine 6G penetrates into cell and 
connects with mitochondria. Thus, fluorescence spectra 
of rhodamine can be as an indicator of mitochondria 
structure changes. In Fig. 3 fluorescence spectra of the 
probe are depicted. They shift to long wave region with 
tumour development. This regularity for rhodamine we 
had also seen for normal and cancer mammary cells. 
These results had been published in our previous work 
[11]. Wave lengths are different in two types of 
experiments because of difference of cells biochemical 
composition, however, the general regularity is 
observed.  

 

 
Fig. 3 Fluorescence spectra of rhodamine 6G in hair 
cells from health mouse (1), from mouse with small (2) 
and large tumour (3). 

 
a) 

$
b) 

Fig. 4 The phosphorescence kinetics of bengal rose 
located in wool cells from health mouse (1), from 
mouse with small (2) and large tumour (3). Curves are 
carried out in Descartes (a) and semilogarithmic (b) 
coordinates. 

The microviscosity and peptide concentrations of 
hair cells are also changes with tumour growth. It can be 
measured by phosphorescence kinetics of bengal rose 
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(Fig. 4a) which connect with peptides. The kinetics has 
a two-exponential type. It is distinctly seen if these 
curves are carried out in semilogarithmic coordinates 
(Fig. 4b). 

These curves of Fig. 4a are approximated by the 
following function  

Iph (t) = A1exp(− t
τ1
) +A2 exp(− t

τ2
) . (8) 

Value τ1 and τ2 are represented in table 2. As you 
can see from approximation results, τ1 decreases with 
tumour growth. It can be results of increases of 
annihilation processes rate with triplet states of the 
probe. At the time τ2 rises with pathology development. 
It can be connected with peptide concentration increases 
[12] and immobilization of the probe into peptide 
molecules. We note that similar regularity had been 
seen for fluorescent probes located in normal and cancer 
mammary cells [13].  

4 Conclusion 
Although biomedical diagnostics methods are present, 
search of method of the earlier diagnostics of cancer 
diseases is. For example, earlier [14] the method of 
breast cancer diagnostics based on wool structure 

investigation by X-rays was proposed. Later 
investigations [15,16] had not confirmed these data. 
Nonetheless, research of wool structure for diagnostics 
applications are carrying on (see, for example, [17]).  

The biological tissue cells are objects with specific 
very inhomogeneous structure. Effectivity of 
photoprocesses happening inside the cells depends on 
composition of intracellular structures, composition of 
cell membrane etc. In its turn, the physical-chemical 
composition of the cells received from pathogenic 
tissues depends on the stage of pathological process 
development [18]. It leads to change spectral- 
luminescent properties of cells obtained from tumour at 
different stages of pathology as well as photosensitizers 
located within it [11,19]. In the paper we have shown 
that the general regularity of spectral measurements for 
mammary and hair cells is conserved at health state and 
pathology present. Taking into account this, the 
represented data about wool structure can be used to 
improve the optical techniques for non-invasive 
diagnostics of cancer diseases at different stages of 
pathology. 

The work was partially supported by grant of 
Ministry of science and education of Russian Federation 
№ 450 from 01.02.2014 

Table 1 Cells radius of external wool layer and their diffusion coefficients. 

Normal wool dtumour = 1 cm dtumour = 3 cm 
R,  
nm 

Dt·10-8, 
cm2/s 

R,  
nm 

Dt·10-8, 
cm2/s 

R,  
nm 

Dt·10-8, 
cm2/s 

776±146 0,28±0,06 495±83 0,44±0,07 368±74 0,59±0,13 
199±36 1,1±0,2 126±13 1,7±0,2 99.4±13 2,7±0,4 

Table 2 The result of approximation of bengal rose phosphorescence curves by function (8). 

Curves τ1, µs τ2, µs 
Health mouse 19.3±0.5 657±11.5 
Mouse with 
small tumour 

16.8±0.4 673±13.1 

Mouse with large 
tumour 

16.1±0.3 727±14.1 

 

 



A.#Korobtsov#et#al.:#Line#optical#traps#formed#by#LC#SLM#

J#of#Biomedical#Photonics#&#Eng#1(1)# 64# 28#March#2015#©#SSAU#

Line#optical#traps#formed#by#LC#SLM#

A.#Korobtsov1,#S.#Kotova1,2*,#N.#Losevsky1,#A.#Mayorova1,2,#S.#Samagin1#
1#
Lebedev#Physical#Institute,#221#NovoQSadovaya#Str.,#Samara,#443011,#Russia#

2#
Samara#State#Aerospace#University#(SSAU),#34#Moskovskoye#shosse,#Samara,#443086,#Russia#

*#e;mail:#kotova@fian.smr.ru#

Abstract.!The$methods$ for$generation$of$optical$ traps$ in$ the$ form$of$ line$segments$by$
means$of$liquid$crystal$modulators$of$two$types$are$addressed$in$the$paper,$they$are$a$

multi9pixel$modulator$HOLOEYE$HEO$1080P$and$a$tunable$liquid$crystal$focusing$device$

(49channel$ modulator)$ developed$ by$ the$ authors.$ The$ numerical$ and$ experimental$

assessment$ of$ the$ capture$ forces$ of$ the$ generated$ optical$ trap$ is$ fulfilled.$ The$

description$ of$manipulation$ experiments$with$microobjects,$ including$ biological$ ones,$

carried$out$by$the$optical$traps$with$the$intensity$distribution$in$the$form$of$segments$is$

offered.$©$2015$Samara$State$Aerospace$University$(SSAU).$

Keywords:!optical$manipulation;$liquid$crystal$modulators;$biological$microobjects;$
light$segment.$

Paper# #1893# received# 2014.12.04;# revised# manuscript# received# 2015.01.22;# accepted# for# publication#

2015.02.01;#published#online#2015.03.28.##

References 

1. H. Zhang, and K-K. Liu, “Optical tweezers for single cells,” J. R. Soc. Interface 5, 671-690 (2008). 
2. A. Banerjee, S. Chowdhary, W. Losert, and S. K. Gupta, “Survey on indirect optical manipulation of cells, 

nucleic acids, and motor proteins,” J. Biomedical Optics 16, 051302 (2011). 
3. K. Svoboda, and S. Block, “Biological applications of optical forces,” Ann. Rev. Biophys. Biomol. Struct. 23, 

247-285 (1994). 
4. R. Skidanov, M. Rykov, G. Iannacchione, and S. Krivoshlykov, “The modification of laser beam for 

optimization of optical trap force characteristic,” Computer optics 36, 377-386 (2012). 
5. M. Rykov, and R. Skidanov, “Modifying the laser beam intensity distribution for obtaining improved strength 

characteristics of optical trap,” Applied Optics 53(2), 156-164 (2014). 
6. A. Korobtsov, S. Kotova, N. Losevsky, A. Mayorova, and S. Samagin, “Formation of contour optical traps 

with a four-channel liquid crystal focusator,” Quantum Electronics 44(12), 1157-1164 (2014). 
7. F. Cheong, C. Sow, A. Wee, P. Shao, A. Bettiol, J. van Kan, and F. Watt, “Optical travelator: transport and 

dynamic sorting of colloidal microspheres with an asymmetrical line optical tweezers,” Applied Physics, 83, 
121-125 (2006). 

8. R. W. Applegate Jr, J. Squier, T. Vestad, J. Oakey, and D. W. M. Marr, “Fiber-focused diode bar optical 
trapping for microfluidic flow manipulation,” Applied Physics Letter 92(1), 01394 (2008). 

9. R. W. Applegate Jr, D. W. M. Marr, J. Squier, and S.W. Graves, “Particle size limits when using optical 
trapping and deflection of particles for sorting using diode laser bars,” Optic Express 17, 16731 (2009). 

10. R. Skidanov, and A. Porfir’ev, “Optical micromanipulation with using binary focusator,” Computer optics 34, 
214-218 (2010). 

11. E. Spyratou, M. Makropoulou, and A. Serafetinides, “Red blood cell micromanipulation with elliptical laser 
beam profile optical tweezers in different osmolarity conditions,” Proc. of SPIE-OSA Biomedical Optics, 
8092, 80920T (2011). 

12. R. Dasgupta, S.K. Mohanty, and P.K. Gupta, “Controlled rotation of biological microscopic objects using 
optical line tweezers,” Biotechnol. Lett. 25(19), 1625-1628 (2003). 

13. R. Applegate Jr., J. Squier, T. Vestad, J. Oakey, and D. Marr, “Optical trapping, manipulation, and sorting of 
cells and colloids in microfluidic systems with diode laser bars,” Optics Express 12(19), 4390-4398 (2004). 

14. R. Applegate Jr., J. Squier, T. Vestad, J. Oakey, D. Marr, P. Bado, M. A. Dugan, A. A. Said, “Microfluidic 
sorting system based on optical waveguide integration and diode laser bar trapping,” Lab. Chip. 6(3), 422-6 
(2006).  



A.#Korobtsov#et#al.:#Line#optical#traps#formed#by#LC#SLM#

J#of#Biomedical#Photonics#&#Eng#1(1)# 65# 28#March#2015#©#SSAU#

15. S. P. Kotova, V. V. Patlan, and S. A. Samagin, “Tunable liquid-crystal focusing device. I. Theory,” Quantum 
Electron. 41(1), 58-64 (2011). 

16. S. P. Kotova, V. V. Patlan, and S.A. Samagin, “Tunable liquid-crystal focusing device. II. Experiment,” 
Quantum Electron. 41(1), 65-70 (2011). 

17. S. P. Kotova, V. V. Patlan, and S.A. Samagin, “Focusing light into a line segment of arbitrary orientation using 
a four-channel liquid crystal light modulator,” Journal of Optics 15(3), 035706 (2013). 

18. M. Capitanio, G. Romano, R. Ballerini, M. Giuntini, F.S. Pavone, D. Dunlap, and L. Finzi, “Calibration of 
optical tweezers with differential interference contrast signals,” Review of Scientific Instruments 73(4), 1687-
1696 (2002). 

19. A. Korobtsov, S. Kotova, N. Losevsky, A. Mayorova, V. Patlan, and S. Samagin, “Optical trap formation with 
a four-channel liquid crystal light modulator,” Journal of Optics 16, 035704 (2014). 
 
 
 

1 Introduction 
Probable causes for the interest in the optical tweezers 
applications for the problems of biology and medicine 
(see reviews [1-3]) can be the unique capabilities of this 
toolkit, i.e. the possibility of contactless impact on the 
objects being studied, resulting in a high sterility, the 
possibility submicrometer precision of displacement 
control of the biological objects, etc. The sizes of 
objects that can be effectively trapped by the optical 
tweezers, range from a few nanometers to hundreds 
micrometers, and these very sizes are typical of the most 
biological cells and their organelles. The order of the 
applied forces, from 10-12 to 10-9 N, is sufficient for the 
effective capture and manipulation of biological objects. 
In view of the diversity of sizes and shapes of biological 
objects, as well as a wide range of biomedical problems 
solvable by means of specified tools, the capture and 
manipulation of biological objects is fulfilled with the 
aid of not only the point optical traps representing 
sharply focused Gaussian beams, but also the traps of 
other configurations. It is important to search the 
optimal form and parameters of the trap to solve a 
specific biomedical problem. Thus the traps with the 
intensity distribution in the form of Crescent are 
proposed by the authors of [4, 5] for the manipulation of 
biological microobjects. Such traps can effectively 
capture objects while acting on their periphery, not the 
center. This property is important for the maintenance 
of the functional state of the cells. The corresponding 
intensity distributions can be formed either through 
modification of the Gaussian beam or superposition of 
vortex beams with the use of stationary diffractive 
optical elements. The contour optical traps (in the form 
of rings, ellipses and C-shaped) formed with the LC 
focusing device [6] can also be used to minimize the 
radiation effects. The advantage of this method for the 
traps formation is the possibility of real-time control of 
their shape and size. 

The optical traps with the intensity distribution in 
the form of line segments allow to capture 
simultaneously several objects, locate them in the 
required position, sort them by size and refractive index 
[7-9], move them along the trap [10] and align the 
elongated objects along the trap [11]. It is obvious that 
all these capabilities are of interest for biomedical 
applications. The techniques of generation of traps in 

the form of a line segment with the use of the LC 
modulators, in particular multi-pixel modulator 
HOLOEYE HEO 1080P and a tunable liquid crystal 
focusing device (4-channel modulator) developed by the 
authors are discussed in the article. A comparative 
analysis of the forces occurring in the point trap and the 
trap in the form of a segment was carried out. The 
results of experiments on manipulations of microscopic 
objects with formed traps are set forth below. 

