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PREFACE

A project on “Biomechanics at Micro- and Nanoscale Levels,” the title of this
book, was approved by the Ministry of Education, Culture, Sports, Science and
Technology of Japan in 2003, and this four-year-project is now being carried out
by fourteen prominent Japanese researchers. The project consists of four fields
of research, which are equivalent to four chapters of this book, namely, Cell
Mechanics, Cell Response to Mechanical Stimulation, Tissue Engineering, and
Computational Biomechanics.

Our project can be summarized as follows. The essential diversity of
phenomena in living organisms is controlled not by genes but rather by the
interaction between the micro- or nanoscale structures in cells and the genetic
code, the dynamic interaction between them being especially important.
Therefore, if the relationship between the dynamic environment of cells and
tissues and their function can be elucidated, it is highly possible to find a
method by which the structure and function of such cells and tissues can be
regulated. The first goal of this research is to understand dynamic phenomena
at cellular and biopolymer-organelle levels on the basis of mechanics. An
attempt will then be made to apply this understanding to the development of
procedures for designing and producing artificial materials and technology for
producing or regenerating the structure and function of living organisms.

We are planning to publish a series of books related to this project, this
book being the first in the series. The trend and level of research in this area in
Japan can be understood by reading this book.

Hiroshi Wada, PhD,
Project Leader,
Tohoku University,
Sendai,

March, 2004,
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I. CELL MECHANICS



IMAGING AND MECHANICAL PROPERTIES OF GUINEA PIG OUTER
HAIR CELLS STUDIED BY ATOMIC FORCE MICROSCOPY

H. WADA, M. SUGAWARA, K. KIMURA, Y. ISHIDA, T. GOMI AND M. MURAKOSHI

Department of Bioengineering and Robotics, Tohoku University, 6-6-01 Aoba-yama,
Sendai 980-8579, Japan
E-mail: wada@cc.mech.tohoku.ac.jp

Y. KATORI, S. KAKEHATA, K. IKEDA AND T. KOBAYASHI

Department of Otorhinolaryngology, Head and Neck Surgery, Tohoku University, Graduate
School of Medicine, 1-1 Seiryo-machi, Sendai 980-8675, Japan

High sensitivity of human hearing is believed to be achieved by cochlear amplification. The basis of
this amplification is thought to be the motility of mammalian outer hair cells (OHCs), i.e., OHCs
elongate and contract in response to acoustical stimulation. Thus, the generated force accompanying
the motility amplifies the vibration of the basilar membrane. This motility is concemned with both the
cytoskeleton beneath the OHC plasma membrane and the protein motors distributed over the plasma
membrane, because it is presumed that the cytoskeleton converts the area change in the plasma
membrane induced by the conformational change of the protein motors into OHC length change in the
longitudinal direction. However, these factors have not yet been clarified. In this study, therefore, the
ultrastructure of the cytoskeleton of guinea pig OHCs and their mechanical properties were investigated
by using an atomic force microscope (AFM). The cortical cytoskeleton, which is formed by discrete
oriented domains, was imaged, and circumferential filaments and cross-links were observed within the
domain. Examination of the morphological change of the cytoskeleton of the OHC induced by diamide
treatment revealed a reduction of the cross-links. Results of the examination indicate that the cortical
cytoskeleton is comprised of circumferential actin filaments and spectrin cross-links. Mechanical
properties in the apical region of the OHC were a maximum of three times greater than those in the basal
and middle regions of the cell. Moreover, Young’s modulus in the middle region of a long OHC
obtained from the apical turn of the cochlea and that of a short OHC obtained from the basal or the
second turn of the cochlea were 2.0 = 0.81 kPa and 3.7 + 0.96 kPa, respectively. In addition, Young’s
modulus was found to decrease with an increase in the cell length.

1 Introduction

Even though the amplitude of tympanic membrane vibrations is only a few
nanometers when we speak in a low voice, we can clearly understand what is being
said. The human ear is characterized by such high sensitivity, which is believed to
be based on the amplification of the basilar membrane (BM) vibrations. This
amplification is made possible by the motility of the outer hair cells (OHCs) in the
cochlea, this motility being realized due to the structure of the lateral wall of the
OHC.

The lateral wall of the OHC consists of three layers: the outermost plasma
membrane, the cortical lattice and the innermost subsurface cisternae. In the
plasma membrane, there are protein motors which possibly change their
conformation according to the membrane potential. As a result of this



conformational change, change in the area of the plasma membrane occurs [1].
The cortical lattice, which consists of actin and spectrin filaments [2-4], beneath the
plasma membrane is expected to convert this area change in the plasma membrane
into length change in the axial direction of the cell. However, although the
mechanism of the motility is concerned with the structure and mechanical properties
of the OHC lateral wall, these factors have not yet been clarified.

In this study, therefore, first, the ultrastructure of the cytoskeleton of the OHC
was investigated in the nanoscale range using an atomic force microscope, which is
a powerful tool for studying biological materials [5-7]. The mechanical properties
along the longitudinal axis of the OHCs taken from each turn of the cochlea were
then obtained by using the AFM.

2  Materials and Methods

2.1 Imaging of the cytoskeleton of OHCs
2.1.1 Cellisolation

Guinea pigs weighing between 200 and 300 g were used. They were decapitated
and their temporal bones were removed. After opening the bulla, the cochlea was
detached and transferred to an experimental bath (the major ions in the medium
were NaCl, 140 mM; KCI, 5 mM; CaCl,, 1.5 mM; MgCl, 6H,0, 1.5 mM; HEPES,
5 mM; glucose, 5 mM; pH 7.2; 300 mOsm). The bony shell covering the cochlea
was removed and the organ of Corti was gently dissociated from the basilar
membrane. The OHCs were isolated by gently pipetting the organ of Corti after
enzymatic incubation with dispase (500 PU/ml). The isolated OHCs were
transferred to a sample chamber and glued to MAS-coated slide glass (Matsunami
glass).

The care and use of animals in this study were approved by the Institutional
Animal Care and Use Committee of Tohoku University, Sendai, Japan.

2.1.2  Sample preparation

First, an attempt was made to obtain AFM images of the OHC lateral wall without
fixation. However, as the cell wall was very soft, it was impossible to obtain
images. The isolated OHCs were, therefore, fixed with 2.5% glutaraldehyde and
simultaneously extracted with 2.5% Triton X-100 in phosphate buffer (pH 7.4) for
30 min at room temperaturc. After fixation, the OHCs were rinsed three times
with 0.1 M phosphate buffer solution. The OHCs were then observed by the AFM
in liquid.

In some experiments, diazene dicarboxylic acid bis [N,N-dimethylamide]
(diamide), which reduces the actin-spectrin binding mediated by protein 4.1 in
erythrocytes [8], was used for modifying the cytoskeleton of the OHC. Diamide



was dissolved in the bath solution containing dispase (250 PU/ml). The diamide
concentration was 5 mM. The dissociated organ of Corti was incubated in these
solutions for 30 min at room temperature. After the incubation, the OHCs were
isolated by gently pipetting the organ of Corti. The isolated OHCs were then
transferred to a chamber and fixed and extracted in the same way as the cells which
were not incubated with diamide.

2.1.3 Atomic force microscopic imaging

A commercial AFM (NVB100, Olympus) was used for the experiments. As the
AFM unit is mounted on an inverted optical microscope, positioning of the tip
above the cells is easy. V-shaped silicon nitride cantilevers (OMCL-TR400PSA-2,
Olympus) with a pyramidal tip and a spring constant of 0.08 N/m were used. The
typical radius of the curvature of the tip was less than 20 nm. In this study, as
OHCs were too soft to resist lateral friction force during scanning in the contact
mode, the oscillation imaging mode of the AFM (Tapping Mode™, Digital
Instruments, Santa Barbara, CA, USA) was used. In the tapping mode AFM, the
cantilever tip oscillates and touches the samplc only at the end of its downward
movement, which reduces the contact time and friction force as compared with the
contact mode.

In this experiment, the frequency of the cantilever tip oscillation was between
3.8 and 5.2 kHz, which is close to the resonance frequency of the cantilever tip.
The scanning regions were 0.5 x 1.0 pm and 1.0 x 1.0 pm. The scanning
frequency was fixed at 0.4 Hz (scan speed: 0.4 pm/s). In all AFM images, the
sample was scanned from left to right. The scanning direction corresponds to the
axial direction of the OHC. )

All images were analyzed by a software program by Digital Instruments (Santa
Barbara, CA, USA). To correct dispersions of individual scanning lines and
remove background slopes, images werc plane fitted and flattened. After that, to
show the fine structure more clearly, the contrast of the original AFM images was
enhanced using the software program. The surface profiles were obtained by the
section analysis of the original AFM images, and calculation of spacing between
adjacent filaments was done by the same procedure as reported previously [9].

2.2 Mechanical properties of OHCs
2.2.1 Cell preparation

Guinea pigs weighing between 200 and 300 g were used. OHCs were isolated from
the animal by the same procedure mentioned in Scction 2.1. With this isolation
procedure, OHCs from the apical turn, those from the third turn and those from the
basal or second turns could be classified. However, the row of the cell could not
be distinguished. All experiments were performed at room temperature.