2 Methods for the line optical traps 
generation 

The most simple, effective and inexpensive technique of 
the line optical trap (LOT) generation is that based on 
the use of a cylindrical lens placed in the path of the 
beam forming the trap. For the first time this method 
was proposed by R. Dasgupta et al. in 2003 [12]. The 
authors realized the rotation of the trapped objects (in 
particular the bacteria E.coli) by means of the lens 
rotation. Two cylindrical lenses were used for the 
formation of the LOT with asymmetrical (non-uniform) 
intensity profile by the authors of [7]. The generated 
LOT capabilities for the transportation and sorting of 
colloidal microspheres were demonstrated. As the 
advantages of the proposed optical tweezers scheme, the 
simplicity of its implementation and low cost were 
pointed out. The scheme for the formation of the optical 
trap in the form of a line segment with the use of two 
cylindrical lenses was also described in [11]. The LOT 
dimensions were 1 X 20 µm and it was used for the 
simultaneous capture of several RBCs and their 
orientation along the line segment. 

The methods for such traps formation through the 
use of binary diffractive optical elements (DOE) are 
known [10]. First the corresponding DOE was 
computed so that the phase changed linearly along the 
line segment and then it was obtained with the aid of the 
photolithographic technique on the glass substrate. The 
authors described the experiments on the polystyrene 
microspheres (individual and multiple) capture and their 
further relocation along the generated line segment.  

A large number of studies is devoted to the 
formation of LOTs by means of the laser diode bars 
[8, 9, 13, 14]. The optical trap in the shape of a line 
segment was realized with the use of the 1 µm-wide 
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linear single laser emitters that ranged in length from 
25 µm to 1 mm. The authors noticed the technique 
simplicity, its low cost, possibilities for creating of a 
long linear trapping area for micromanipulation and 
easy embedding of diode bars into flowing microfluidic 
systems. The microparticles sorting in a fluid flow and 
also the capture of large particles (up to 200 µm-size) 
were realized with the generated optical trap. 

Not only the generation of the light line segment but 
also its dynamic control can be achieved with the use of 
spatial light modulators. The typical scheme of the 
experimental setup for the generation of the dynamical 
optical traps is presented in Fig.1.  

$
Fig.1 Scheme of optical tweezers with the implemented 
SLM.  

We used a multi-pixel LC SLM HOLOEYE HEO 
1080P for the intensity distribution generation in the 
form of a line segment. The used modulator had 
1920 × 1080 addressable pixels and allowed to specify 
256 phase gradation of the phase within the range from 
0 to 2π. The line segment in the microscope working 
plane was obtained as a result of the formation of an 
astigmatic Fresnel lens by the transparency. The 
segment length could be controlled by the change of the 
astigmatism value. The transparency was illuminated 
with a uniform plane wave.  

The four-channel LC focusing device can be used 
for the generation of dynamically controlled line optical 
traps as an alternative to multi-pixel liquid crystal 
modulators. In this case the optical scheme presented in 
Fig.1 can be used. However, the peculiar feature of the 
LC focusing device is its ability to operate in the 
transmission regime (note that the reflection regime is 
also possible if necessary), thus simplifying structurally 
the scheme of its integration into the manipulator. The 
principle of the LC focusing device operation was 
described in detail in [15-17]. The modulator under 
consideration is the device constructed on the basis of 
crossed substrates of the cylindrical modal LC lenses 
joint into the integrated structure. The device had four 

control contact electrodes and allowed to focus 
illumination into a point or segment. To focus the light 
into a segment, it was necessary to determine the 
voltage distribution with the equipotential lines in the 
shape of parallel lines. In this case the profiles of the 
phase delay in the form of the cylindrical lenses surface 
could be created. The optical transparency with such 
phase transmission will focus plane wave into light 
segment which position and orientation can be 
controlled by means of change of amplitude and/or 
phase of voltage applied to contacts [17]. The 
dimension of the generated line segment was 
determined by the focusing device aperture and 
parameters of the optical system, providing the input 
beam entry into the microscope. 

It is clear that the LC modulators method for the line 
optical trap generating is significantly higher in price 
than the techniques based on the use of cylindrical 
lenses or laser diode bars. However, the use of the LC 
modulators widens the scope of opportunities for the 
formation and dynamic control of optical traps of 
different types. Besides, the precise mechanical 
movements of the active element are not required. It 
should be noted that the use of the 4-channel LC 
focusing device is considerably low-price as compared 
with the commercial multi-pixel liquid crystal 
modulators because of its significantly simpler design 
and control system. The device is characterized by quite 
a high energy efficiency and a wide working spectrum 
range, simplicity of its integration into the manipulator 
scheme due to the mode of transmission, and also by the 
ability to form a smooth continuous profile of the phase 
delay and to smoothly control it. The last-named ability 
is attainable due to the use of solid electrodes.  

The results of the microscopic objects (including 
biological ones) manipulation experiments, carried out 
with the use of the generated optical trap are given in 
Section 4. 

3 Analysis of the line optical trap capture 
force 

The optical trap force was estimated experimentally 
with the use of the so-called drag-force method [18], 
which was for the first time presented in [3]. The optical 
trap force can be estimated by the viscous force 
determined by the formula: 

F=V×β, (1) 

where V is the velocity of particle motion in the liquid, 
β – the coefficient of viscosity. For a spherical particle 
of the radius r located close to the bottom of the cell, 
subject to the distance h between the particle center and 
the cell bottom, β is defined by the Faxen’s formula: 

β = 6πηr

1− 9
16
( r
h
) + 1
8
( r
h
)3 − 4

256
( r
h
)4 − 1

16
( r
h
)5
,  
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where  η   is the fluid viscosity. 
Thus by measuring the microobjects escape velocity, 

it is possible to estimate the maximum or escape force 
of optical trap (the capture force). In our experiments 
the microobjects relocation in the liquid was attained by 
means of the microscope stage motion while the particle 
was held with the optical trap. For this purpose the 
microscope stage was equipped with stepper motors 
(SY 35ST26-0284A) and the corresponding actuators 
with the movement step of 0.15 µm, operated from the 
computer. The developed software (graphical user 
interface) allows to control the operation of the stepper 
motors in real-time from the screen monitor that 
displays the working field of the microscope. In 
particular, the system enables to place the cell in its 
original position for the initial capture of the micro-
object and move the stage with the cuvette of samples 
with a given initial velocity and constant acceleration. 
Then the image of the operating field and the 
parameters of the cell moving are recorded in real time 
in the video file. The subsequent processing of the 
recorded data allows get the information about the 
optical trap force. 

The experimental dependences of the escape 
velocity and capture force of the microoobjects on their 
radius for the line optical trap are shown in Fig. 2 and 
Fig. 3 respectively. The received dependences are 
compared with those for the point optical trap. The latex 
spheres of a certain size were used in these experiments 
as microobjects. The beam waist radius for the focused 
point beam and the half-width of the formed line 
segment in the manipulation plane were 1 µm. The 
radiation power in the trap was 10 mW.  

 
Fig. 2 The dependences of the escape velocity on the 
microsphere size for the point trap (1) and the LOT (2).  

As mentioned above, the traps in the form of light 
segments are successfully used for the microparticles 
sorting [7, 9, 13]. The received dependences justify this 
possibility. Indeed, the analysis of the calculated graphs 
shows that the trap in the form of a segment allows a 
wider-range sorting of microparticles and a higher 
sensitivity to the microparticles size than the point trap. 
This fact can be explained as follows. The placed in a 
viscous fluid microbjects are trapped by the LOT. The 
objects motion in the liquid results in the viscous force 
appearance. The particles detachment from the trap 

occurs at the moment when maximal force of the optical 
trap is equal to the viscous force. Thus the value of the 
escape velocity is determined by the equilibrium 
between the optical trap force and the viscous force. The 
viscous force is increased linearly with the increasing 
particle size, leading to the velocity decrease. And the 
behavior of the dependences of the optical trap forces 
on the particle size differs for the point optical trap and 
line optical trap as it is seen from Fig. 3. The difference 
is explained by the fact that in case of the LOT the 
amount of the light flux intercepted by the particle 
continuously grows with the increasing of the particle 
size. And for the point trap the growth of the intercepted 
light flow is stopped when the particles size becomes 
equal to the trap size, and consequently the growth of 
escape velocity is also stopped. Thus for the case of 
point traps, the extremum appears in the dependence of 
the escape velocity. So for the case of the point trap, as 
you can see from Fig. 2, the escaped velocity can be 
equal for microspheres of different radius. There is no 
extremum observed in the dependence of the velocity on 
the particle size in case of line optical trap. 

$
Fig. 3 The dependences of the capture force on the 
microsphere size for the point trap (1) and the LOT (2). 

At the same time, the line-shaped trap provides a 
higher sensitivity of the capture force to the particle 
size. This fact is confirmed by both theoretically and 
experimentally obtained values of the capture forces for 
the traps in the form of a segment. Note that the 
calculations are performed in the framework of 
geometric optics subject to the geometry of the light 
beam in its waist. The simulations are based on the idea 
of an impulse flow transferred by the light wave, and 
the Fresnel formulas for the coefficients of reflection 
and refraction of light at the interface of two media. The 
initial field is defined in the plane perpendicular to the 
beam axis and tangent to the top point of the particles. 
Its intensity and phase are determined by the evolution 
of a Gaussian beam during propagation. Further the ray 
paths are set by the laws of geometrical optics. The 
diffraction of the laser beam on the microobjects as well 
as wave interference inside the microparticles are not 
taken into account during the simulation. 

Both the simulated and experimental results for the 
capture force of the LOT for two values of the particle 
radius are presented in Table 1. The difference of the 
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calculated and experimental results is not exceeding 
20%. 

Table 1. The capture force for the LOT. 

r, µm F, pN 
(simulated) 

F, pN 
(experimental) 

0.6 0.30±0.03 0.24±0.04 
1.6 1.30±0.13 1.25±0.18 

 
As you can see from the table the strong dependence 

of the capture force on the particles size is observed for 
the LOT. The capture force for the 1.6 µm radius 
particles by 4-5 times exceeds the capture force for 0.6 
µm-radius particles. The obtained results were 
compared with those for the point optical trap. As 
shown by simulations, for the case of the point traps the 
force values are higher, they are 1.6 pN and 5.5 pN for 
particles with the radius of 0.6 µm and 1.6 µm 
respectively for the same value of the radiation power in 
the trap. However, their ratio is less and is about 3.4.  

Thus, the optical trap in the form of a segment can 
effectively capture micro-objects. And our simulations 
confirm that the sensitivity of the capture forces to the 
particles size for LOT is somewhat higher than for the 
point trap. So there is good reason to assert that the line 
optical traps can be more efficiently used for the micro-
objects sorting by their size as compared to the spot 
traps. 

4 The experiments on the microobjects 
manipulation 

4.1 Experiments with the use of SLM 
HOLOEYE HEO 1080P 

The experiments on the LOT-aided manipulation have 
been carried out by means of the experimental setup 
presented in Fig.1 with the SLM HOLOEYE HEO 
1080P as the LC modulator. A solid-state diode-pumped 
laser with the emission wavelength of 0.53 µm and 
maximal output power of 500 mW was used to form the 
optical traps. The laser beam was directed through an 
interface collimator onto the LC SLM HOLOEYE HEO 
1080P. Then the beam was introduced into the 100x 
objective of an upgraded microscope XSP-104 and the 
result was a reduced intensity distribution reproduced in 
the manipulation plane. In order to visualize the 
working area of the experiment, an illuminator was 
placed under the cell with the microscopic objects. The 
imaging of the experimental procedure was made with 
the computer-operated ocular digital camera DCM-130. 
As the microobjects of various diameters 
(0.9 ÷ 3.2 µm), the latex spheres suspended in water 
were used. The velocity of the microscope stage 
relocation was about 5 µm/sec. The particles captured 
into the beam are held there under the impact of 
gradient force of light pressure. Since the light segment 
was placed at the 450-angle to the direction of the stage 
movement, the particles moved along the beam 

generated and escaped at its edge. Thus, the area 
“covered” by the light line segment remained free from 
any particles. The optical force was not sufficient to 
capture the particles of different size and these particles 
passed through the optical trap without deflection. 

The usability of the LOT as the optical shield for the 
formation of a pure area in the fluid flow is illustrated 
by Fig. 4. The 1.2 µm-latex spheres were used for this 
experiment. The LOT geometry was 18 µm X 1 µm. 
The black arrows indicate the direction of the particle 
motion along the line segment (short arrow) and the 
direction of the LOT movement due to the microscope 
stage motion (long arrow). 

#
Fig. 4 LOT used as the optical shield for formation of a 
pure area. 

4.2 Experiments with the use of the  
4-channel LC focusing device 

As already mentioned, the formation of the optical traps 
with the LC modulators allows to generate the defined 
intensity distributions and also dynamically control 
them. This functional property of the trap in the form of 
a line segment was obtained with the use of the LC 
focusing device. The solid-state diode-pumped laser and 
XSP-104-microscope described in paragraph 4.1 were 
used. The aperture of the focusing device was 1×1 mm2. 
The applied voltages changed within the range from 3 to 
8 V. The laser beam was directed through the interface 
collimator onto the LC focusing device where the 
required light field distribution in the specified plane 
was formed. Then the beam was introduced into the 
100x-objective of the microscope and as a result the 
reduced intensity distribution was reproduced in the 
manipulation plane. The line segment in the plane of 
manipulation in our experiments had the following 
parameters: 7 µm-length and ~ 0.7 µm-width. The line 
segment planar orientation was achieved by the proper 
choice of the amplitude and phase of voltages applied to 
the focusing device contacts. The voltage generator used 
in the experiments allowed setting of the voltage 
amplitude accurate within 0.1 V, and phase – within 
6 degrees. Under these conditions the discreteness of 
specifying the trap rotation angle was 15 degrees. A
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Fig. 5 LOT-aided capture, alignment and the rotation of the E.coli bacterium. 

 

Fig. 6 LOT-aided capture, alignment and rotation of yeast cell. 

 
more detailed description of the LC focusing device 
operation in this mode can be found in [17, 19]. 

The experiments with biological microobjects, in 
particular E.coli-bacteria and yeast Saccharomy 
cescerevisiae have been carried out. The yeast cells 
were previously held at 240 C for 13 hours in water. 
And the process of the E.coli preparation was as 
follows: the Colibacterin siccum was suspended in 
physiological solution, after that the glucose was added 
to the solution and the obtained mixture was 
additionally held for 12 hours at 360 C. The constant 
temperature was maintained with the aid of a 
thermostat.  

The frames from the video presented in Fig. 5 and 
Fig. 6 illustrate the manipulation experiments for the 
E.coli and yeast Saccharomy cescerevisiae respectively. 
In both cases the microobjects were trapped with the 
LOT and kept in the trap during its rotation. The 
colibacillus (dark stripe in Fig. 5) having the form of a 
rod was aligned along the light segment.  

The yeast cell size significantly exceeds the width of 
the light segment. However the rotation of the cell with 
the trap was obtained. A slight heterogeneity in the cell 
is marked with a black arrow in Fig. 6. And it is seen 
that the rotation of the LOT led to the cell rotation. 

5 Conclusion  
The techniques of the LOT generation with the use of 
the LC SLM are discussed. The capabilities and 
advantages of the optical traps of this shape in 
manipulation experiments have been studied both 
experimentally and numerically. The experimentally 
proved capabilities for the formation of a pure area in 
the fluid flow as well as for the alignment and rotation 
of biological microobjects afford a basis to talk about 
the prospects of the LC focusing device use in optical 
manipulation, including, biomedical applications.  

This work was supported by the Ministry of 
Education and Science of the Russian Federation. 
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1 Introduction 
In recent 20—25 years the number of newly-revealed 
malignant and benign neoplasms of skin, lung, intestine, 
and internals significantly increased [1]. According to 
the prognosis of medical experts, the number of 
oncological patients will steadily increase [2]. The 
efficiency indicators in the early diagnostics of 
malignant neoplasms by general practitioners, in 
general, remain unsatisfactory, which is due to the 
complexity of interpreting the clinical differential 
features of neoplasms at the early stage [3]. The low 
level of early diagnostics of cancer diseases favours the 
neoplasm development and, finally, increases the risks 
of fatal outcome. In order to improve the efficiency of 
diagnostics, it is necessary to use instrumental methods 
and means. 

One of the convenient methods of noninvasive 
analysis of neoplasms is Raman spectroscopy (RS). The 
use of this method for diagnostics of cancer neoplasms 
was demonstrated by a number of authors in ex vivo and 
in vivo studies of skin [4], lung [5], breast [6], intestine 
[7] and other tissues. Thus, e.g., the authors of Ref. [5] 
demonstrated high efficiency of Raman scattering 
method in lung cancer diagnostics; the achieved 
sensitivity was 94 % and the specificity 92%. However, 
in the case of mass screening the sensitivity and the 
specificity of the method are essentially lower, in 
particular, in the lung studies [8] the accuracy of Raman 
analysis of neoplasms was only 77%. Similar trend is 

seen in the studies of other biological tissues, e.g., the 
skin. In Ref. [9] the achieved sensitivity and specificity 
are at the level of 91% and 75%, respectively. The low 
specificity is related to the high variance of Raman 
scattering intensity peaks depending on the 
concentration of the tissue biochemical components in 
different samples and the use of absolute criteria in the 
methods, proposed in the papers considered above. 

To overcome these difficulties, in this paper we 
propose to complete the method of Raman spectroscopy 
with the analysis of autofluorescence that inevitably 
arises under the illumination of the studied tissue with 
the probing laser radiation. To reduce the effect of 
spectral characteristics variance in the studies of various 
biological objects it is reasonable to use the comparative 
analysis of the autofluorescence and Raman scattering 
intensity from the tumor and from the adjacent healthy 
tissue.  

Autofluorescence (AF) spectroscopy can be used to 
detect lung pathologies [10, 11]. It is known that the 
biological tissues contain fluorescent chromophores: 
elastin, collagen, and NADH, which contribute to the 
autofluorescence spectrum, as well as purely absorbing 
chromophores, such as haemoglobin. As a rule, for AF 
diagnostics the lasers of UV spectral range (300-400 
nm), or those of the visible spectral range (400-650 nm) 
are used. The choice of these ranges is determined by 
the position of the basic emission spectra of the tissue 
chromophores. In this paper we report the analysis of 
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the possibility to diagnose lung neoplasms using the 
intrinsic fluorescence, excited by the laser radiation with 
the wavelength 785 nm.  

Simultaneous application of two spectral methods 
provides the increase of informative features and, 
therefore, is expected to reduce the number of 
diagnostic errors, while the comparative spectral 
analysis will help to allow for the personal specificity of 
the chemical composition of the tissue under study. 
Besides that, the analysis of autofluorescence allows the 
selection of spectral anomaly regions and the fast 
determination of the neoplasm boundaries. 

2 Materials and methods 

2.1 Experimental setup 
In the present work we used the experimental setup 
schematically presented in Fig. 1. The main elements of 
the setup are the following: the thermally stabilised 
semiconductor laser 1 (LML-785.0RB-04), the optical 
Raman unit 2 (PBL 785), the spectrograph 3 
(Sharmrock SR-303i) with the integrated digital camera 
(ANDOR DV-420A-OE), and the computer 4. The 
probing laser radiation with the wavelength 785 nm via 
the band-pass filter BPF is directed by the mirror M and 
dichroic reflector DM, and focused by the lens L2 onto 
the studied sample. The filter BPF serves to filtering the 
incident radiation from the Raman components that 
might be generated in the transmitting fibre. The 
scattered and autofluorescence radiation is collected by 
the lens L2 and directed into the spectrometer 3 via the 
long-pass filter LPF, aimed at eliminating the laser 
radiation from the recorded signal. The lenses L1 and L2 
are used for matching the optical unit 2 with the 
supplying and the signal optical fibres.  

Raman and AF spectra were registered 
simultaneously with one optical unit 2. The optical unit 
2 was located directly above the studied region at the 
distance of 6-7 mm. The diameter of the laser probing 
beam was 1 mm. Series of spectra were registered from 
the neoplasm and the healthy tissue. The obtained data 
was analysed by comparing with the results of the 
histologic study. The time of examination of each 
sample did not exceed 3-5 min. Time of signal 
registration was chosen to match the AF decrease 
conditions. Irradiation of tissue samples with exposure 
times about 2-3 minutes leads to the decreasing in AF 
level. The decrease in the intensity of AF associated 
with the effect of tissues photobleaching [12]. At this 
regard it is important to say that the intensity of tissues 
Raman bands remains unchanged. Thus such an 
approach helps to increase signal-to-noise ratio and 
precisely register a Raman signal.  

Selection of the autofluorescence and Raman 
scattering signals was carried out using the method of 
polynomial approximation with additional filtration of 

random noise effects and automatic determination of the 
polynomial power for the given spectral interval. The 
polynomial fitting function corresponding to the AF was 
subtracted from raw acquired spectrum to separate 
Raman spectrum. The registered signal, which consists 
of Raman and AF signals, was recorded the spectral 
interval 800-920 nm (250-1800 cm-1) with the 
resolution 0.05 nm (1 cm-1) at low level of intrinsic 
noises. The Raman signal was analysed in the spectral 
interval 1200-1800 cm-1. The AF signal was analysed in 
the spectral interval 250-1800 cm-1. 

2.2 Tissue samples  
In the series of ex vivo experiments the spectra were 
recorded from 46 samples (23 adenocarcinomas, 18 
squamous cell carcinomas, and 5 carcinoids). The 
detailed information about the studied samples, 
including the information about the patients and the 
localisation of lung lesions, is presented in Table 1. All 
samples were obtained after surgical resection in 
Samara Regional Clinical Oncology Dispensary 
(SRCOD). The tissue samples were kept in sterile boxes 
at +4 ± 2 °С and were tested not later than in four hours 
after the resection. Each tumor examination was 
accompanied by histologic analysis that determined the 
final diagnosis.  

All patients (12 women and 34 men, all Europeans) 
that took part in the examination were more than 18 
years old, passed the preliminary examination and were 
prepared for the surgical treatment in the departments of 
SRCOD. All human tissue samples were studied in 
correspondence with the protocol affirmed by the 
Bioethics Committee of Samara State Medical 
University. The participation in the study was voluntary 
and accompanied with informed consent. 

2.3 Separation of classes in the phase plane  
To separate the classes in the phase space formed by the 
values of the Raman spectral peak intensities the 
canonical discriminant analysis (DA) was used. The 
quality of the approach was characterised by its 
sensitivity and specificity. The DA is capable of flexible 
change of priority in favour of the sensitivity or, on the 
contrary, in favour of the specificity. The DA is 
implemented in most of the widely used mathematical 
software packages. 

In the present paper we use the method of quadratic 
discriminant analysis (QDA) [13]. In fact, the QDA 
determines the hyperquadric, the form of which depends 
upon the degree of dispersion of the experimental 
results and the centres of gravity of the separated 
classes. By varying the class priorities one can shift the 
dividing curve to achieve the required proportion 
between the sensitivity and specificity.  
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Fig. 1 Optical schematic diagram of the experimental setup. 

Table 1 Summary of patients and lesions. 

Subjects Location 

Final lesion 
diagnosis 

Mean age, y 
(range) 

Mean 
diameter,  
cm (range) 

Male Female Number  
of lesions Right lung Left lung 

SCC 64 (55–72) 4.5 (2.5–8) 18 - 18 10 8 

ADC 63 (42–79) 2,4 (0.2–6) 13 10 23 9 14 

Carcinoid 60 (57- 66) 2,1 (0,5-4) 3 2 5 3 2 

 
3 Results and discussion 

3.1 Analysis of Raman spectra of lung 
neoplasms  

The characteristic normalised Raman spectra of 
neoplasms and healthy lung tissue are presented in Fig. 
2. The maximum of the Raman spectrum corresponds to 
the frequency shift by 1450 cm-1. This is the frequency 
of bending mode (deformation vibration) of the bonds 
CH2/CH3 that occurs in phospholipids and proteins, such 
as collagen. Alongside with this band, other bands are 
also confidently recorded, namely, the band at 1210 cm1 
(stretching vibrations C-C6H5 in tryptophan and 
phenylalanine), 1230 cm-1 (stretching asymmetric 
vibrations of PO2- in nucleic acids), 1265 cm-1 
(stretching vibrations of CN, bending vibrations of NH 
in amid III, α-spirals, collagen, and tryptophan), 1300 
cm-1 (twisting and wagging CH2 vibrations in collagen 
and phospholipids), 1335 cm-1 (wagging vibrations of 
CH3CH2 in collagen and nucleic acids), 1520, 1550, 
1580 cm-1 (stretching vibrations C=C in carotenoids, 
tryptophan and porphyrin, and phenylalanine, 
respectively), 1620 cm-1 (stretching vibrations C=C in 
tryptophan and porphyrin), 1660 cm-1 (stretching 
vibrations C=O in amid I, α-spirals and proteins, such as 
collagen and elastin, stretching vibrations С=С in fats), 
1700, 1750 and 1780 cm-1 (stretching vibrations С=О in 
phospholipids) [5, 14-17]. 

In the ex vivo spectra of healthy lung tissue and 
neoplasms 6 strongest Raman bands were chosen, 
namely, 1200-1240, 1300-1340, 1440-1460, 1540-1580, 
1650-1670, and 1750-1790 cm-1. The normalisation of 
the spectra was performed using the peak value at 1450 
cm-1, having the maximal intensity among the recorded 

peaks. The band 1750-1790 cm-1 has the smallest 
intensity, and the relative intensity of this peak for the 
healthy tissue slightly differs from the analogous value 
in the region of tumor both for adenocarcinoma and for 
squamous cell carcinoma.  
 