2.2.2  Indentation test by using the AFM

Figure 1 depicts the principal of an Cantilever
indentation test by using the AFM.
When the cantilever is moved by a
piezoelectric scanner and the tip of the
cantilever comes in contact with a
sample, the cantilever starts to deflect.
The deflection of the cantilever is
detected by an optical detector which is
composed of a laser, a mirror and a Cantilever
photodiode  array. By this deflection
measurement, the relationship between
the movement of the cantilever z by the
piezoelectric scanner and the cantilever
deflection d was obtained. This
obtained curve is termed force curve
because the force applied to the sample Figure 1. A schema of the cantilever on a soft

I sample. When the tip of the cantilever is
can be calculated by multiplying the touching the soft sample, indentation & is defined

cantilever deflection d by the spring s he difference between the cantilever movement
constant of the cantilever. In each zand the cantilever deflection d.

measurement, the force curve obtained

when the sample was pushed against by the tip was confirmed to correspond to that
obtained when the sample was retracted from the tip, which means that the sample
was elastic during measurement. Force curves were obtained at four points at
intervals of 20 nm in the circumferential direction, and the mean and standard
deviation of the slope of the square regression line or those of Young’s modulus
were calculated at each point on the OHC.

| Cantilever
movement z

2.2.3  Analysis of force curves

An example of force curves obtained from both soft and hard samples are shown in
Fig. 2A. As the cantilever deflection d is equal to the cantilever movement z in the
hard sample, the sample indentation J is given by

0=z-d ¢}

From Fig. 2A, the relationship between the cantilever deflection d and the sample
indentation ¢ is obtained as shown in Fig. 2B. The curve in this figure is fitted
with a square regression line which is given by

d=aé’ 2

where a is the slope of this curve, which represents the elastic properties of the
sample.
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Figure 2. Relationships between the cantilever deflection, cantilever movement and indentation. A:
Relationship between the cantilever deflection and cantilever movement, i.e., force curve, obtained from
both a hard sample (substrate) and a soft sample (OHC). The red dotted line shows the results obtained
from the hard sample. The black solid line shows the results obtained from the soft sample. In the
case of the hard sample, the cantilever deflection remains steady at zero until the cantilever touches the
sample, at which time it rises proportionately with the increase in the cantilever movement. The
vertical arrow shows the indentation, i.e., the difference between the cantilever deflection of the hard
sample and that of the soft sample. B: Relationship between the cantilever deflection and indentation.
The black line shows thc cxpcrimental data. The red line represents a square regression line fitted by

Eq. ().

When subjects are elastic, isotropic, homogeneous and semi-infinite and when
the indentation tip is rigid and conical, the Hertz model, which describes the elastic
response of subjects indented by the tip, can be applied to the measurement data.
According to the Hertz model, the relationship between the cantilever deflection d
and the indentation ¢ is defined as follows:

d={2Etana/xk(1-v*)}5* (3)

where E, a, k and v are Young’s modulus of the sample, the half-opening angle of
the cantilever, the spring constant of the cantilever and Poisson’s ratio of the sample,
respectively [10, 11]. In this study, the half-opening angle and the spring constant
of the cantilever were 17 degrees and 0.08 N/m, respectively. Poisson’s ratio was
assumed to be 0.499 because the samples were biomaterials.  Since the slope a in
Eq. (2) corresponds to 2FEtana/mk(1 - v%) in Eq. (3), Young’s modulus of sample E
can be obtained from this relationship.

3 Results

3.1 Morphology of the cytoskeleton of OHCs

The cytoskeleton of the lateral wall of the fixed OHC, which was extracted with
Triton X-100, was imaged with tapping mode AFM. Figure 3A depicts the



measured rectangular region. Figure 3B shows an AFM image of the cortical
cytoskeleton obtained in that region. In AFM images, the brighter areas
correspond to the higher regions of the sample surface, and the transverse direction
in the AFM images corresponds to the axial direction of the OHC. A schematic of
the domains and filaments shown in Fig. 3B is displayed in Fig. 3C. In this image,
differently oriented domains are recognized. Within each domain, relatively thick
circumferential filaments run parallel to each other and are cross-linked regularly or
irregularly by thinner filaments. Such lattices, composed of these discrete domains
and two types of filaments, were observed along the full length of the OHC lateral
wall. The mean spacing + S.D. of circumferential filaments were 51.5 + 9.78 nm
(n = 550) and 47.0 £ 10.2 nm (n = 352) in the middle and basal regions and in the
apical rcgion of the OHC, respectively. The difference between the mean spacing
in the middle and basal regions and that in the apical region was statistically
significant at P < 0.0001 using Student’s r-test. By contrast, the difference

A

0.0 0.5 1.0 um

0.0 27.5 55.0 nm

Figure 3.  An AFM image of the cytoskeleton in the OHC lateral wall. The OHC was fixed by 2.5%
glutaraldehyde and demembraned with 2.5% Triton X-100. A: The position of the scanning area. B:
The AFM image. C: A schematic of the domains and filaments in B. In this figure, the schematic
only shows clearly recognized areas. Boundary domains, circumferential filaments and cross-links are
shown by dotted lines, thick solid lines and thin solid lines, respectively. The cortical lattice is formed
by some differently oriented domains. Within each domain, thicker circumferential filaments are
cross-linked by thinner filaments. “Reprinted from Hearing Research, 187, Wada et al., Imaging of the
cortical cytoskeleton of guinea pig outer hair cells using atomic force microscopy, 51-62, Copyright
(2004), with permission from Elsevier.”



between the mean spacing of cross-links in the middle and basal regions and that in
the apical region was not statistically different. The mean spacing + S.D. of
cross-links was 25.2 + 7.23 nm (n = 300) along the full length of the OHC lateral
wall,

3.2 Effect of diamide on the structure of the OHC cytoskeleton

Some OHCs were incubated with diamide, which is a sulfhydryl-oxidizing agent.
The cytoskeleton of diamide-treated OHCs which were fixed with 2.5%
glutaraldehyde and extracted with 2.5% Triton X-100 was imaged using the tapping
mode AFM. Figure 4 shows AFM images of the cortical lattice modified by 5 mM
diamide. Although many circumferential filaments are recognized, cross-links are
hardly seen, since diamide treatment reduces cross-links in the AFM images.

Figure 4. An AFM image of the
diamide-treated OHC lateral wall. The OHC
was fixed by 2.5% glutaraldehyde and
demembraned with 2.5% Triton X-100 after
incubation with 5 mM diamide. = Many
circumferential  filaments are recognized;
however, cross-links are hardly seen.
“Reprinted from Hearing Research, 187, Wada
et al., Imaging of the cortical cytoskeleton of

0.0 0.5 1.0 pm

- guinea pig outer hair cells using atomic force
microscopy, 51-62, Copyright (2004), with
00 275 55.0nm permission from Elsevier.”

3.3 Mechanical properties of OHCs

First, mechanical properties of the OHC in the apical turn of the cochlca were
measured at various points along the longitudinal axis of the OHC. In this
measurement, since the surface profile of the sample in the apical region of the cell
could not be regarded as semi-infinite in extent, the Hertz model could not be
applied to the measurement data in the analysis. The relationships between the
cantilever deflection and the indentation of the OHC were, therefore, measured, and
the slopes of the square regression lines fitted to these relationships were obtained.
The relationships between the slope and the distance from the basal end of the OHC
are shown in Fig. 5. Data were obtained from 10 OHCs. The abscissa represents
the distance of each measurement point from the basal end of the OHC, and the
ordinate shows the variation of slope, i.e., the value of the slope at each point
divided by that in the middle part of the cell.  Positions of the basal and apical ends
along the cell axis are converted to 0.0 and 1.0, respectively. From this figure, it is
found that the slope is almost constant in the basal and middle regions of the cell
and that the slope in the apical region of the cell is larger than those in the basal and
middle regions. This means that there is no significant difference in the
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mechanical properties in the basal and
middle regions of the OHC. However,
the mechanical property in the apical
region of the cell is greater than those in
the basal and middle regions of the OHC.
Moreover, it is clear that the slopes in
the apical region of the cell are a
maximum of threefold larger than those
in the basal and middle regions. To
confirm the difference in the slope
between these regions, the
Mann-Whitney test was used. As a
result, in seven of the 10 cells, the slopes
in the region between 0.80 and 1.0 from
the basal end of the ccll were shown to
be significantly (P < 0.05) larger than
those in the region between 0.0 and 0.80
from the basal end of the cell.

Secondly, in the same way as
mentioned above, the mechanical
property of the OHC in the basal turn or
the second turn of the cochlea was
measured. Figure 6 depicts the
variation of the slope as a function of the
distance from the basal end of the QOHC
obtained from the total of 10 cells.
From this figure, it is found that the
slopes in the basal and middle regions of
the cell in the basal turn or the second
turn are almost constant, while those of
the slopes in the apical region of the cell
are up to three times as large as those in
the basal and middle regions. In
addition, in five of the 10 cells, the
difference between the slopes in the
region between 0.80 and 1.0 and those in
the region between 0.0 and 0.80 from
the basal end of the cell is statistically
significant at P < 0.05 using the
Mann-Whitney test.