 

Fig. 2 Normalised ex vivo Raman spectra of healthy 
lung tissue, adenocarcinoma, and squamous cell 
carcinoma in the region 1200-1800 cm-1. 

For the bands 1200-1240 and 1540-1580 cm-1 a 
higher level of intensity is characteristic for healthy 
tissue in comparison with the adenocarcinoma and 
squamous cell carcinoma. The intensity value for these 
bands in healthy tissue can vary from sample to sample, 
however, its value is always higher than the 
corresponding spectral intensity of Raman scattering, 
obtained for a tumor. It is particularly clearly seen for 
the squamous cell carcinoma, where the signal level 
only slightly exceeds the level of noise effects. In these 
bands the vibrations in the following substances are 
responsible for the appearance of the peak: tryptophan 
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(1208, 1552, and 1618 cm-1), phenylalanine (1207 and 
1606 cm-1), and porphyrin (1552 and 1618 cm-1) [5, 11-
14.], which, in turn, is a manifestation of higher content 
of these substances in healthy tissue as compared to a 
tumor. This assumption does not agree with the 
conclusions of Ref. [5] that assume the inverse relative 
content of the substances in the tumor and in the healthy 
tissue. The results of recent studies [18] show that the 
active growth of cancer tumors occurs in the presence of 
accumulated nerve cells. Particular role in stimulating 
the growth of cancer neoplasms is played by some 
receptors of the sympathetic nervous system [18]. Since 
the functioning of lung is controlled by the vegetative 
nervous system (the sympathetic nervous system is a 
part of the vegetative one), the healthy lung tissues 
adjacent to the tumor region should contain nervous 
fibres. The nerve cells of the sympathetic system 
contain such substances as asparagine and glutamine 
acids that play the role of neuromediators [19]. The 
Raman spectral bands of asparagine and glutamine acids 
are located at 1570 cm-1 [20] and can be shifted by 
+60/-40 cm-1. Therefore, the presence of a strong peak 
at 1550 cm-1 in the normal lung tissue may be caused by 
accumulation of nerve cells near the pathologic region. 

The band 1300-1340 cm-1 is formed by two RS 
peaks at 1300 cm-1 and 1335 cm-1 that arise due to the 
vibrational links in collagen, phospholipids, and nucleic 
acids. The signal level for this band essentially 
decreases when moving from healthy tissue to the 
region of squamous cell carcinoma, and for 
adenocarcinoma the signal remains practically 
unchanged. In the case of adenocarcinoma the relative 
fraction of this band in the Raman spectrum is greater 
due to the “transfer” of some part of the signal to the 
region of the peak at 1365 cm-1 (deformation vibrations 
of СОН and ОН in polysaccharides) [21]. Waging 
vibrations of CH2 and bending vibrations of CH in 
tryptophan also contribute to this peak [17, 21]. The 
intensity of the peak at 1335 cm-1 for adenocarcinoma 
increases due to higher concentration of nucleic acids in 
the tumor [5]. 

In the lung tissue the vibrations of amid I bonds in 
proteins having spiral conformation are responsible for 
the peak at 1650-1670 cm-1. The relative increase of the 
peak for the tumor tissues can be related to the increase 
of relative concentrations of protein molecules with β-
folded conformations and conformations of random 
spirals (statistical balls) [5, 21]. 

Thus, the specific feature of Raman spectrum and 
the differences in the intensities of individual bands for 
the tumor as compared to the healthy lung tissue reflect 
molecular and cellular changes related to the malignant 
transformation of the tissue. The essential difference of 
Raman peak intensity in the bands 1300-1340 and 1650-
1670 cm-1 of the studied samples of tumor and healthy 
tissue allows the differentiation of the tissue types by 
means of the Raman spectroscopy. For the 
determination of the type of the studied tissue the 
method of phase analysis of intensities in the Raman 
spectrum of lung tissues is proposed. 

3.2 Double-stage phase method of neoplasm 
diagnostics  

Most of the known methods of neoplasm Raman spectra 
analysis [7, 8, 22] are based on the introduction of 
threshold characteristics of the peak intensities at 1300-
1340, 1640-1680 и 1440-1460 cm-1. The sensitivity and 
specificity of the methods based on the absolute 
threshold characteristics rarely exceed 80%.  

Our studies allow the formulation and proposal of a 
different method of neoplasm Raman spectra analysis, 
the method of calculating phase criteria of assessing 
malignant neoplasms with respect to other types of 
biological tissues.  

The initially recorded Raman spectra are analysed in 
two stages. At the first stage two phase characteristics 
are introduced, namely, the ratio of the scattered 
intensity I1320 in the band 1300-1340 cm-1 and I1660 in 
the band 1640-1680 cm-1 with respect to the Raman 
intensity in the band 1440-1460 cm-1. Then each 
measurement can be presented as a point in the phase 
plane I1320 - I1660 (Fig. 3а). Using the histologic study as 
an etalon, each experimental point in the phase plane 
can be attributed to a particular type of tumor or healthy 
tissue. This makes it possible to introduce a method of 
successful selection of malignant neoplasms in 
comparison with the spectra of healthy tissue.  

At the second stage of diagnostics the changes of 
Raman scattering intensities in the neoplasm area were 
considered with respect to the surrounding healthy 
tissue in the bands k = 1320, 1450, and 1660 cm-1. For 
this aim the relative values (indices) of the intensity 
change were introduced as  

Δ!! =
!!
(!) − !!

(!)

!!
(!) + !!

(!) !, 

where the superscripts m and h correspond to the 
intensity values in the malignant area and in the healthy 
tissue. These three indices compose a phase space, in 
which every point corresponds to one measurement that 
can be identified basing on the histological study. The 
projections on three phase planes (the first with axes 
ΔI1320 and ΔI1450 , the second with axes ΔI1320 and ΔI1660, 
and the third with axes ΔI1450 and ΔI1660) can be directly 
obtained by the experimental data processing. In ex vivo 
studies of lung neoplasms the analysis of the phase 
plane with the coordinates ΔI1450 and ΔI1660 was most 
informative, which allows the separation of the plane 
into regions, corresponding to different types of 
neoplasms (Fig. 3b).  

The tracing of changes in Raman spectra of 
neoplasms in comparison with the spectra of healthy 
tissue in one patient allows precise evaluation of 
quantitative changes of the concentration of definite 
substances (markers) in the neoplasm cells. Such 
assessment, in turn, makes it possible to divide the 
studied neoplasms into groups with respect to the 
concentration of the chosen substances. In analogy with 
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the first stage, this division is most easily presented in 
the phase plane. 

Figure 3 illustrates the results of the performed 
studies. To separate the classes in the phase plane, the 
QDA classifier was used. It is seen that the classes of 
healthy tissue and those of tumors (adenocarcinoma and 
squamous cell carcinoma) are well localisable, in spite 
of some dispersion of the experimental data.  

The analysis of Fig. 3а shows that with the use of 
QDA classifier the sensitivity of lung malignant tumor 
identification at the first stage amounted to 89.2%, the 
specificity being equal to 72.9%. However, the first 
stage of the Raman spectra analysis does not allow the 
differentiation between the cases of squamous cell 
carcinoma and adenocarcinoma. In fact, what occurs at 
the first stage is the separation of malignant neoplasms 
from benign ones. The second stage (Fig. 3b) allows the 
separation of the adenocarcinoma cases from those of 
squamous cell carcinoma and provides the sensitivity 
value of 90.9% with the specificity of 71.4%. 

 

Fig. 3 Classification of lung neoplasm using the double-
stage phase method ex vivo: 
a – differentiation of normal and pathological tissue,  
b – differentiation of adenocarcinoma and squamous 
cell carcinoma. 

It is worth noting, that in Fig. 3а the data for 
carcinoid cancer of lung are additionally shown. The 
position in the phase plane allows the definite 
conclusion that the studied type of a tissue is a 
malignant neoplasm. However, using only the data of 
Raman spectral analysis it is impossible to assess its 

type unambiguously even at the second stage. Probably, 
the latter is due to the small number of studied carcinoid 
samples. 

One of the ways of further improvement of the 
diagnostics precision is the use of autofluorescence 
analysis. The registration of the autofluorescence signal 
is possible with the times much smaller than those 
required for the recording the Raman spectra. This fact 
allows the use of autofluorescence analysis for rapid 
location of the tumor area by the spectral anomaly of the 
signal. 

3.3 Autofluorescence analysis  
In the chosen range the shape of the autofluorescence 
spectrum is affected by nucleic acids, fats, haemoglobin, 
and such proteins as elastin, collagen and keratin. [23]. 
Characteristic autofluorescence spectra of lung 
neoplasm and normal tissue are presented in Fig. 4. It is 
seen that the AF spectrum of the lung tissue 
demonstrates a nonlinear, exponentially decreasing 
dependence upon the wavelength. 

 
Fig. 4 Typical normalised autofluorescence spectra of 
lung healthy tissue and neoplasms ex vivo. 

By the AF intensity the neoplasms are well 
differentiated from the healthy lung tissue. The AF level 
in healthy tissue exceeds the intensity of the signal from 
adenocarcinoma and squamous cell carcinoma by 
almost an order of magnitude.  

Fig. 5 presents the typical averaged AF spectra of 
squamous cell carcinoma and normal tissue, plotted 
with the confidence interval. In this figure one can 
easily select two non-intersecting regions, located far 
from each other and corresponding to possible intensity 
values of the spectra of normal and pathological tissues. 
The maximal spread of the AF intensity produced by a 
healthy lung is equal to 20%. The spread increase in the 
intensity values is due to the steady lowering of the AF 
signal with time under the continuous exposure of the 
tissue sample to laser radiation. The longer is the 
exposure of the sample, the weaker becomes the 
autofluorescence of the tissue corresponding to tissue 
photobleaching [12]. 
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Fig. 5 Typical autofluorescence spectrum of squamous 
cell carcinoma in comparison with the spectrum of 
healthy lung tissue.  

The AF spectra of four studied carcinoids were by 
two times smaller in intensity than the mean values of 
the spectra of adenocarcinoma and squamous cell 
carcinoma. The AF spectrum intensity of one of the 
studied samples of carcinoids exceeded the AF value for 
the normal skin by two times. These data allow the 
conclusion that using AF analysis one can rapidly reveal 
the region of spectral anomaly of the tissue, 
corresponding to the lung oncologic pathology, but 
without specifying the particular type of the neoplasm. 

The characteristic differences in the AF spectra of 
normal skin and pathologies allow the conclusion that 
the precision of AF diagnostics of the neoplasm type is 
smaller than that of Raman spectral analysis. Therefore, 
using the AF analysis in the IR spectral range solely, it 
is rather difficult to determine the tumor type reliably. 
However, the possibility exists to use the AF as an 
additional method of analysing neoplasms within the 
complex method of neoplasm type determination 
together with the analysis of Raman spectrum. 

In Ref. [24] it was proved that having N diagnostic 
methods (classifiers, weak hypotheses) wi, it is possible 
to construct the method wN+1=S (strong hypothesis), the 
efficiency of which will exceed those of the methods wi. 
The only necessary condition is that the probability of 
success for every wi should exceed 0.5, i.e., should be at 
least a little better than for random choice from two 
classes.  

One of the autofluorescence analysis application 
fields can be the fast (the mean acquisition time of AF 
signal in our experiments was a few tenths of a second) 
location of tumor boundaries without determination of 
the neoplasm type. Fig. 6 presents a map of AF from the 
sample with squamous cell carcinoma of lung, in which 
the values of the AF intensity are presented at the 
points, located along the tumor section at the distance 
2.5 mm from each other. The calculation of the 
threshold value in the AF map is performed using the 
Otsu method [25]. The points 1-5 correspond to the 
tumor and the points 6-8 to the healthy lung tissue.  

 

Fig. 6 The AF map of squamous cell carcinoma (SCC) 
in the healthy lung tissue.  

4 Conclusion 
The first results of the combined use of Raman 
spectroscopy and autofluorescence analysis demonstrate 
high efficiency of the proposed method for the 
differential diagnostics of lung malignant neoplasms 
The high sensitivity and speed of performing the study 
indicate the high potential capabilities of the method. 

The efficiency of the proposed double-stage method 
of Raman diagnostics of lung neoplasms is, upon the 
average, by 5—10% higher in comparison with other 
methods of diagnostics [5, 8], based on the analysis of 
Raman scattering. The method allows not only the 
detection of the pathology, but also the determination of 
the particular neoplasm type. It is important that the 
individual characteristics of the Raman spectrum 
obtained for the neoplasm and the healthy tissue, are 
compared in each patient (the second stage of the 
study). This approach allows individualisation of the 
neoplasm analysis method. High sensitivity indicators 
are particularly important in the organisation of mass 
screening of neoplasms during the preventive 
examinations, because in this case the method yields no 
false negative results, and the probability of missing the 
disease is essentially reduced. 

The method of Raman spectroscopy has an 
advantage in sensitivity and specificity of determination 
of the particular type of neoplasm, but yields to the AF 
method in the speed of the signal procession (in our 
experiments the acquisition of signal during 2-3 minutes 
at each measurement point was required to reduce the 
noise effect). The combined use of AF and RS 
spectroscopy allows fast detection of the pathology 
presence using the AF determination of its boundary, 
and the analysis of the neoplasm type can be performed 
already inside the selected area, using the RS method.  
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1 Introduction 
It is well known that at present glaucoma is one on the 
main causes of vision loss. The traditional definition of 
the glaucoma notion incorporates a large group of eye 
diseases, characterised by permanent or periodic 
increase of intraocular pressure caused by the disturbed 
afflux of the aqueous fluid from the eye. The pressure 
increase results in the development of visual 
dysfunction, typical for glaucoma, and atrophy with the 
visual nerve excavation. 

The permanent improvement of medicinal 
preparations and methods of affecting the biological 
tissue greatly contributes to the struggle for the patients’ 
health, particularly in ophthalmology, and the use of 
modern optical methods for diagnostics and monitoring 
the eye disease treatment is now a standard procedure 
already available in the majority of medical institutions. 
At the same time, in spite of apparent progress in 
pharmacology, additional studies of the medication 
effect on the eye tissue structural elements remain to be 
an urgent scientific problem, aimed at reducing the 
possible side effects and increasing the efficiency of the 
medical treatment procedures. 

Optical coherence tomography and confocal 
microscopy are widely used methods of noninvasive 
control of the cornea thickness and refractive index, of 
studying its structural features, and of monitoring the 
diffusion of drugs into a tissue [1-6]. Combining several 
visualisation methods allows wider capabilities of 
diagnosing the structural and optical cornea parameters 
[7, 8]. 

The goal of the present paper is to study the short-
term effect of anti-glaucoma drugs Timolol-AKOS and 
Kosopt on the structural components of the human eye 
cornea at their single topical application. 

2 Human eye cornea structure 
The cornea plays the key role in the optical system of 
the eye, provided that it is transparent. The cornea has a 
multilayer structure. From the outer side it is coated 
with epithelium, consisting of six cellular layers with 
the thickness of ~ 40 µm. The basic cornea substance 
(~90%) consists of transparent connective stroma and 
squamous cells (keratocytes) occupying 3-5% of the 
cornea volume. The stroma thickness amounts to ~ 500 
µm. From the front and from the behind the stroma is 
adjacent to two terminal plates. The front plate or the 
Bowman’s layer (~ 10 µm thick) is a derivative of the 
corneal base substance. It is separated from the outer 

epithelium by the ~ 0.05 µm thick membrane. The back 
plate, or the Descemet’s membrane, is a derivative of 
the endothelium that coats the back surface of the 
cornea and the anterior chamber of the eye. Together 
with the endothelium, the thickness of the Descemet’s 
membrane amounts to ~ 10 µm [9, 10]. Fig. 1 shows 
sagittal histological section for light microscopy of 
normal human cornea. 

$
Fig. 1 Sagittal histological section for light microscopy 
of normal human cornea: 1 is the epithelium layer; 2 is 
the Bowman's layer; 3 is the stroma; 4 is the Descemet's 
membrane; 5 is the endothelium layer. Total corneal 
thickness is 540 µm [5]. 

3 Materials and methods of the study 
The study was carried out in the Clinic of Eye Diseases, 
V.I. Razumovsky Saratov State Medical University. 

The eye drops Timolol-AKOS 0.5% (Sintez, Russia) 
and Kosopt (MSD, USA and Canada) were used as the 
studied drugs. 

The eye drops Timolol-AKOS 0.5% (1 ml contains 
6.8 mg of the active substance timolol maleate and 
adjuvants, namely, disodium phosphate dodecahydrate, 
sodium dihydrophosphate monohydrate, disodium 
edetate dihydrate, sodium chloride, benzalconium 
chloride, sodium hydroxide, purified water) are an anti-
glaucoma drug, a nonselective beta-adrenoblocker. 
Being topically applied, Timolol reduces the intraocular 
pressure at the expense of decreasing the aqueous fluid 
formation and minor increase of its drainage. The рН 
value of the preparation measured using the universal 
indicator paper (Likont, Perm) amounted to ~7. 

The eye drops Kosopt (1 ml contains the active 
substances, 22.26 mg of dorzolamide hydrochloride and 
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6.83 mg of timolol maleate, and the adjuvants, namely, 
benzalconium chloride, sodium citrate, mannitol, 
hydroxyethyl cellulose, sodium hydroxide, water for 
injections) are used to treat the increased intraocular 
pressure in the cases of open-angle glaucoma and 
pseudoexfoliative glaucoma. The combined action of 
active substances leads to more expressed reduction of 
intraocular pressure at the expense of reducing the 
secretion of intraocular fluid, probably due to the 
decreased production of bicarbonate ions, which, in 
turn, causes the deceleration of sodium and fluid 
transport. The рН value of the preparation amounts to 
~5. 

The refractive index values of the medicinal 
preparations under study, measured using the Abbe 
refractometer at the wavelength 589 nm, were close to 
the refractive index of saline (0.09% NaCl) ~1.335. 

The study of cornea in vivo was carried by means of 
laser scanning confocal tomography (LCT) using the 
confocal tomograph Heidelberg Retina Tomograph 
(HRT-II) with the cornea module Rostok Cornea 
Module (RCM) (Heidelberg Engineering GmbH, 
Germany) that allowed layer-specific imaging of the 
cornea, limb and conjunctive, as well as the epithelium 
cells counting and intracorneal pachymetry. Optical 
coherence tomography (OCT) was carried out using the 
OCT tomograph Topcon 3D OCT-1000 (Topcon, 
Japan). 

The light source used in the LCT system was a diode 
laser with the wavelength 670 nm. The studied area was 
400×400 µm, the image size was 384×384 pixels, the 
axial resolution was 4 µm and the lateral one was 2 µm. 
The image recording rate was 30 frames per second. 
The examination procedure included the topical 
anaesthesia and the exposure of the contact gel that was 
applied to the water immersion objective. We used the 
manual examination regime, and the measurement of 
cell diameters was semiautomatic. Fig. 2 presents the 
image of the human eye corneal epithelium, obtained 
using the confocal retinal tomograph.  

$
Fig. 2 Image of human eye cornea epithelium obtained 
by means of confocal microscopy. In the image centre 
the area in which the cells are counted is selected. 

In the OCT tomograph the light source was a 
superluminescent diode with the wavelength 840 nm. 
The optical power at the cornea surface was 650 µW 
with the frequency 6.5 Hz, the axial resolution 6 µm, 
and the lateral resolution 20 µm.  

Ten volunteers of the Clinic of Eye Diseases aged 
from 70 to 75 suffering from glaucoma took part in the 

investigations. The patients were randomly divided into 
two groups 5 persons in each. One of the groups was 
treated with Timolol-AKOS and the other one with 
Kosopt. The drugs were dropped into both eyes. 

The OCT/LCT studies were performed before the 
application of the drugs and in 30-40 minutes after the 
application. After each measurement the mean diameter 
of the cornea epithelial cells were calculated from the 
LCT data. (Fig. 2). From the OCT data the mean cornea 
thickness was calculated for every group (Fig. 3). The 
mean diameter of the cornea epithelial cells and the 
mean cornea thickness were measured with built-in 
software of the used devices. 

$
Fig. 3 Image of the human eye cornea cross section 
obtained by means of the optical coherence tomography. 
The figures indicate the cornea thickness in µm. 

The comparison was carried out using the Student's 
test between the initial value of the studied parameter 
averaged over the group and its posterior values at the 
moment of registration also averaged over the group. 
The differences were considered to be statistically 
significant in the case when the value of the parameter p 
was smaller than 0.05. 

4 Results and discussion 
Fig. 4 shows the values of the cornea thickness at the 
initial moment and at different periods after the 
application of the studied preparations. It is well seen 
that Timolol-AKOS causes short-time swelling of the 
tissue; the cornea thickness has first grown by 3% upon 
the average during 20 minutes of observation and then 
began to decrease. Kosopt causes the reduction of the 
cornea thickness by 5% upon the average during 30 
minutes of observation. 

Fig. 5 presents the effect of the studied drugs on the 
size of cornea epithelium cells. Both Timolol-AKOS 
and Kosopt increase the cell diameter by 5% (in 40 min) 
and 1% (in 30 min), respectively.  

The statistical analysis of the studied parameters has 
shown that the increase of the mean cornea thickness in 
20 minutes after the application of Timolol-AKOS in 
comparison with the initial values is statistically 
significant. The increase of the epithelial cells diameter 
during the same period of time is statistically significant 
as well. 

The comparison of the mean cornea thickness at the 
initial moment of time and in 30 minutes after the 
application of Kosopt has demonstrated statistical 
significance of the difference. However, the variations 
of the epithelial cell diameter appeared to be 
insignificant, so that it is possible to conclude that this 
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preparation does not essentially affect the cornea 
epithelial cells. 

 
From the experimental data presented above it is 

seen that the anti-glaucoma preparations Timolol-
AKOS and Kosopt, executing their main function of 
reducing the intraocular pressure by decreasing the 
amount of the produced intraocular fluid, affect the eye 
cornea in a slightly different way. Thus, Timolol-AKOS 
causes the cornea swelling, while after the use of 
Kosopt the cornea thickness decreases. Besides the 
different composition of the drugs (side effect of timolol 
maleate is edema of the corneal epithelium), this effect 
may be explained by the different pH values of the 
solutions. The experiments with the rabbit cornea in 
vitro described earlier in Ref. [11] demonstrated that the 
hydration degree of the cornea decreases and reaches its 
minimum in 20 minutes after putting the tissue sample 
into the buffer solution with рН = 5. From Fig. 4 it is 
seen that Kosopt having pH ~5, causes the reduction of 

the cornea thickness, while Timolol-AKOS having pH 
~7 causes the tissue swelling. 

5 Conclusion 
As a result of the performed complex studies of the 
effect of anti-glaucoma drugs on the condition of the 
cornea using the optical coherence tomography and 
laser confocal tomography it was shown that the 
preparation Timolol-AKOS 0.5% causes the cornea 
swelling within the limits of 5%, which also affects the 
increase of the epithelial cells diameter. On the contrary, 
the use of Kosopt leads to the observable cornea 
dehydration. 

The work was carried out within the frameworks of 
the Programme for Increasing the Competitive Ability 
of Tomsk State University and under the partial support 
from the President of Russia, grant “Leading Scientific 
Schools” No. 1177.2012.2. 

 

$
Fig. 4 Human eye cornea thickness in vivo at different time moments under the action of the studied drugs. 

$
Fig. 5 Human eye cornea epithelium cell diameter in vivo in different periods of the action of the studied drugs. 
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1 Introduction 
Red blood cell sedimentation velocity, also called 
erythrocyte sedimentation rate (ESR), is an indicator in 
clinical diagnosis and an auxiliary method for indicating 
possible underlying disease [1-4]. The initial method for 
measuring ESR in test tubes was described by 
Westergren [5]. The analysis of the results is not very 
straightforward. There are variations in the ESR values 
of healthy controls [6] and the ESR value may be 
affected by several factors in different diseases [7]. 
However, ESR measurement is still used as a test to 
screen and monitor disease processes that affect plasma 
proteins and the ESR value [8]. The RBC aggregation 
process can be altered in the case of a disease compared 
with healthy controls [9], which also affects the ESR 
value.  

In vitro methods of diagnosing red blood cell 
aggregation include both optical and acoustical 
techniques, namely, backscattering optical radiation [9], 
small-angle light scattering [10], optical coherence 

tomography (OCT) [11], and ultrasonic backscattering 
[12,13]. Also other methods can be found in literature, 
e.g. X-ray phase contrast imaging [14]. Optical methods 
are based on light scattering and detection of changes in 
the scattered signals. Both backscattering and 
transmitted light can be measured [15,16]. They are also 
sensitive to changes in the refractive index. Commercial 
instruments facilitate laboratory analysis [15]. In the 
ultrasound method [12], measurement of backscattered 
power is dependent on the scatterer concentration. This 
scatterer density is high in blood, and therefore it makes 
ultrasonic blood characterization difficult. A nonlinear 
relationship has been found between backscattering 
power and scatterer concentration in an extremely dense 
medium (such as blood) [17]. Backscattering is 
dependent on an acoustic impedance mismatch between 
the tissue and cell components [12]. In blood, this 
means the acoustic impedance difference between RBCs 
and the surrounding medium. More specifically, it is 
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related to hemoglobin concentration inside and outside 
of RBCs [18]. 