When the representative value of
Young’s modulus of the cell is defined
as that in the central part of the cell,
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Figure 5. Mechanical properties of the 10 OHCs

obtained from the apical turn of the cochlea. The
abscissa represents the normalized distance of
cach measurement point from the basal end of the
OHC. The ordinate represents the slope at the
point of measurement divided by that in the
middle part of the cell. The different symbols
indicate the data obtained from different cells.
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Figure 6. Mechanical properties of the 10 OHCs

obtained from the basal or second tum of the
cochlea. The abscissa represents the normalized
distancc of each measurement point from the basal
end of the OHC. The ordinate represents the
slope at the point of measurement divided by that
in the middle part of the cell. The different
symbols indicate the data obtained from different
cells.
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Figure 7. Relationship between Young’s
modulus and the length of the OHC. Red
triangles, green circles and blue squares
represent cells in the apical tumn, the third tum
and the basal or second tums, respectively.
The regression line is given by y = — 0.039x +
5.2 (r=0.62).

Young's modulus (kPa)

IR T | [ |

o i 1 n A
20 30 40 50 60 70 80 90

Cell length (um)

from Fig. 5 and Eq. (3), Young’s modulus of the cells in the apical turn of the
cochlea is 2.0 = 0.81 kPa (n = 10), while that of the cells in the basal or second turns
is 3.7 £ 0.96 kPa (n = 10) from Fig. 6. As the location of the OHC along the
cochlea is related to the length of the cell, the relationship between Young’s
modulus of the cell and the length of the cell is obtained. The result is shown in
Fig. 7, where Young’s moduli of the OHCs from the apical turn (red triangles, n =
10), the third turn (green circles, n = 9) and the basal turn or the second turn (blue
squares, n = 10) are displayed. From this figure, it is clear that Young’s modulus
decreases with an increase in the cell length.

4  Discussion

4.1 Structure of the OHC cortical lattice

Diamide is a specific oxidizing reagent for the sulfhydryl group [12]. In
erythrocytes, diamide increases intermolecular links between spectrin molecules [13,
14] and reduces the actin-spectrin binding mediated by protein 4.1 [8]. The
reduction of cross-links in the AFM image in this study, observed on the lateral wall
of the diamide-treated OHC, would be due to the fact that the diamide treatment
reduces the actin-spectrin binding mediated by protein 4.1. From immunological
evidence, it is known that the cortical lattice is composed of actin and spectrin [4,
15]. This suggests that the circumferential filaments are actin filaments and that
the cross-links are spectrin. This idea is supported by the fact that the diamide
treatment reduces the axial stiffness of the OHC in a dose-dependent manner [16],
which makes the cell highly extendable in the axial direction [17].

A scheme of the OHC cortical lattice is shown in Fig. 8. The cortical lattice
is formed by differently oriented domains; such domains consist of circumferential
filaments, which are composed of actin, arranged parallel to each other and
cross-links, which are composed of spectrin, connected to adjacent actin filaments.
In this study, pillars were not preserved, presumably due to the permeabilization of
Triton X-100.
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4.2 Variance of mechanical properties of OHCs

As shown in Figs. 5 and 6, mechanical properties in the apical region of the OHC
are greater than those in the other regions, which is consistent with the report of
Wada et al. [18] in which local mechanical properties of the cell were evaluated by

_applying a hypotonic solution to the cell. One of the reasons for the difference in
mechanical properties might be due to the cuticular plate at the apical end of the cell.
As the cuticular plate mainly consists of actin filaments which may consist of hard
material [2, 19, 20], mechanical properties in the apical region of the OHC are
affected by the cuticular plate and are greater than those in the other parts. The
other possibility is that cell organelles such as endoplasmic reticulum, Golgi
apparatus, lamellar bodies and so on are located in the apical cytoplasm beneath the
cuticular plate [21]. In this study, as the cell was indented up to 1 um, which is
greater than the thickness of the lateral wall of the OHC, if there were some
organelles in the cytoplasm under the cantilever, they could have affected the
measurement and the deflection of the cantilever might have been larger. As a
result, mechanical properties in the apical region of the OHC would be large.

As shown in Fig. 7, the length of the OHC differs with its location, i.e., the
long cells are mainly located in the apical turn and the short cells are in the basal
turn. Figure 7 also shows that Young’s modulus of the OHC decreases with an
increase in its length. Hallworth [22] reported that the cell compliance, which is
the inverse of the stiffness of the cell, increased with an increase in the cell length.
In order to compare the mechanical properties of the cell obtained in this study with
those in his report, Young’s modulus obtained in this study is converted into
stiffness using a simple one-dimensional model of the OHC. When the OHC is
assumed to be cylindrical and homogeneous, the relationship between Young's
modulus E and the stiffness k.. of the OHC is shown by the following equation:

Cross-links
(spectrin)

Circumnferential filaments P&
(actin tilaments) ]

47.0 #10.2 nm (apical rcgion)
51.5 %9.78 nm (middle and basal regions)

Figure 8. A schema of the cortical lattice. The cortical lattice consists of differently oriented
domains, such domains consisting of circumferential filaments which are composed of actin arranged
parallel to each other and cross-links which are composed of spectrin connected to adjacent actin
filaments.
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Figure 9. Relationship between the compliance
and the length of the OHC. Young’s modulus
shown in Fig. 7 is converted into the compliance,
which is the inverse of cell stiffness. Red
triangles, green circles and blue squares represent
the cells in the apical turn, the third tum and the
basal or second turns, respectively. Solid and
dashed lines show the regression linc which is
given by y = 0.010 x — 0.22 (r = 0.83) in this study
and that obtained by Hallworth (1995),
respectively.

100 F i
0.75

0.50

Compliance (km/N)

0.25

0 n
20 30 40 50 60 70 80 90
Celllength (um)

k., =mR’E/L @

where R and L represent the radius and length of the OHC, respectively. By taking
the radius of the OHC to be 5 pm and substituting the length of each OHC into Eq.
(4), Young’s modulus of each OHC is converted into the stiffness. As shown in
Fig. 9, although the slope is different, both data explain that the compliance
increases linearly with an increase in the cell length. As it is considered that
mechanical properties of the OHC are strongly related to the force production of the
cell [16, 22] and that cells which have small compliance can produce large force
[23], our results, therefore, suggest the possibility that the force produced by the
OHC in the cochlea might be different along the length of the cochlea.

5  Conclusions

The ultrastructure of the cytoskeleton of guinea pig OHCs and their mechanical
properties were investigated by using an AFM. The following conclusions can be
drawn:

1. The cortical lattice consists of some differently oriented domains, which are
composed of thicker circumferential filaments and are thinner cross-linked
filaments.

2. Circumferential filaments and cross-linked filaments are actin filaments and
spectrins, respectively.

3. The mean spacing + S.D. of circumferential filaments were 51.5 + 9.78 nm (n
=550) and 47.0 + 10.2 nm (n = 352) in the middle and basal regions and in the
apical region of the OHC, respectively. That of cross-links was 25.2 + 7.23
nm (n = 300) along the full length of the OHC lateral wall.

4. The apical region of the OHC was a maximum of three times harder than the
basal and middle regions of the OHC.
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5. Young’s modulus in the middle region of a long OHC obtained from the apical
turn of the cochlea and that of a short OHC obtained from the basal turn or the
second turn were 2.0 + 0.81 kPa and 3.7 + 0.96 kPa, respectively.

6. Young's modulus in the middle region of the OHC decreased with an increase
in the cell length.
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DEVELOPMENT OF A NOVEL MICRO TENSILE TESTER FOR
SINGLE ISOLATED CELLS AND ITS APPLICATION TO
VISCOELASTIC ANALYSIS OF AORTIC SMOOTH MUSCLE CELLS
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A novel tensile tester has been developed to measure tensile properties of single isolated cells.
Both ends of the cell were aspirated with glass micropipettes coated with a cellular adhesive.
One pipettc was moved with an electrical manipulator to stretch the cell horizontally. The
force applied to the cell was measured by the deflection of a cantilever part of the other
pipette. The cell was observed with water immersion objectives under an upright microscope
to obtain its clear image. Culturcd bovine aortic smooth muscle cells were stretched at various
strain rate in a physiological salt solution at 37°C. Elastic modulus of the cells had a
significant positive correlation with the strain rate, and was about 3 kPa at the strain rate
<4%/s. Viscoelastic analysis with a standard viscoelastic solid showed that relaxation time for
constant strain of the cells was 164s, which is much longer than those reported for endothelial
cells and fibroblasts (40s). Smooth muscle cells may be most viscous among the cells in the
vascular wall,

1 Introduction

Biological tissues change their dimensions and mechanical properties adaptively to
various mechanical stimuli [1]. Because cells in the tissues play important roles in
the adaptation process, it is important to know how much stresses and strains are
applied to the cells in the tissue. For this purpose, we need to know the mechanical
properties of cells over a wide range of strain From these viewpoints, we have
develped a micro tensile tester for isolated cells [2-4].

In this paper, we first introduce you to our tensile tester and show the tensile
properties of the cultured bovine aortic smooth muslcle cells measured with the
tester at various strain rates. Based on these data, we studied the viscoelastic
properties of the cells to find that the smooth muscle cells were most viscous among
cells related to blood vessels, such as red and white blood cells, endothelial cells,
and fibroblasts.

2 Micro Tensile Tester
Figure 1 shows the schematic diagram of the tensile tester. A specimen cell was

held by glass micropipettes and stretched with a computer-controlled
micromanipulator under a microscope. Deformation process of the cell was

16
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observed with the CCD camera and videotaped for an image analysis which was
performed after the experiment. Although most of cell manipulation systems have
been constructed under an inverted microscope to make cell manipulation easier,
we used an upright microscope with water immersion objectives to get clear image

of the cells (Fig. 3).
CCD Camera
Microscope
monitor

[] 00606

Micromanipulator
(Manual)

icromanipulator
(Electric)  microinjector

Controller [

y

—a 2 1

\
A\
® Vibration isolator

Thermostatic chamber

Muitl VO card

Figure 1. Micro tensile tester for cells.