Illuminating a sample with short laser pulses can 
result in generation of acoustic waves that travel 
through the examined medium. The sample’s optical 
absorption at a certain wavelength will affect the 
strength of the acoustic signal. Other parameters 
affecting the signal are the volume expansion 
coefficient and specific heat capacity. The PA signal 
generation principle differs from the ultrasonic 
backscattering technique, and different problems are 
associated with that technique than with the ultrasonic 
technique [19]. Earlier papers on monitoring blood 
sedimentation with photoacoustic and photothermal 
methods have used chopped light and phase-sensitive 
detection [20-22]. Both amplitude and phase have been 
analyzed. These parameters tell about the sample’s 
properties during the sedimentation process [20-22]. 
Helander et al. [22] found that a lower initial RBC 
concentration gave a higher final amplitude value, 
probably due to the more closely packed structure of the 
RBCs at the bottom of the cuvette at the end of the 
experiment. Different theoretical models have been 
developed to understand the physics behind the 
sedimentation process [2,20,23]. Earlier PA studies on 
blood sedimentation were focused on understanding the 
dynamics of sedimentation and modeling the process 
[20-23]. On the other hand, blood rheology in vivo can 
be studied, e.g. by photoacoustic flow cytometry 
(PAFC), where rheological processes can be monitored 
at a single RBC level [24]. Several blood parameters, 
such as blood viscosity, hematocrit, and RBC 
aggregation affect kinetic and flow properties in vivo 
[24]. 

Non-specific adsorption of aggregating plasma 
proteins on the surfaces of RBCs will induce RBC 
aggregation [9,25,26]. RBC aggregation can also be 
induced with dextrans [4,26]. The OCT technique for 
characterizing blood sedimentation has been studied 
extensively during the last ten years. In addition, 
different biocompatible agents, such as dextrans, have 
been used to study optical clearing to enhance OCT 
imaging depth and light penetration [27-33]. Also, 
theoretical models have been developed to understand 
optical methods in more detail [34], as well as blood 
optical clearing induced by local hemolysis [35]. 

Recent increased utilization of the PA technique in 
imaging and sensing applications [19,36-38] has also 
raised interest towards in vitro diagnostics of blood 
aggregation properties with the PA method [39,40]. 
Saha et al. performed Monte Carlo simulations to study 
the effect of RBC aggregation on the PA signal [39], 
whereas Hysi et al. used a pulsed laser to induce PA 
waves in the sample and used the acoustic frequency 
spectrum to analyze RBC aggregation [40]. Galanzha 
and Zharov have done valuable work in the field of 
PAFC and blood diagnostics in vitro and in vivo [24].  

The aim of this work was to explore the capability of 
the pulsed photoacoustic (PA) technique to monitor 
dextran-induced changes in the sedimentation rate in 

diluted whole blood as well as washed RBC samples 
with different hematocrit values. Here it is shown that it 
is possible to monitor the sedimentation process with 
PA pulse delays generated by absorbing optical pulses 
in the moving blood layer. OCT is used as a parallel 
method to enhance understanding of the changes in the 
RBC samples during the experiments. The results are 
discussed in relation to data found in literature which 
have been obtained with optical methods. 

2 Materials and Methods 

2.1 Sample preparation 
Blood samples were taken from a healthy volunteer 
(male, 33 years). EDTA was used to prevent 
coagulation. Table 1 presents the ingredients of the 
different samples. Samples 1–4 were prepared by 
diluting whole blood with PBS (Thermo Scientific, 
HyClone Laboratories, Inc., Utah, USA). Samples 5–8 
were prepared by diluting RBC mass with the same 
PBS. RBCs were separated from the whole blood with a 
centrifuge and washed with PBS (two times 10 min at 
2000 rpm). Dextran T500 (Pharmacia Fine Chemicals 
AB, Uppsala, Sweden, molecular weight ~500000) was 
used in the experiments to induce RBC aggregation. 
When washed RBCs were used, also bovine serum 
albumin (Sigma Chemicals CO., St. Louis, MO, USA) 
with a concentration of 1.0 g/dl (1 % albumin 
concentration was taken from Ref. 41) was used. The 
experiments were repeated on two separate days with 
two different sets of samples (denoted as sample (1–
8)_1 and sample (1–8)_2). 

Table 1 Samples with different analytes. 

No. Sample Dextran 
(g/dl) 

Albumin 
(g/dl) 

Hct 
(%) 

1 diluted blood 0 0 31 

2 diluted blood 0.5 0 31 

3 diluted blood 0 0 21 

4 diluted blood 0.5 0 21 

5 washed RBCs 0 0 27 

6 washed RBCs 0.5 1.0 27 

7 washed RBCs 0 0 18 

8 washed RBCs 0.5 1.0 18 

2.2. Measurement setup 
Fig. 1 shows a schematic diagram of a measurement 
setup. A diode-pumped solid state Nd:YAG laser with a 
passive Q-switched crystal (model LCS-DTL-324QT) at 
a wavelength of 1064 nm was used in the 
measurements. The pulse repetition rate of the laser was 
500 Hz and the pulse length was < 10 ns. The pulse 
energy was ≈ 106 µJ before entering the optical fiber. 
The optical pulse was slightly focused on the sample 
surface after the fiber to form a spot with a diameter of 
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~2 mm. A photoacoustic transducer with a center 
frequency of 1 MHz (Panametrics V103) was used to 
detect acoustic signals. The signals were amplified with 
a preamplifier (Olympus 5662) and the data were 
collected with a data acquisition card (National 
Instruments, PCI-5124). A sampling frequency of 20 
MHz was used and the signals were averaged 500 times. 
A cuvette was made of grey PVC (polyvinyl chloride) 
plastic material. The cuvette dimensions were: thickness 
5 mm, width 25 mm, length 40 mm, the total volume 
being 5 ml. The acoustic transducer was placed under 
the cuvette at a 5 mm distance from the sample. A 1-
mm-thick glass plate was used on the upper side of the 
cuvette. 

Optical coherence tomography was used to monitor 
blood sedimentation simultaneously with the PA 
experiment. A commercial OCT device (manufactured 
by the Institute of Applied Physics, Nizhny Novgorod, 
Russia) was used. The wavelength of the light source 
was 910 nm, axial resolution in air < 10 µm, and spatial 
resolution < 10 µm for 1-x magnification. The details of 
the device are described elsewhere [42]. 

 
Fig. 1 Measurement setup. 1. Computer with data 
acquisition card and software, 2. Cable for triggering, 3. 
Laser source, 4. OCT device, 5. OCT probe, 6. Optical 
fiber illumination with laser pulses, 7. Cuvette with 
sample, 8. Pietzoelectric transducer, 9. Preamplifier. 

2.3 Measurement protocol 
Samples were prepared right before the measurements. 
The samples were prepared and the measurements were 
taken at room temperature. Blood and washed red blood 
cells were diluted to the final concentration and the 
sample was carefully mixed. The samples were loaded 
onto the cuvette and the PA and OCT measurements 
were started immediately. The PA signal waveform was 
saved on the computer at time points 0, 2, 4, 6, 8, 10, 
15, 20, 25, and 30 minutes. In four cases out of 16 
measurements the experiment was stopped earlier than 
at 30 min due to the fast sedimentation process. The 
time delay of the pulse peak as well as the pulse 
amplitude values were extracted from the wave shapes. 
The OCT signal was recorded during the same period 
for further analysis. To visualize the sedimentation 

process, only a-scans were registered from a single 
point as a function of time (see Fig. 3). Fifty a-scans 
were averaged for samples without dextran and five a-
scans for samples with dextran. Different averaging was 
used because sedimentation kinetics varied considerably 
between the different samples. The image dimensions 
were 2500 x 500 pixels, corresponding to  
550 µm x 1931 µm. 

2.4. Signal analysis 
The amplitude of the PA signal is proportional to the 
optical absorption coefficient µa and the Grüneisen 
parameter Γ, which is defined by βv2/CP. Eq. (1) shows 
this relation: 

ΔP = ρv2 ⋅βΔT =
βv2

CP

⎛

⎝⎜
⎞

⎠⎟
⋅
Ea
V

⎛
⎝⎜

⎞
⎠⎟
= ΓHfµa ,  (1) 

where Ea/V is the absorbed optical energy density that 
equals the product of laser fluence Hf and the sample’s 
optical absorption coefficient µa. β is the volume 
expansion coefficient, Cp is specific heat at constant 
pressure, and v is the velocity of acoustic waves in the 
medium [43]. Hence, all these parameters take part in 
acoustic pulse generation. The photo-induced pressure 
rise ΔP propagates outside the irradiated volume in the 
form of an acoustic wave. It is worth noting that Γ is 
sensitive to temperature, and temperature changes can 
affect the measurements [19,36].  

Fig. 2(a) shows examples of the PA pulse profiles 
from one experiment. The pulse amplitude generated in 
the sample (A1), the time delay (∆t), and the amplitude 
from the bottom of the cuvette (A2) are analyzed in 
detail. It is clearly seen from Figs. 2(a) and (b) that the 
pulse amplitude increases and shifts to the earlier times 
(pulse delay decreases) when blood sedimentation 
occurs. 

Sedimentation velocity can be deduced from curve 
2(b) [44], v=s/Δt, where s is the propagation distance of 
the blood layer during time Δt and is the product of the 
pulse peak time shift and acoustic velocity. Δt is the 
period for that time (e.g. 10 min). The pulse peak shift is 
in the range of microseconds and the value of 1550 m/s 
is used for acoustic velocity [45].  

Relative change in the PA pulse arrival time was 
calculated to facilitate easier comparison of the 
sedimentation dynamics between samples. The pulse 
arrival times of the experiments with different samples 
were divided by the arrival time of the signal at the 
beginning of each experiment (at time 0 min). Fig. 4 
shows relative values (a.u.), and values smaller than 1 
indicate faster arrival of the PA pulse on the detector 
than at the initial stage of the experiment.  

Errors in the sedimentation velocity were estimated 
by defining the timing error (time to save the PA signal 
and its deviation from full minutes) and calculating a 
relative error by dividing this error by the time used in 
velocity estimation (see Table 2). The effect of possible 
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temperature variation on acoustic velocity was taken 
into account by adding an error of ± 1°C (± 2m/s, see 
text later) in acoustic velocity. Errors were rounded up 
to get reasonable error estimation together with the 
extracted result (see Table 2). 

 
Fig. 2 (a) Photoacoustic signals at different time points 
of the experiment when measuring sample 2_2 and (b) 
the time delay of the PA pulse as a function of the 
measurement time. 

The OCT images were analyzed by selecting 
averaged a-scans from two points in the image and 
recording the time position of those a-scans (Fig. 3). 
The velocity estimation range was selected so that 
maximal velocity could be found. Time dependency of 
the sedimentation velocity was shown by Antoniow et 
al. [20]. Then the depth profiles were plotted and the 
change in the depth of the blood-plasma/PBS layer was 
calculated. The following values for the refractive index 
of plasma and PBS were used in the calculations:  
nav= X*nplasma + Y*npbs: nplasma = 1.347 [46], and  
nPBS = 1.333 [46], resulting in the following mean 
values for the samples’ background medium:  
1: nav= 1.3414, 2: nav= 1.3414, 3: nav= 1.3386,  
4: nav= 1.3386 , 5: nav= 1.333, 6: nav= 1.333,  
7: nav= 1.333, and 8: nav= 1.333. In OCT, an error of 2 
pixels in reading the image was considered as 
experimental error in defining sedimentation velocity. 
The time of an averaged a-scan was calculated from the 
total measurement time divided by the number of 
averaged a-scans in the image (2500). Errors were 
rounded up to get reasonable error estimation together 
with the extracted result (see Table 2). 

 
Fig. 3 (a) OCT image from sample 2_1 and (b) OCT 
signal depth profiles from sample 2_1 (figure (a)) at 
time points 64 s (dashed line) and 321 s (solid line) 
from the beginning of the experiments. The profiles are 
an average of 50 a-scans (modified from Fig. 6, Ref. 
[44]). 