The details of the test section is shown in Figure 2. The specimen cell was held
with two micropipettes, the deflection and operation pipettes, by aspirating the cell
surface gently. The tips of the micropipettes were coated with a cellular adhesive
(Cell-Tak, Becton Dickinson) to improve adhesiveness between the cell and the
pipettes. The operation pipette is connected to an electric micromanipulator and
pull the cell to the right. The deflection pipette has a cantilever part which deflects
in response to the load applied to the cell and was used to detect the amount of load
applied to the cell. Heater, heating block, and a temperature sensor were used to
maintain ambient temperature at 37°C.

3 Tensile Test Protocol and Data Analysis

We used bovine aortic smooth muscle cells (BASMs) obtained with an explant
method [2] and cultured until 6-7th passage. After tripsinization, the cells were
resuspended in Ca**- and Mg”*-free phosphate buffered saline (PBS) at 37°C and
one of the cells was aspirated at both ends with two micropipettes whose tips had
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Figure 2. Details of the test section.

been coated with the Cell-Tak. Fifteen to 20 min were allowed to increase adhesion
strength between the cell and the pipettes. Then the cell was stretched stepwise
with an increment of 1 to 3 um while the deformation of the cell was continuously
videotaped. Time invervals between the steps were 1-10s. Following the
experiment, the deflection pipette was calibrated to obtain its spring constant. Then
the cell deformation was analyzed on videotaped images.

We could obtain very clear images of the cells (Fig. 3). We measured the
position of the pipette tips to obtain gauge length L and the displacement of the
deflection pipette x. The tension applied to the cell F was calculated by multiplying
the displacement x with the spring constant of the deflection pipette £ which was
measured after each tensile test. The elongation AL was calculated as the increment
of L. The nominal stress o was calculated by dividing tension F with the original
cross-sectional area A,, which was obtained from the diameter before the stretch D,
assuming circular cross section. The nominal strain £ was obtained by normalizing
the elongation with the original gauge length, L,.
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7 Force F Figure 3. An example of a

cultured BASM during

F=kx stretch. The image was

. very clear and even small

Elongation AL particles inside the cell can
AL=L-L0 be identified.

Nominal stress ¢
o=F/ AO
1I:D02

¥ Strain €

4 Results

A typical example of the time course changes of elongation and force of a cell in
response to stepwise stretch is shown in Figure 4. The cell showed creep following
the rapid elongation due to each stepwise stretch, causing gradual decrease in the
deflection of the deflection pipette, and so in the tension applied to the cell. The
more the cell was elongated, the more remarkable the creep and stress relaxation
became. In the subsequent analyses, we concentrated on force-elongation
relationships rather than time course changes. Data at each step was obtained just
before next stepwise stretch.

Both of the force-elongation curves (Fig. 5) and the stress-strain curves (Fig. 6)
of the cultured BASMs were very sensitive to their strain rates. Most of the cells
could be stretched to two times of their original length. However, breaking of the
cells did not occur in the central portion of the cells. Some of them broke at the
pipette tip and some of them slipped off from the pipette when the strain became
large. All the curves shown here were obtained within the time points when the
slipping began.
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Figure 4. Time course changes
of elongation and force of a
cultured bovine aortic smooth
muscle cell subjected to stepwise
stretch. The operation pipette
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Figure 5. Force-elongation curves of the bovine  Figure 6. Nominal stress-nominal strain curves
aortic smooth muscle cells (BASMs) obtained at of the bovine aortic smooth muscle cells
various stretch rates. (BASMs) obtained at various strain ratcs.

We changed the stretch rate by the factor of 100. It looks like the higher the
strain rate is, the stiffer the cell becomes. To check this hypothesis, we calculated
elastic modulus from each curve and plotted it against the strain rate. Elastic
modulus was obtained by fitting a straight line from the origin to the entire segment
of each curve, and was called overall elastic modulus, E,;. There was significant
correlation between the strain rate and the elastic modulus (Fig. 7). If you increase
strain rate from 2 (%/s) to 10 by 5 times, the modulus increase from 2 (kPa) to 6 by
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3 times. This indicates that SMCs are viscoelastic material and you need to pay
much attention to the strain rate when discussing the mechanical properties of

SMCs. Measured parameters are summarized in Table 1.

E=0.50¢ +1.11
r=0.94, P<0.001

Overall elastic modulus Eg); (kPa)
-

0 2 4 6 8 10 12 14 18
Strain rate ¢ (%/8)

Table 1. Tensile properties of bovine aortic smooth muscle cells.

9 Figure 7. Relationship between

ot BASM (n=10) : the overall clastic modulus and the
/ strain rates.

7t

Initial Initial length Spring

between Strain rate constant for Overall

Cell no. diameter

Initial elastic
elastic modulus modulus

i i ipette
Dg (um) Pllip’ztz:‘ :SS € (%ls) kP(Pﬁ"} ) E,(kPa)  Ep; (kPa)

BASMI 17.5 12.2 34 0.038 2.2 23
BASM2 17.5 12.3 0.14 0.016 1.3 37
BASM3 20.5 14.3 0.23 0.013 1.0 3.3
BASM4 12.6 8.8 7.1 0.684 4.7 (16.1)
BASM5 195 136 024 0.002 1.1 12
BASM6 12.6 89 1.2 0.026 2.0 29
BASM7 95 6.7 29 0.182 1.4 33
BASMS 15.2 12.1 4.1 0.100 5.2 4.0
BASM9 18.6 13.5 11 0.380 5.8 3.0
BASMIO  13.0 119 14 0.157 84 50

mean 156 11.4 44 0.160 33 32

SEM 1.1 038 15 0.069 0.8 0.4

( ), data not used for initial elastic modulus.

5 Viscoelastic Analysis

We used the standard linear solid or Kelvin model for the analysis (Fig. 8). The

governing equation of the model is expressed as:
O+71,0=Ey(s+71,8)>

(M
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where 7, = n/E; is the time constant at constant strain, i.e., time constant of stress
relaxation, 7, = (77/Eg)(1+Ey/E)) is that at constant stress, i.e., time constant of
creep, and Er =F, is an asymptotic elastic modulus after all viscoelastic
deformation diminishes.

By assuming a ramp input of strain &£=a¢, you can obtain stress-strain

relationship as:
o(—g] =E R{E+ ar, - rﬂ)[l —ex;{—iJ} - (2)
a r.a

We determined the parameters 7, 7, and Exr by minimizing errors between the
theoretical and experimental curves for each cell.

Table 2 summarizes the viscoelastic parameters of each cell. They are shown
in the order of strain rate. It is confirmed that SMCs showed marked
viscoelasticity: the time constant of stress relaxation 7, was more than 150 s and
that of creep . was more than 1000s. The identified parameters did not have
significant correlation with strain rate except 7, and E;. The stress-strain curves at
various strain rates estimated from the model with the mean parameters are
summarized in Figure 9. As again confirmed in this figure, strain rate has
significant effect on the stress-strain relationships of the smooth muscle cells.

i £1 Figure 8. Standard linear solid or

/\M/ Kelvin model used in the viscoelastic

analysis. £, and £, Young’s moduli;

a(t) — (V) 1, coefficient of viscocity; oft).
et Eo e(t)

/\/W stress; &(1), strain.

Table 2. Summary of viscoelastic parameters.

Strain rate (%/s) tg (5) Tg (8) Er=E;(kPa) E;(kPa) n(kPas)
14 117 1915 0.48 7.36 861
11 112 1463 0.47 5.62 629
7.1 84 874 0.50 471 395
4.2 106 1456 047 594 629
34 388 1106 0.79 1.47 570
29 110 788 0.47 2.88 317
1.2 100 1015 0.52 480 480
0.24 336 892 0.50 0.83 278
0.23 107 877 0.50 3.60 385
0.14 184 1106 0.79 3.97 731
Mean 164 1149* 0.55 4.11* 527
SEM 34 113 0.04 0.64 60

*P < (.05 vs strain rate
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Figure 9. Viscoelastic response predicted with the standard linear solid (Kelvin model).

6 Discussion
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We have developed a micro tensile tester for isolated cells and measured the tensile

properties of cultured bovine aortic smooth muscle cells.

From mechanical

properties obtained at various stretch rates, we estimated the viscoelastic properties
of the cells and found that the cultured bovine aortic smooth muscle cells were
highly viscous with the time constant of stress relaxation z, being >150 s and that

of creep 7, being > 1000 s.

Viscoelastic properties of the blood cells and vascular cells are summarized in
Table 3 along with those obtained in the present study. We calculated parameters

Table 3. Viscoalestic propertics of various cells relating to blood vessel.

Cell type Measurement 7 T, Eqy E, n
method (s) (s) (kPa) (kPa) (kPa-s)

Erythrocytes [5] Pipette aspiration  <0.1

Neurtophils [6] Pipette aspiration 0.18 0.65 0.028 0.074 0.013

Endothelial ~ cells Pipette aspiration 38 116 0.092 0.19 7.2

[7]

Fibroblasts [8] Micro glass plate 40 096  0.51 13

SMCs [present] Tensile test 164 1149 0.55 4.11 527
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for the standard linear solid from the data shown in each paper. Interestingly, cells
flowing inside of the blood vessel have very small time constants while time
constant of those in the wall are more than 100 times larger than that of the blood
cells. Among them, the time constant of smooth muscle cell obtained in the present
study is the largest. This means SMCs are highly viscous among the components in
the vasclular wall. Due to their high viscosity, the SMCs might bear much higher
stress than other vascular components during pulsation of the blood vessel wall.

There are several limitations to this study. First of all, we used cultured smooth
muscle cells for the ease of the experiment. It is well known that cultured cells
change their phenotype from contractile to synthetic. We have confirmed that the
static elastic modulus decreased to less than one third in response to the phenotypic
change [2, 9]. We need to measure viscoelastic properties of freshly isolated cells
that maintain their contractile phenotype. The use of the standard linear solid for
the viscoelastic analysis might be another limitation. As shown in Figure 6 the
mechanical properties of the smooth muscle cells are not linear and their
deformation was quite large. We need to employ nonlinear model with finite
deformation for the future viscoelastic analysis.

In conclusion, this study clearly indicated that SMCs are highly viscous.
Viscoelastic analysis is very important when studying mechanical properties of
smooth muscle cells.
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To clarify the process of plasma protein uptake, we focused on a negatively charged
glycocalyx on the cell surface, since the glycocalyx electrostatically supposed negatively
charged protein uptake such as albumin, and the glycocalyx thickness was varied with the
variation of shear stress on the surface. After subjected bovine aorta endothelial cell to
various shear stress (0.5, 1.0, 2.0, 3.0 Pa) for 48 hours, we determined the glycocalyx
thickness with electron microscopy and lead cationic particle, toluidine blue, to bind to
anionic charged glycocalyx and measured absorbance of the binding amount with
spectrophotometer. We measured the albumin uptake from acquired fluorescent images of
fluorescent labeled albumin with confocal laser scanning microscopy at neutralized
glycocalyx charge and non-treatment. The albumin uptake on non-treatment, increased at
comparatively low shear stress (0.5, 1.0, 2.0 Pa), and decreased at comparatively high shear
stress (3.0 Pa). The albumin uptake on neutralized charged cell increased about two fold of
non-treatment at 3.0 Pa (P < 0.001). From this study, we found that the glycocalyx thickness
and charge were constant at low shear stress, but changed thicker and higher than control at
comparatively high shear stress. This result indicates that glycocalyx has the influence on
albumin uptake at comparatively high shear stress.

1 Introduction

The atherosclerotic legion appears in the region of low shear stress of relatively
large arteries such as the carotid bifurcation and the coronary artery[1]. Since the
atherosclerosis was initiated by the uptake of low density lipoprotein (LDL) [2], the
uptake of the LDL is highly associated with hemodynamic stress. Some studies
demonstrated that the transport of macromolecules such as albumin across the cell
membrane is highly affected by the imposed shear stress [3, 4]. Kudo et al. [5]
measured the albumin uptake into endothelial cells being affected by shear stress in
vitro. Their study showed the increased uptake for lower shear stress and decreased
one for high shear stress. However, the mechanism for such biphasic feature of
uptake remains unclear, but the endothelial cell interface a key role for regulating
the uptake of macromolecules.
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The endothelial cell surface coordinate with various extracellular domains of
membrane-bound molecules, constructing the glycocalyx. Luft [6] visvalized the
endothelial glycocalyx layer by ruthenium red staining for an electron microscopic
study. They found out the glycocalyx thickness was in the scale of 20 nm.
Subsequent electron microscopic observations of the molecules revealed that the
glycocalyx thickness is less than 100 nm. However, in vivo study have found
thicker glycocalyx layer, in the range from 0.5 pm to over 1.0 um.

Therefore the glycocalyx layer might be important on interaction between
blood and endothelium, and various studies have been worked on the glycocalyx
properties. The glycocalyx consists of protein, glycolipid, and proteoglycans,
including cxposed charged groups. The membrane-bound molecules such as [7, 8]
selectins and integrins, involved in immune reactions and inflammatory processes
[9, 10].

The intracellular uptake of macromolecule is regulated by glycocalyx
properties. The glycocalyx surface has a negative charges, because the glycocalyx
has some acidic mucopolysaccharide sidechains (glycosaminoglycan (GAG)),
which contain many carboxyl groups and sulfate groups. And most of plasma
proteins such as albumin has a negative charge. Thus we may anticipate that the
glycocalyx layer and anionic proteins have been electrostatically repulsing with
anionic proteins. In previous study [11, 12], when glycocalyx or albumin was
neutralized, the permeability increased than control condition.

The glycocalyx thickness may be associated with shear stress. Haldenby et al.
[13] reported that the glycocalyx thickness varies dependent on the region of vessel.
This report indicates that the glycocalyx thickness might be associated with shear
stress, since shear stress varies with various blood vessels. In addition, Wang et al.
[14] reported that the glycocalyx thickness was thin for low shear region such as a
sidewall of the bifurcation, and thick for high shear region such as divider of the
bifurcation.

In this study we focused on the glycocalyx thickness affected by shear stress.
We measured the albumin uptake into the cultured endothelial cells with imposed
shear stress stimulus along with the visualization of glycocalyx layer. To see the
effect of surface charge of glycocalyx layer, we measured the albumin uptake on
neutralized glycocalyx layer [15].

2 Materials and Methods

2.1 Cell culture

Cultured bovine aorta endothelial cells (BAECs; lot. 32010, Cell Systems, U.S.A.)
were used in all experiments. The BAECs were seeded in 25 cm?2 culture flasks
(3014, Falcon, U.S.A.) and cultured in Dulbecco’s modified Eagle’s medium
(DMEM,; 31600-34, GIBCO, U.S.A.). BAECs of passages 5-9 were used for the
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measurement.  Subsequently BAECs were seeded on 2% collagen type IV
(CELLMATRIX-4-20, Nitta Gelatin, Japan) coated glass base dish (3910-035,
IWAKI, Japan) or plastic bottom dish (Falcon, U.S.A.) which was used to prepare
specimen for observation with electron microscopy, after reaching the confluency in
7-10 days.

2.2 Shear stress loading

The culture medium was used as perfusate. The rectangular flow chamber (height:
0.02 cm, width: 2.0 cm, length: 1.20 cm) was placed on the dish with BAECs and
attached to the section A in the flow circuit. Shear stress at the wall was given by
(1)

T =6uQ/h’b (1)
where 1: wall shear stress (Pa), p: the viscosity (8.5 x 10-4 Pa-s: measured by a
rotational viscometer at 37°C), Q: flow rate (cm3/s), h: the flow channel height
(0.02 cm), and b: the flow channel width (2.0 cm). The wall shear stress ranges
between 0.5-3.0 Pa. The BAECs was exposed to the shear stress for 48 hours. The
perfusate was kept at 37°C by water bath and gassed with 5% C02-95% air to
maintain the pH 7.3 throughout the experiment.

2.3 Albumin uptake

The albumin uptake into the cell is determined by measuring the fluorescence of
Tetramethylrhodamin isothiocyanate conjugated albumin (TRITC-albumin; A-847,
Molecular Probes, U.S.A.). After the shear stress had been loaded to the
endothelium for 48hours, the flow circuit was exchanged with another flow circuit
to uptake the TRITC-albumin and the BAECs was supplied the TRITC-albumin for
an hour as loaded the same shear stress.

2.4  Acquisition and analysis of images

After the TRITC-albumin loading, the flow chamber was removed from the flow
circuit and the DMEM containing TRITC-albumin in the flow chamber was washed
away for 5 minutes with fresh medium without TRITC-albumin. The flow chamber
was attached to the previous flow circuit again and the BAECs was observed as
loaded the same shear stress, too.

The observation was conducted by conformal laser scanning microscopy
(MRC 600 system, BIO-RAD Microscience, U.S.A.) The flow chamber was
mounted on the stage of the invert microscopy, and the fluorescence images and the
transmission images were acquired at five random sections respectively. Each
fluorescence image was consisted of eleven serial tomographic images which were
acquired for vertical direction (height direction of cell) every 1 um. We obtained
the control uptake data from the same lot and the same generation of cells without
shear stress stimulus. The procedure of operation is shown in Figure 1. The
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acquired fluorescence images were analyzed by an image analysis software (NIH
Image) with personal computer (Macintosh G4, Apple computer).

Same lot and same generation of endothelial cells

Shear applied cells Control cells

Shear stress No shear
applied stress applied

TRIT -albumin added
and
shear stress applied

TRIT albumin added
(no shear stress)

Rinsed with medium Rinsed with medium

Analysis using confocal laser scanning microscopy

Figure 1. Schema of cxperimental procedure to measure albumin uptake [15].

2.5  Investigation of glycocalyx

After the shear stress loading, specimens for investigating glycocalyx layer by a
scanning electron microscopy (SEM) were prepared. The perfusate was removed,
and the BAECs were washed in PBS (+) (05913, Nissui, Japan) and 0.2 M sodium
cacodylate buffer (29810, TAAB, U.K.). Then the BAECs were prefixed in
containing 3.6% glutaraldehyde (EM Grade, 35330, TAAB, UXK.), 1500 ppm
ruthenium red, 0.2 M sodium cacodylate buffer mixture fixative for 24 hours at
room temperature. Then the BAECs were rinsed in 0.2 M sodium cacodylate buffer
with sucrose. The BAECs were postfixed in 1.0% osmium tetroxide, 1000 ppm
ruthenium red, 0.2 M sodium cacodylate buffer mixture for 3 hours at room
temperature. The BAECs on the plastic dish were then dehydrated in acetone and
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embedded in Epon. Ultrathin sections were made after Epon layer had been peeled
off the plastic in order to retain cellular orientation. Acquired images were
analyzed with an image analyze soft (NIH Image) on a computer (Macintosh G4,
Apple computer) and glycocalyx thickness was measured.