3 Results and discussion 
Fig. 2(a) shows the PA pulse profiles from a blood 
sample with dextran at different time points of the 
experiments. The PA signal amplitude is proportional to 
the RBC concentration, i.e. hematocrit, and hence, to 
optical absorption [47]. The amplitude increases when 
the RBC concentration in the absorbing layer increases. 
Also other physical and optical properties of the sample 
may vary simultaneously. The PA amplitude is sensitive 
to changes in the contact of the transducer. Therefore, 
the time delay of the pressure pulse is a more reliable 
measure and is analyzed in more detail. Fig. 4 (a) shows 
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relative changes in the PA pulse arrival time in diluted 
blood samples (1–4) during the sedimentation process, 
whereas Fig. 4(b) shows the results for washed RBC 
samples. The dynamics of sedimentation are clearly 
visible. The same can be seen in Fig. 3(a). These 
findings support earlier investigations [28]. The 
sedimentation process has non-linear behavior, which 
has also been found in some other publications 
[2,20,23]. It can be seen that dextran makes the 
sedimentation process faster by inducing RBC 
aggregation. Another phenomenon slowing down the 
process is the dextran-induced increase in plasma 
viscosity [48,49]. Dextran-induced increase in blood 
viscosity is mostly due to red blood cell aggregation 
[49].  

%
Fig. 4 (a) Relative change in the PA pulse delay as a 
function of the measurement time for diluted blood 
samples and (b) relative change in the PA pulse delay as 
a function of the measurement time for washed RBCs. 

It is clearly seen in Fig. 2(a) that blood 
sedimentation increases light transmittance through the 
RBC layer. More light hits the cuvette, light is absorbed 
in the plastic and generates an acoustic wave due to 
thermoelastic expansion, and the PA signal amplitude 
(A2) from the bottom of the cuvette increases. The 
hematocrit of the sample affects the sedimentation rate 
[2]. It was found (Fig. 4(a)) that the sedimentation 
process was the fastest with samples 4, where RBC 
concentration was the lowest.  

The same effect can be seen in Fig. 4(b), where 
dextran increased the sedimentation rate. Due to the 
limited measurement time (30 min) and slow 

sedimentation velocity, the PA signal amplitudes from 
diluted whole blood samples remained almost constant, 
while dextran greatly increased the amplitude (Fig. 5).   

%
Fig. 5 Scaled PA signal amplitude as a function of the 
measurement time for different washed RBC samples. 

Changes in the acoustic pulse delay tell about 
changes in the PA pulse generating area, and hence, in 
the sedimentation of the RBCs. The optical properties of 
the sample will change during RBC aggregation 
[28,34]. The anisotropy factor g is larger for aggregates 
than for single cells. RBC aggregates are larger than 
single cells, and hence, light scattering will be more 
forward directed [34]. When blood sedimentation 
occurs, the layer with RBCs becomes thinner and the 
multiple scattering properties will change as the cells 
get closer to each other. It is also worth remembering 
that dextran will increase the refractive index of the 
sample, reducing the refractive index mismatch between 
RBCs and the background medium and reducing 
scattering (optical clearing) [27,33]. Decreased 
scattering increases optical energy density in the 
illuminated sample area [50]. Absorption also increases 
due to the increased cell density. These effects result in 
an increased PA amplitude (Fig. 5). This is also seen as 
increased transmittance in OCT experiments [28,30,31]. 
The acoustic source is hence moving down and its 
properties are changing due to the changing optical 
properties. The earlier findings with OCT [28] are now 
supported also by PA experiments, as shown in Figs. 4 
and 5. It must be pointed out that when the background 
suspension of the blood sample is changed from plasma 
to PBS, e.g. from whole blood to washed RBCs, the 
refractive index of the background medium changes 
from 1.347 (for plasma) to 1.333 (for 0.9 saline solution 
or water) [46]. This alters the optical scattering 
properties of the sample [46]. The highest OCT signal 
intensity, i.e. the best image contrast, was achieved from 
samples 1 and 3.  

The sedimentation rate varied considerably during 
the experiments, especially when the aggregation 
process was enhanced. Hematocrit also affects sound 
velocity [45], being smaller for diluted concentrations. 
Acoustic wave velocity is dependent on both the 
sample’s temperature and its blood hematocrit value. 
Sound velocity for a 1.0 % saline solution of water is 
1493.6 m/s at 20°C and 1538.9 m/s at 40°C [45]. For 
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blood plasma the velocity is 1546 m/s, and for whole 
blood, 1584.2 m/s (at 37 °C) [45]. It was found that the 
temperature dependence of the acoustic velocity of 
blood is – 2m/s / °C. This value was used in error 
estimation, giving 0.13 % error. Hence, for 20 °C the 
value is 1550 m/s. Another source gives a value of 1535 
m/s for PBS, 1553 m/s for plasma, and 1590 m/s for 
whole blood at 37 °C [51]. Variation in sound velocity 
in different samples may induce a small error in the 
estimated sedimentation values. It is also worth noting 
that viscous properties are different for plasma and PBS 
[46]. Viscosity is also dependent on temperature, being 
higher at room temperature than at 37 °C [52]. Dextran 
will also increase viscosity [48,49], reducing the 
sedimentation rate at high dextran concentrations [48]. 
Hence, the effects of viscosity must be taken into 
account when analyzing dextran-induced aggregation 
and enhanced sedimentation rate [48].  

Table 2 shows velocity values extracted from both 
PA signals and OCT images. The velocity estimation 
range was selected so that maximal velocity could be 
found from the measured data. The time-dependent 
change in the sedimentation velocity is found in the 
work of Antoniov et al. [20]. Dextran accelerated the 
sedimentation velocity more than 10-fold. In some cases 
the effect of dextran was found to be higher in samples 
with lower hematocrit. When the sedimentation rates for 
diluted blood (with plasma) and RBCs in PBS were 
compared, the results resembled each other 
considerably. The values in Table 2 for samples without 
dextran match well with typical values found in the 
literature, which are 0–15 mm/h for men and 0–20 
mm/h for women [6,28].  The plasma proteins of whole 
blood induce a certain amount of RBC aggregation also 
in healthy blood samples, which might affect the 
variation in sedimentation times between different 
persons [26]. 

Sources of error in the experiments are the accuracy 
of saving the wave shape during the experiments (0.11–
6.67 %) and sample preparation accuracy. The wave 
shape might also be affected by the transducer’s 
bandwidth, which makes the analysis of the pulse shape 
inaccurate. Time-resolved detection of PA signals with 
a wide frequency bandwidth transducer will be a part of 
future research. Figs. 4 (a) and (b) also show that 
samples 4 and 8 exhibit very rapid sedimentation. 
Therefore, a reliable value for the sedimentation rate 
could not be extracted for sample 1_8 (see Table 2). 
Hence, real-time data acquisition would be better, and 
the software will be developed in the future. 

Sample-to-sample variation in sedimentation 
kinetics affects repeatability. Velocity differences 
obtained with OCT and PA methods might be explained 
by the different depths used in the analysis. In the 
current measurement procedure, the time point during 
the measurement can be more accurately determined 
from OCT images than from PA pulses (error in Table 
2). In addition, the OCT signal’s focus point in the 
sample affects signal intensity and image contrast [53]. 
Low image contrast makes estimation of sedimentation 

velocity difficult. In the PA experiments the detected 
signal shape and amplitude might be affected by the 
laser beam’s spot size and the energy density of the PA 
wave source [54]. 

The sedimentation process can be analyzed as a two-
layer system. The upper layer consists of plasma or PBS 
and the lower layer of RBCs. The thickness of the upper 
layer increases as a function of time and the thickness of 
the lower layer decreases [20,29–31]. Heat and light 
transfer are complex in such systems [20,21]. The 
optical signal is converted to an acoustic pulse at the 
surface of the RBC/plasma layer. It is well known that 
this surface is not a pure reflecting surface [28,34]. It 
can be seen from Fig. 3 that the light intensity in the 
sample has a maximum at a certain depth. However, it 
must be noted that the optical absorption of red blood 
cells is almost two orders of magnitude higher than that 
of blood plasma and platelets [46]. Also, optical 
scattering is three or more orders of magnitude larger in 
red blood cells that in plasma and platelets [46] at the 
wavelength used—1064 nm. Hence, their effect on PA 
pulse generation is negligible.   

Earlier research has demonstrated that the PA 
amplitude is dependent on the hematocrit [47]. Saha et 
al. found in simulations that the intensity of the PA 
signal increases when single RBCs form clusters [39]. 
The amplitude of the PA signal also increases when the 
RBC concentration of the illuminated area increases. 
Hence, those results support the findings in this paper. 
Aggregation affects scattering [34] and other optical 
properties. OCT is extensively studied in the context of 
different optical clearing agents [27–31]. The data in 
this paper show and support the fact that OCT can be 
used to monitor the sedimentation kinetics of various 
blood samples with different hematocrits.  

4 Conclusions 
The pulsed photoacoustic technique was demonstrated 
to be capable of detecting blood sedimentation 
dynamics in vitro. Photoacoustic pulse delay was found 
to be a good indicator for monitoring dextran-
accelerated RBC sedimentation, both with diluted blood 
samples and with washed RBCs. Changes in the optical 
properties of the sample clearly affected acoustic signal 
generation in the sample and at the bottom of the 
cuvette.  
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Table 2 Sedimentation velocities calculated from PA and OCT signals and time intervals for the estimation of the 
sedimentation velocities. 

Sample 
sample set 1, 
velocity 
estimation range 

sample set 1,  
PA 
measurement 
(mm/h) 

sample set 2, 
velocity estimation 
range 

sample set 2, PA 
measurement 
(mm/h) 

sample set 2, 
velocity 
estimation 
range 

sample set 2, 
OCT 
measurement 
(mm/h) 

1 0–30 min 1.6 ± 0.1 0–30 min 1.9 ± 0.1 5.3–16.2 min 1.0 ± 0.1 
2 2–6 min 26.7 ± 1.0 2–6 min 38.4 ± 0.7 0.1–1.0 min 15.3 ± 0.1 
3 0–30 min 1.2 ± 0.1 0–30 min 1.7 ± 0.1 5.0–15.1 min 1.2 ± 0.1 

4 0–4 min 39.5 ± 0.8 0–4 min 40.7 ± 2.8 0.2–0.4 min 29.9 ± 0.1 

5 0–30 min 1.4 ± 0.1 0–30 min 1.7 ± 0.1 10.5–21.0 min 1.5 ± 0.1 

6 0–4 min 39.5 ± 2.1 2–6 min 32.6 ± 0.9 0.2–0.7 min 19.5 ± 0.1 

7 0–30 min 3.3 ± 0.1 0–30 min 2.2 ± 0.1 5.6–9.4 min 1.6 ± 0.1 
8 - - 0–6 min 35.7 ± 0.1 0.2–0.5 min 32.6 ± 0.1 
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Abstract.!Mouse&models&are&commonly&used&as&research&tools&to&understand&regulatory&
pathways&affected&by&human&diseases&and&disorders.&Live&imaging&tools&for&visualization&
of& mouse& embryonic& ocular& tissues& would& be& beneficial& in& research& associated& with&
developmental&ocular&defects.& In& this& study,& in!utero& quantitative&assessment&of&ocular&
structures& in& mouse& embryos& was& performed& with& a& swept>source& optical& coherence&
tomography& (SSOCT).& To& define& developmental& changes& in& eye& morphology& in& live&
embryos,& the& volume& of& the& embryonic& eye& lens& and& the& globe& at& different& embryonic&
stages&ranging&from&E13.5&to&E18.5&was&quantified.&It&is&determined&that&the&major&axis&
diameter& of& the& eye& lens& and& the& globe&was& found& to& increase& from& 0.44±0.18&mm& to&
0.98±0.05&mm&and& from&0.56±0.22&mm& to&1.23±0.14&mm,& respectively,& as& the& embryo&
ages&from&E13.5&to&E18.5.&For&the&same&stages,&the&volume&of&the&eye&lens&and&globe&was&
found&to&increase&from&0.028±0.027&mm3&to&0.32±0.08&mm3&and&from&0.09±0.08&mm3&to&
0.75±0.27& mm3,& respectively.& These& results& suggest& that& OCT& can& accurately& assess&
developmental& processes& of& ocular& structures& and& can& be& potentially& used& to& assess&
embryonic& ocular& growth& in&mouse&mutants&with& eye& abnormalities& and& to& study& the&
effect& of& toxicological& and& pharmacological& agents.& ©& 2015& Samara& State& Aerospace&
University&(SSAU).&
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1 Introduction 
Embryonic development is an intricate process 
regulated by both, genetic and environmental factors. 
Animals such as zebra fish [1], chick, [2] and mice [3] 
are commonly used as models for human ocular 
diseases. Mice have been the preferred animal to study 
mammalian development and human congenital 
disorders due to easily manipulated genomes. A wide 
range of mutant models are available for various human 
diseases, including ocular defects such as cataract [3], 
glaucoma [4], retinoblastoma, [5] and intraocular 
tumors [6].  