2.6  Cell surface charge measurement

After the shear stress loading, charge level of the glycocalyx layer on endothelial
surface was decided by measuring the amount of toluidine blue (Sigma, U.S.A))
which was cationic particle and has been used to measure the charge on various
cells [16].

The perfusate was removed, and the BAECs were washed in PBS (+) and 0.25
M sucrose (31365-1201, Junsei Chemical, Japan). Then the BAECs were stained in
0.25 M sucrose, 0.001% toluidine blue mixture for an hour at 4°C. We used 0.25 M
sucrose, since Thethi et al. [17] reported that in presence of 0.25 M sucrose, the
binding of toluidine blue was insensitive to pH between 3 and 9. Then the BAECs
were washed in distilled water 5 times for 10 minutes. The BAECs were soaked in
distilled water containing 0.1 mg/ml protamine sulfate (Type X, P-4020, Sigma,
U.S.A)) to extract the toluidine blue, which was attaching to the glycocalyx, for 30
minutes at 4°C. The toluidine blue is displaced with the protamine sulfate since the
protaminc sulfate has higher affinity for carboxyl groups and sulfatc groups in the
glycocalyx than the toluidine blue.

The extract was transferred to quartz glass cuvettes. Then the absorbance of
the extract was measured by using a double beam spectrophotometer (U-3400,
Hitachi, Japan) at the extinction wavelength of 640 nm. The absorbance indicates
amount of charge on the glycocalyx since the absorbance is a concentration of the
toluidine bluc, which electrostatically attaches to anionic site on the glycocalyx, in
the extract. From the measured absobance, the average absorbance per each cell
was calculated. The cell amounts on the each dish were measured by using a
countering chamber.

2.7  Neutralization of glycocalyx charge

The glycocalyx was neutralized using protamine sulfate (Type X, P-4020, Sigma,
U.S.A)). Protamine sulfate is small and charges highly positive at physiological pH,
since its isometric point (pI) is 10-12. Therefore, protamine sulfate has been used
as such charge neutralizer [11]. Protamine sulfate was added to perfusate for a final
concentration of 0,001 mg/ml.

After the shear stress had been loaded to the endothelium for 48hours, the flow
circuit was exchanged with another flow circuit to neutralize the glycocalyx and the
BAECs was supplied protamine sulfate for 30 minutes as loaded the same shear
stress. After protamine sulfate loading, the flow chamber was removed from the
flow circuit and the DMEM containing protamine sulfate in the flow chamber was
washed away with fresh medium. Then the BAECs were loaded TRITC-albumin
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and measured the light intensity as stated above. In addition, as the referential
experiments, the non-treatment and protamine sulfate treated control BAECs were
similarly measured.

3  Results

3.1 Albumin uptake

On the cells, which were loaded shear stress at 1.0 Pa, large albumin uptake was
occurred compared with control (no-flow). At 3.0 Pa, on the other hand, albumin
uptake was lesser than that of control. At 0.5 and 2.0 Pa, there was not significant
difference between shear stress loaded endothelial cell and control cell.

We quantitatively evaluated the relation between the shear stress and the
albumin uptake (Fig. 2). A vertical axis indicates the relative light intensity on
shear stress loaded cells compared with average light intensity on control. And the
light intensity indicates the alubmin uptake of endothelial cells. There was no
significant difference between 0.5Pa shear stress loaded cells and control cells.
However, at 1.0 Pa, albumin uptake increased 16.4% of control and there was
significant difference (P < 0.05). And at 3.0 Pa, the albumin uptake was decreased
to 26.7% of control (P < 0.001).
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Figure 2. Effect of shear stress on albumin uptake. The relative light intensity indicates the ratio of the
uptake with applies shear stress to that without [15].
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3.2 Investigation of glycocalyx

glycocalyx layer

" luminal side

0.5 um

Figure 3. TEM image of the cross-section of an endothelial cell covered with glycocalyx [15].

(a) 0 Pa

{¢)1.0 Pa, (d) 2.0 Pa, and () 3.0 Pa. Magnification was 20,000 [15].

Fig. 3-5 shows glycocalyx layer images, which were acquired by scanning electron
microscopy. The black layer on the endothelial surface is the glycocalyx layer (Fig.
3), which was stained by ruthenium red. The endothelial surface was evenly
covered with the glycocalyx. And the gap junction was also covered with the
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glycocalyx as well as the endothelial surface. In addition, The glycocalyx covered
over areas where vesicles were going to detach from the endothelial membrane.
We exhibited glycocalyx images on control cells and shear stress loaded cells in
Fig. 4a-e. To outward seeming, all the shear stress loaded endothelial glycocalyx

(a) SEM image
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Figure 5. Determination of the thickness of the glycocalyx layre [15].

layer surfaces were ruder than that of control. But, there wasn’t different of
amplitude of rough on glycocalyx layer surface among each shear stress. And there
wasn’t different of density of stained ruthenium red among each condition, either.
However, glycocalyx layer thickness was different from some conditions to some
extent. Then, we measured the glycocalyx thickness from each image by following
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manner. First, we acquired electron microscopic images with a 256 gray scale with
NIH image and draw a vertical line across the glycocalyx layer against endothelial
membrane. Second, we measured brightness on the line and drew a plotprofile of
the brightness. Third, we measured the glycocalyx thickness (Fig. 5). The
glycocalyx thickness was defined as a length between a middle of up slope to go up
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Figure 6. Effect of applied shear stress on glycocalyx.

the highest brightness and a middle of down slope from the highest brightness in
plotprofile. Because electron microscopy shows higher brightness as the atomic
weight of detected material becomes high, the brightness of background was zero
and the glycocalyx labeled with ruthenium red was reflected darker than others. The
glycocalyx thickness was measured at 30 point per cell. The measured glycocalyx
thickness on control, loaded shear stress (0.5, 1.0, 2.0, 3.0 Pa) were appeared in
Fig. 6. There was no significant difference between control and 0.5, 1.0, 2.0 Pa, but
3.0 Pa was significantly different from control (P < 0.05). The glycocalyx thickness
of 3.0 Pa was about 74% thicker than control.
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3.3  Shear-induced change on endothelial surface charge

We showed change on the endothelial surface charge after the shear stress loading
for 48 hour and control in Fig. 7. A vertical axis indicates relative absorbencies,
which measured absorbencies were divided by measured cell number with a
counting chamber. Because there is a proportional relation between ahsorbency and
charge content of glycocalyx [16], We estimated relative absorbency as charge
content. As shown in Fig. 7, there was no significant difference between control
and 0.5, 1.0, 2.0 Pa like the glycocalyx thickness. But there was significant
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Figure 7. Effect of shear stress on surface charge. The relative absorbance indecates the surface charge of
an individual cell and was defined as the measured absorbance divided by the number of cells [15].

difference between control and 3.0 Pa (P < 0.05), and the glycocalyx thickness of
3.0 Pa was about 84% thicker than control.

3.4  Effect of neutralized charge on shear-dependent albumin uptake

In Fig. 8, we showed the relation between the shear stress and the albumin
uptake on neutralized glycocalyx charge with protamine sulfate and non-treatment.
A vertical axis indicates the relative light intensity of both neutralized charge and
non-treatment versus the average light intensity on the control cells. The black
plots indicate the change of albumin uptake with neutralized charge, and the white
plots indicate the change of albumin uptake with non-treatment. Although there
was no significant difference between neutralized charge and non-treatment at 2.0
Pa, there was significant difference between neutralized charge and non-treatment
at 0.5 Pa (P < 0.05), 1.0 Pa (P < 0.05), 3.0 Pa (P < 0.001). At 0.5 Pa and 1.0 Pa,
albumin uptake of neutralized charge increased about 20% of non-treatment, and at
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3.0 Pa increased about 70% of non-treatment. At 0.5 Pa and 1.0 Pa, albumin uptake
increased about 20% of non-treatment. The increment indicates baseline charge,
which is a non-treatment control charge, since this profile indicates apparent
increment on neutralized charge including charge according to baseline charge.

4 Discussion

4.1 Albumin uptake

This experiment demonstrated that the albumin uptake changed dependent on the
shear stress (Fig. 2). The albumin uptake tended to increase up to 1.0 Pa, and
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Figure 8. Effeet of shear stress on albumin uptake with and without the charge of glycocalyx being
neutralized.

decrease on over 1.0 Pa. This result supports the low shear hypothesis on
development points of atherosclerosis, which Caro ct al. [1] invoked. Because there
are some reports that depositions of large molecular proteins, such as low density
lipoprotein (LDL) [2], albumin [3, 4], and horse radish peroxidase (HRP) [14, 18],
were found in initial symptom of atherosclerosis. In addition, we compared this
result with Kudo’s study [5]. There were some differences on the magnitude of
albumin uptake, but our data agreed with Kudo’s data in tendency that albumin
uptake was elevated at low shear stress (0-1.0 Pa), and suppressed at high shear
stress (over 1.0 Pa). We used bovine aorta endothelial cells, while Kudo used
porcine aorta endothelial cells. Therefore, this tendency doesn’t depend on species.
In the Kudo’s study [5], the TRITC-albumin was administered to the endothelium
after stopped loading the flow to conserve the constant albumin diffusion. On the
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other hand, in our study, the TRITC-albumin was administered to the endothelium
while the endothelium was being loaded the flow to approach to intravital condition.
Despise of such difference on manner of administration, the tendency on our study
corresponded with Kudo’s study. This correspondence indicates that the effect of
endothelial function modified by shear stress may be more efficient than the effect
of flow velocity on albumin uptake.

However, in this experiment, at high shear stress (When main stream velocity
is faster.), albumin uptake tended to decrease.  Moreover, this tendency
corresponded with Kudo’s study [5], in which TRITC-albumin was loaded after
flow was stopped. In our experiment, TRITC-albumin was loaded as the perfusate
was flowing. Therefore, according to this experiment, We suggest that on albumin
uptake, the effect of stream velocity is small, and the endothelial function, which
controls albumin uptake by being subjected to shear stress, is more efficient.

4.2 Change of glycocalyx layer thickness

In this study, we demonstrated that in vitro the glycocalyx layer labeled with
ruthenium red covered almost all over the endothelial surface membrane (Fig. 3-5).
In previous study [6] which we imitated the stain and the fixative manner, the
glycocalyx layer had thickness in range of 20 nm. According to our data, the
glycocalyx thickness range was 20-40 nm. Therefore, wc suggest that the
glycocalyx thickness is adequate. The glycocalyx layer was irregularly shaped with
a fluffy appearance.

This study also demonstrated that the glycocalyx thickness increased at high
shear stress (3.0 Pa), while did not change against control at low shear stress (0.0-
2.0 Pa) (Fig. 5). This result indicates that the glycocalyx thickness changes depend
on shear stress over 3.0 Pa. Wang et al. [14] reported that in rabbit aorta bifurcation
the glycocalyx thickness was thicker at high shear stress region than at low shear
stress region. Therefore, our results corresponded with Wang’s report. Baldwin et
al. [19] investigated glycocalyx layers at rabbit aortic endothelium with a ruthenium
red and an electron microscopy and reported that the glycocalyx thickness was
about 20 nm. And Rostgaard et al. [20] investigated glycocalyx layers at rat
capillary in intestinal villus with a ruthenium red and an electron microscopy and
reported that the glycocalyx thickness was about 50 nm. These results indicate that
glycocalyx thickness may be thin at low shear stress and thick at high shear stress,
since shear stress differs according to various vessels. In addition, our result
indicates that shear stress induces the change of endothelial surface charge. The
increment of glycocalyx layer labeled with cationic dye, ruthenium red, means the
increment of charge. But, it is not clear whether the glycocalyx change is caused by
increasing the number or length of glycosaminoglycan (GAG) on a corcprotein, or
by enlarging the length of coreprotein. Arisaka et al. [21] reported about effects of
shear stress on GAG and protein metabolism of porcine aorta endothelial cells in
vitro, and demonstrated that the application of shear stress over 24 hours led to
significantly increcased both GAG and protein synthesis. Therefore, enlarging
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proteoglycan, which consists of coreprotein and GAG, may cause the increment of
glycocalyx thickness.

4.3  Change of surface charge

This experiment demonstrated that charge content on an endothelial surface did not
change at comparatively low shear stress (0.5, 1.0, 2.0 Pa), and increased at
comparatively high shear stress (3.0 Pa) against control (Fig.7). Comparing with
the change of glycocalyx thickness, both changes on charge content and glycocalyx
thickness had a little difference at comparatively low shear stress. The change on
glycocalyx thickness was about 74% increment against control, while the change on
charge content was about 84% increment against control. Although this 10%
difference may be caused with a change on distribution of glycocalyx on an
endothelial cell, this data indicate that change on charge content is mainly induced
by change on glycocalyx thickness.

In this experiment, although charge was measured by Van Damme’s method
[22], there was a problcm on staining glycocalyx. Toluidine blue, which was used
to clectrostatically label the glycocalyx, was absorbed into intracellular space. In
this study, glycocalyx was stained at 4°C to stop vesicle mediated metabolic
transport. Kudo et al. [23] reported that metabolic transport was inhibited at 4°C.
Since molecular weight of toluidine blue is 308 Da, we can regard toluidine blue
transport from extracellular space to intracellular space as free diffusion. And we
can regard Endothelial surface area as constant surface area on all conditions
according to our data. Therefore, we regarded amount of absorbed toluidine blue
into intracellular space as constant on all conditions and judged that this method
was adequate on comparison of relative change.

4.4  Effect of neutralized charge on albumin uptake

In this experiment, we demonstrated that neutralized glycocalyx charge by
protamine sulfate did not effect to albumin uptake at comparatively low shear stress
(0.5, 1.0, 2.0 Pa), and at comparative high shear stress (3.0 Pa), albumin uptake on
neutralized charge increased about two fold of albumin uptake on non-treatment.
This result indicates that the change of glycocalyx at comparative high shear stress
(3.0 Pa) caused decay on albumin uptake dependent on shear stress, and at low
shear stress (0.5, 1.0, 2.0 Pa), doesn’t effect shear-stress-induced change on
albumin.

In this experiment, although, the change of albumin uptake against non-
neutralized charge was caused by neutralized glycocalyx charge at 3.0 Pa, shear-
stress-depend change on albumin uptake appeared despite of neutralized glycocalyx
charge. It isn’t enable to explain this shear-stress-dependent change on albumin
uptake without the etfect on charge by our study. However, this residual change
may connect to Kudo’s study [24]. In the light of albumin uptake caused by
energy-dependent transport by transcytosis, Kudo et al. [24] studied about effect of
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shear stress on ATP-dependent albumin transport. According to the result, they
indicated that ATP and albumin uptake increased at low shear stress (1.0 Pa), and
ATP and albumin uptake decreased at high shear stress (6.0 Pa). Thereby, the
residual change on albumin uptake in this study may have relation to energy-
dependent transport.

In this study, we used protamine sulfate as an anionic charge neutralizer. But,
it is possible that increment on albumin uptake may be due to a cytotoxic effect on
endothelium as well as protamine sulfate’s neutralization of charge barrier on the
endothelial surface. However, we confirmed that protamine sulfate didn’t have a
cytotoxic effect. Because the viability of endothelium, which was administered
with protamine sulfate, was 97.1 = 1.8% according to dye exclusion test with 1.0%
trypan blue. In addition, Swanson et al. [11] reported that no mediator for
protamine-induced increased microvascular albumin permeability was identified.
Thereby, we regarded protamine-sulfate-induced increment on albumin uptake as
caused by neutralized the glycocalyx charge.
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The natural synovial joints have excellent tribological performance known as very low friction
and very low wear for various daily activities in human life. These functions are likely to be
supported by the adaptive multimode lubrication mechanism, in which the various lubrication
modes appear to operate to protect articular cartilage and reduce friction, depending on the
severity of the rubbing conditions. In this paper, the biomechanical and biotribological
importance of surface and surface zone in articular cartilage is described in relation to
frictional behavior and deformation. It is pointed out that the replenishment of gel film
removed during sevcre rubbing is likely to be controlled by supply of proteoglycan from the
extracellular matrix, where the chondrocyte plays the main role in the metabolism. The roles
of surface profiles and elastic property measured by atomic forcc microscopy are described.
It is shown that the local deformation of biphasic articular cartilage remarkably changes with
time under constant total compressive deformation. The importance of clarification of actual
strain around chondrocyte is discussed in relation to the restoration of damaged articular
cartilage.

1 Introduction

The natural synovial joints with very low friction and low wear are likely to operate
in the adaptive multimode lubrication mechanism [1-3], in which the fluid film
lubrication, weeping, adsorbed film and/or gel film lubrication can become
effective depending on the severity of operating conditions in various daily
activities. In natural hip and knee joints during walking, the elastohydrodynamic
lubrication (EHL) mechanism, based on the macro- and micro-scopic elastic
deformation of articular cartilage and viscous effect of synovial fluid, appears to
play the main role in preserving low friction and low wear. The effectiveness of the
fluid film lubrication depends on the minimum film thickness, which should be
higher than the surface roughness. The maximum height of the undeformed
articular cartilage surfacc ranges from 1 to 2 um [4]. Fortunately, even in the
contact conjunction zone (load-carrying zone) where the minimum film thickness is
less than 1 pm, the flattening of initial protuberances of articular cartilage surface is
enable to achieve fluid film lubrication during walking, as indicated by micro-EHL
analyses [5, 6]. At start-up after long standing, however, some local direct
contact may occur even in healthy natural joints. Therefore, the protecting
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performance of the surface film on articular cartilage becomes important in the
mixed or boundary lubrication regime.

In the rubbing condition with local contact, the adsorbed films [3, 7-10] such as
phospholipds, glycoproteins and proteins appear to protect the rubbinfg surfaces
and reduce wear. However, the severer rubbing is likely to remove the adsorbed
film and rub off the underlying surface layer. For this condition, natural synovial
joints seem to have another protective layer of gel film with low shearing resistance.