Histological studies have been traditionally used to 
study ocular defects; however, the lack of 3D 
information, tissue deformation during fixation and 
processing, and the inability to perform live studies 
limits the information that can be gained and precludes 
longitudinal analysis of a single sample. Imaging tools 
such as magnetic resonance imaging (MRI) and 
ultrasound (US) allow performing repeated observations 
in mouse embryos. These methods are noninvasive and 
can capture real-time, 3D, structural and dynamic 
information, however, the spatial resolution of these 
approaches is a limitation for embryonic ocular 
research.  While ex vivo MRI imaging of fixed mouse 
embryos has previously been performed with up to 20 
µm of resolution, in utero imaging only allows for 
resolution of about 100 µm; besides with long imaging 
times (~ 2h) required to achieve sufficient signal-to-
noise ratio (SNR) [7]. High-frequency US is a well-
established approach for mouse embryo research. 
Measurements of the anterior chamber using an 
ultrasound bio-microscope (UBM) were performed to 
study the development of glaucoma in mutant mice at 

different ages ranging from 2 to 30 months [8]. UBM 
has also been utilized to monitor the development of 
ocular tissues at different stages of embryonic and 
postnatal development, for instance to examine the 
regression of hyaloid vasculature in mice [9, 10]. High 
frequency ultrasound imaging can achieve axial 
resolution of up to 30 µm and lateral resolution of about 
90 µm, which might not be sufficient to resolve fine 
details within the developing eye.  

Recently we have demonstrated that Optical 
Coherence Tomography (OCT) technique has clear 
advantages in resolution and the provides sufficient 
contrast for structural and functional imaging of 
mammalian embryos [12-15].  OCT is a noninvasive 
optical imaging modality which is capable of high speed 
(MHz A-line rate), high resolution (~2-20 µm), real-
time 3-D imaging without requirement for any external 
contrast agents as it relies on inherent optical contrast 
[11]. By combining live mouse embryo manipulation 
approaches with OCT, we developed approaches for 
live in vivo and in utero longitudinal mouse embryonic 
imaging and demonstrated that these methods allow for 
visualization of ocular structures [16, 17]. In this study, 
we performed, for the first time to the best of our 
knowledge, a quantitative assessment of mouse 
embryonic ocular structures at different stages of 
development in utero with OCT. Acquired 
measurements were correlated with previously reported 
values obtained with UBM. While our results correlate 
with previously reported values, the spatial resolution of 
OCT gives a potential for more accurate assessment of 
embryonic development and visualization of structures, 
which are not accessible with other available methods.  
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2 Methods 

2.1 Imaging system 
A swept-source optical OCT (SS-SOCT) system has 
been employed in this study to visualize embryonic 
ocular structures [14]. The SS-OCT system comprises 
of a swept-source laser (Thorlabs SL-1325-P16), with a 
wavelength range of 1325 ± 50 nm, scan rate of 16 kHz 
and an output power of 12 mW. The power on the 
sample arm is 3.6 mW. A beam-splitter splits the laser 
beam in the ratio of 90% and 10% into the sample and 
reference arms, respectively. The interference pattern 
formed from the back-reflected light from the sample 
and the reference arms is detected by a balanced 
photodetector (Thorlabs, PDB 140C) and digitized by a 
14-bit ADC (AlazarTech). An external Mach-Zehnder 
interferometer (MZI) clock is used for linear k-space 
calibration. Fast Fourier transform (FFT) is performed 
on the calibrated data to obtain 1D depth scan (A-scan). 
Galvanometer-mounted mirrors are used to perform 2D 
and 3D imaging by scanning the laser beam on the 
surface of the sample. The axial and transverse 
resolutions of the system are measured to be 12 µm (in 
air) and 15 µm, respectively.  

2.2 Mouse manipulations 
All animal manipulation procedures described here were 
approved by the Animal Care and Use Committee of the 
University of Houston. The animal manipulation 
protocol is described in details in our previous 
publication [16]. Briefly, the pregnant CD-1 mice at the 
desired gestinational stage have been anesthetized using 
isoflurane by inhalation. The anesthetized mouse was 
placed on a heating platform maintained at 37° C during 
the entire procedure. An electrical razor was used to 
remove the abdominal fur at the incision site. An 
incision of ~1-2 cm was made on the abdomen to 
expose the uterine horn for imaging. OCT imaging of 
the embryonic ocular structure was performed through 
the uterine wall. From every litter, 2-3 embryos were 
imaged. Each 3D volume contained 512×512×512 
pixels. The lateral scan size depended on the size of the 
eye. The later pixel resolution was ensured to be at least 
as much as the transverse resolution (15 µm). The in 
depth scan range was always 3 mm (in air). The beam in 
the sample arm was focused on the ocular structures of 
the embryonic eye. At least five embryos from each 
stage were analyzed. Each embryo was imaged only 
once for the purpose of this study. Following the 
imaging session, the adult mouse was sacrificed. 
Measurements were made at different stages ranging 
from embryonic day (E) E13.5 to E18.5.  

2.3 Eye volume measurements  
To estimate the volume of the eye, we assume the eye to 
be of oblate spheroid shape [9]. The volume (V) of the 
oblate spheroid is given by equation (1); [9]: 

! = ! !!!!
!!, (1)  

where, a is the major axis radius and c is the minor axis 
radius. The minor axis of the eye is along the optical 
axis of the eye and the major axes radii are 
perpendicular to it. Orienting embryos in utero for 
imaging is a challenging task, and the optic axes of the 
embryo eye can be randomly located within the 
acquired data set during imaging. To overcome this, a 
Matlab based application was developed to perform 
manual 3D rotation of the data set to orient the cross-
sectional visualization plane along the optic axis of the 
eye. The application allows a user to view and manually 
rotate the eye in three dimensions until the entire major 
and minor axis radii can be captured in a single 2D 
frame individually. Since the original scanning 
distances as well as the rotation angles in three 
dimensions are known, the distances after 3D rotation 
can be computed using coordinate transformation. The 
number of pixels along each direction of the 3D volume 
was scaled corresponding to the scanning distance so 
that the 3D voxel is cubic. The refractive index was 
assumed to be 1.4 [18] and does not change 
significantly with development. Once the 3D OCT data 
sets were rotated to correct the alignment, ImageJ 
software was used to measure the diameters along the 
major and minor axes.  

3 Results 
Typical OCT images containing embryonic eyes 
acquired in utero at different stages are presented in Fig. 
1. Even at the latest state (E18.5), the imaging depth of 
OCT is able to capture the entire eye with sufficient 
contrast. Different embryonic ocular structures 
including lens and retina are easily identifiable (as 
labeled). The difference in size and morphology is 
clearly distinguishable between the developmental 
stages, as expected.  

To orient the OCT data sets along the optic axes of 
the embryonic eye for measurement, we developed and 
applied a Matlab based application (as described in the 
Materials and Methods section). The effect of 3D 
rotation of the mouse embryo eye data set is 
demonstrated in Fig. 2. Figs. 2(a, c) show the OCT axial 
and transverse cross-sections of the eye prior to 
application of the code, while Figs. 2(b, d) demonstrate 
corresponding cross-sections after the OCT data set 
rotation.  

The major and minor axes diameters were measured 
from the oriented 3D data sets using the ImageJ 
software. To estimate the volume of the eye, the shapes 
of the eye lens and the eye globe are assumed to be 
oblate spheroid. An oblate spheroid is circular in its 
transverse cross-section (in our convention, xy plane) 
and elliptical in its axial cross-sections (xz or yz plane), 
with its major axes (x and y axes) along the transverse 
directions and its minor axis along the axial direction (z 
axis). Since an oblate spheroid is circular in its 
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&
Fig. 1 2D OCT images through the eye in utero at different stages of embryonic growth. 

&
Fig. 2 2D cross-sectional OCT images before and after rotational orientation of the 3D OCT data set. (a) Axial cross-
sectional image before 3D rotation. (b) Axial cross-sectional image after 3D rotation. (c) Transverse cross-sectional 
image before application of the rotational orientation algorithm. (d) Transverse cross-sectional image after the rotational 
orientation of the 3D data set. 

&
transverse direction, the measurement of the major axis 
diameters along the x-axis and the y-axis should be the 
same. It can be observed from Fig. 2b that the axial 
cross-section of the eye lens and globe is elliptical and 
the circular nature of the transverse cross-section is 
apparent in Fig. 2d. To further validate the assumption 
of oblate spheroid shape, the major axis diameter from 
both the x-axis and the y-axis (transverse axes) of the 
eye lens and globe at different growth stages were 
measured and presented in Figs. 3a and 3b, respectively. 

The slope of 0.91 with R2 (coefficient of determination) 
value of 0.84 for the eye lens and slope of 0.85 with R2 
value of 0.87 for the eye globe implies that the 
diameters of major axes in the transverse direction are 
similar, which justifies the assumption that the entire 
eye lens and eye globe are close to the oblate spheroidal 
shape [9].  

The major axis diameters from different stages of 
embryonic growth, obtained using OCT, are presented 
in Fig. 4. It can be noted from Figs. 4a and 4b (green 
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&
Fig. 3 Plots of major axis diameter measured along the x-axis and y-axis (transverse axes) of the eye (a) lens (b) globe. 

&
Fig. 4 Major axis diameter measurements of the eye (a) lens (b) globe correlate well with previously reported UBM 
values (n≥5). The error bars represent SD. The UBM data is obtained from [9]. 

&
bars) that there is roughly a 2-fold increase in major axis 
diameter of the eye lens and a 3-fold increase in major 
axis diameter of the eye globe from E13.5 to E18.5.  
Using the measurements of the major and minor axis 
diameters, the volumes of the eye lens and the globe 
were computed using Eq. (1). These results correlate 
well with Foster et.al [9], where the authors measured 
the major axis diameters and volumes of eye lens and 
globe using UBM (resolution of 40 µm). The results 
obtained using UBM (from [9]) are presented in Fig. 4 
(red bar). The major axis diameter measurements are 
within similar range, as compared to OCT 
measurements, across the different stages of 
development. Note that the standard deviation values 
from the UBM measurements are comparatively larger 
to the ones from OCT measurements, suggesting higher 
precision with the latter technique.  The volume 
measurements of the eyes are presented in Fig. 5. It was 
determined that the volume of the eye lens and globe 
increased from 0.028±0.027 mm3 to 0.32±0.08 mm3 and 

from 0.09±0.08 mm3 to 0.75±0.27 mm3, respectively. 
All the values in Fig. 4 and 5 are reported as average ± 
SD format, the SD arises due to variability between 
different embryos. 

4 Discussion 
 As evident from structural images of the embryo eyes, 
the contrast and resolution offered by OCT enables clear 
distinction of the embryonic ocular structures in utero. 
The measurements of the major axis diameters of lens 
and globe using OCT between E13.5 to E18.5 are 
within similar range as the measurements from previous 
study using UBM [9]. UBM has an inferior resolution 
(~40×60 µm) as compared to OCT (~12×15 µm). 
Moreover, the major and minor axis diameters were 
measured without any correction for the tilt of the eye. 
This can result in underestimating the actual diameters. 
It can also be noted from [9], that the reported values for 
the volumes of the eye lens and the globe is not 
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consistent with the respective values of the major axis 
diameters, as the authors  likely used different 
measurements to obtain the final values. 

Although OCT has the advantage of superior 
resolution and contrast compared to UBM, limited depth 
penetration in tissues is a significant drawback. This 
limitation requires the use of surgery to expose the 
uterus of the pregnant mouse to image the embryos. 
However, our group has devised protocols to perform in 
utero longitudinal studies of mouse embryos. We have 
also demonstrated that this methodology does not affect 
the growth of the embryos [16]. 

5 Conclusions 
In this preliminary study, we have used measurements 
of eye lens and globe volumes as means to demonstrate 
ability of OCT to study ocular development in mouse 
embryos. The volumes of the eye lens and the globe 
have been shown to increase from 0.028±0.027 mm3 to 
0.32±0.08 mm3 and from 0.09±0.08 mm3 to 0.75±0.27 
mm3, respectively, from E13.5 to E18.5. This study 
suggests that our approach can potentially be used for 
live quantitative characterization of ocular tissues in a 
variety of ocular research studies. These include 
monitoring morphological changes during eye 

development in mutant mice models for human ocular 
diseases such as aniridia [19], microphthalmia [20] and 
anophthalmia [21]. Our future studies will involve an 
automated algorithm to perform the rotation of the 
dataset and also longitudinal measurements of various 
biometrics related to the eye in both normal and mutant 
mouse embryos. 

In conclusion, we have demonstrated that in utero 
OCT embryo imaging approach allows for live 
quantitative assessment of mouse embryonic ocular 
growth with higher resolution, than other currently 
available methods. Potentially, this approach can be 
used to assess embryonic ocular growth in mouse 
mutants with eye abnormalities and to study the effect 
of toxicological and pharmacological agents.  
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Fig. 5 Plot of volume of the eye (a) lens (b) globe measured using OCT in utero. The error bars represent SD (n≥5). 
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