The repair of damaged cartilage depends upon not only the replenishment of the
surface layer but also the bulk matrix recovery. It is considered that articular
cartilage adapts to changing mechanical environments where the chondrocyte can
respond to the local stress-strain state [11, 12], but the detailed process has not yet
been clarified.  Chondrocytes are concerned with the mechanisms underlying
remodeling, adaptation, and degeneration of articular cartilage in joints subjected to
changing loads, and it is important to know the stress-strain state of the cartilage
and extracellular matrix around chondrocytes. Its depth-dependent complicated
structure causes a complex stress-strain field. Some compression studies [13, 14]
using confocal laser scanning microscopy (CLSM) or video microscopy focused on
the equilibrium strain state of a compressed articular cartilage specimen. However,
articular cartilage has a viscoelasticitic property based on a high water content of up
to 80% and the fluid-flow behavior concerns the time-dependent deformation of
articular cartilage when the tissue is exposed to compression. Therefore, it is
necessary to observe the time-dependent stress and strain of compressed articular
cartilage, to clarify the change of the mechanical environment of chondrocytes.

In this paper, first the protective mechanism provided by gel films is shortly
described. Next, we examine cartilage surface properties such as surface profile and
elasticity. Then, time-dependent and depth-dependent local strain in articular
cartilage under constant total compression is observed. Finally we discuss the
importance of actual strain around chondrocyte particularly in surface zone in
relation to the restoration of damaged articular cartilage.

2 Protective Roles of Surface Layer of Articular Cartilage

To elucidate the protective mechanism of the adsorbed and gel films, the
reciprocating tests [15, 16] of ellipsoidal specimen of articular cartilage from
porcine femoral condyle against a glass plate were conducted at a constant load of
4.9 N (mean contact pressure : 0.13 MPa), stroke of 35 mm, and sliding speed of 5
mm/s, under both unlubricated and lubricated (with salinc) conditions as shown in
Fig.1. The rubbing tests were stopped at definite sliding distances. To investigate
the changes in surface morphology with repetition of rubbing, the articular cartilage
surfaces were observed in saline by atomic force microscope (AFM) as fluid
tapping mode using scanning probe microscopy SPM systems (Nanoscope IlI,
Digital Instruments, USA). By this noncontact method immersed in liquid, the
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influence of capillary force between the tip and the observed surface was
diminished and the rubbing action by the tip was minimized. The scanning speed
is 1 to 2 lines/s. Figure 1 shows the changes in the frictional behaviors in sliding
pairs of a natural articular cartilage specimen and glass plate with the sliding
distances under both unlubricated and saline lubricated conditions. For both
conditions the friction was increased with the sliding distance. However, under an
unlubricated rather than a lubricated condition, a lower friction was maintained,
thus the role of the surface layer of the lubricating adsorbed films and/or gel films
was expected to be emphasized. Under lubricated conditions with low viscosity
saline, the easy removal of lubricating molecules or surface layers from the
cartilage surface seems to be responsible for a rise in friction. The preserving of
low friction is ascribed to the surviving of adsorbed molecules and/or gel film in the
case of longer rubbing.

To examine the friction mechanism in the transient rubbing process for the
unlubricated condition, the articular surfaces at 0.35 m and 9 m (Fig.l) were
observed by the fluid tapping mode AFM. Figure 2(a) shows the AFM images of
an intact articular cartilage surface, which has a considerably smooth morphology
with a maximum height of 1 to 2 um. At a short sliding distance of 0.35 m under
the unlubricated condition where the coefficient of friction is less than 0.01, the
cartilage surface was slightly rubbed as shown in Fig.2(b). With further rubbing,
the fibrous tissues appeared at 9 m sliding in Fig.2(c), where coefficient of friction
becomes about 0.1. Therefore, it is considered that the acellular and non-fibrous
surface layer has been rubbed off at this stage.  As the detailed structure of gel
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Figure 1. Frictional behaviors of articular cartilage against glass plate.
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Figure 2. AFM images of intact and rubbed articular cartilage surfaces.
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film has not yet been claritied, we conducted the treatment of intact articular
cartilage with Chondroitinase ABC as the enzyme specific for proteoglycans [17].
This treatment for 30 h denuded its amorphous layer and exposed the underlying
fibrillar network. Therefore, the main constituent of the most superficial gel layer
consisting of acellular and nonfibrous tissue was identified as proteoglycans. This
gel film layer is considered to play a protective role like a kind of solid-lubricant or
as a surface gel hydrated lubricant [18] after removal of adsorbed films in the thin
film mixed and boundary lubrication regimes.

On the basis of these results, the local direct contact point after removal of the
surface films composed of adsorbed and gel films is depicted in Fig.3. The
replenishment of surface films is likely to be brought about by the supply of
amphiphilic molecules and hyaluronic acid in synovial fluids and the proteoglycans
from the extracellular matrix in which the chondrocyte can control the metabolism.

Phospholipids,

Proteins,
Glycoproteins, : o Gel fim
Haluronic acids, ", ;{\Idsorbed
Others e
via synovia o
i i Proteoglycans,
Articular cartilage Others

Figure 3. Replenishment of damaged surface films of articular cartilage via synovial fluid and extracellular
matrix.

3  Surface Profile and Elastic Property of Cartilage Surface

Superficial articular cartilage is covered with adsorbed film and acellular
amorphous layer of 200-500 nm thick which appears to play an important role in
the tribological function of synovial joints [15]. In this study, we used AFM to
investigate this surface layer. The surface topography of articular cartilage was
observed, and the surface stiffness was characterized by measuring force-
indentation curves. Such microscopic properties are necessary to know adequately
cffects of mechanical environment on the metabolism of articular cartilage.

Porcine knee joints were obtained from a local butcher shop and stored at 4 °C
until experiment. Rectangular cartilage plates (approximately 2 x 2 x 0.5 mm) were
separated from the surface of femoral condyles as shown in Fig.4 and immediately
glued onto a circular glass coverslip using cyanoacrylate glue. Using two-sided
adhesive tape, the coverslip was fixed to a steel disc mounted on the piezoscanner
of the AFM. A Nanoscope I1la AFM was used to image the surface topography of
articular cartilage. All experiments were conducted in an aqueous environment
using the liquid cell of the AFM. PBS was used as hydration media.
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Figure 4. Cartilage specimen. Figure 5. Relative elasticity by FIEL.

In addition to the observation of surface topography, surface elasticity was
measured by AFM [19]. Using AFM, elasticity measurements are performed by
pushing a tip of AFM onto the surface and deriving force-versus-indentation (F-/)
curves. Here, cantilevers with a nominal force constant of £ = 0.58N/m and
oxide-sharpened Si;N, tips were used. To calculate relative elasticity values, we
used the FIEL (force integration to equal limit) equations described by Hassan et al.
[20]. These equations arc given for conical, parabolic and cylindrical tips as
follows;

EYW/E, =(w,/wy)™" (1)
where E" is equivalent modulus of elasticity, and w is the area under a F-I curve

(Fig. 5), n= 2 for cone, 3/2 for parabola, 1 for cylinder. E” is defined by

2 2 2

l. - l—j')lip + 1- 1f)snmplc ~ 1- vsample (2)
E b tip Esnmplc Esample

where £ and v are Young’s modulus and Poisson’s ratio, respectively.

The surface of intact porcine articular cartilage was very smooth, with gentle
mounds of 1-2um height under the physiological wet condition (Fig. 6). Figure 7
shows [Cantilever deflection]-[Separation] curves that were collected on 9 points
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Figure 6. AFM image of porcine articular Figure 7. Cantilever deflection - Separation
cartilage surface. curves of porcine articular cartilage.
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that were central point (point 5) and surrounding ones on lattice with 10 um mesh
on a surface of porcine articular cartilage in Fig.6. These curves did not vary widely,
thus the surface stiffness of these points was not different significantly each other.

Surface morphology of normal natural articular cartilage under AFM showed a
smooth surface. This result is consistent with previous studies. However, wrinkles,
hollows or pits existed on human osteoarthritic cartilage in previous study [19].

The surface stiffness of normal porcine articular cartilage was approximately
homogeneous and the average value of E* was estimated as 2.6 =0.21 (SD) MPa,
where £E* = 2.8 MPa for silicone rubber was used as reference. The indentation
depth was about 20-45 nm, and F-/ curves were intcgrated from 0 nm to 20 nm
deflection to compare surface stiffness relatively. In our previous measurement,
elastic modulus F for porcine cartilage bulk specimen at equilibrium was 2.0 £0.7
(SD) MPa [21]. Although the estimation of E value for surface depends on
Poisson’s ratio, intact normal cartilage surface appears to have similar elastic
modulus to bulk property. In contrast, the variation of surface stiffness was found
depending on surface morphology on human osteoarthritic cartilage [19]. The
heterogeneity of surface stiffness should be considered for evaluation of
degenerative progress of osteoarthritis.

4 Visualization of Time-Dependent Strain in Articular Cartilage in
Compression

Next, we observed the changes in local strain in articular cartilage specimens under
compression by monitoring the position of stained chondrocyte in the CLSM [21].
The staining of chondrocyte is trcated with calcein-AM, at | ul/ml and 37 °C for 30
min. The compression apparatus shown in Fig. 8 with high precision within 0.2
pum for position control was newly developed. This apparatus was allocated on the
stage of CLSM and the compression speed can be adjusted from 1 pm/s to 4,000
pum/s by feed-back control of DC servo-motor. In these tests, 13% total strain was
applied in | s in unconfined compressive condition. On the basis of these
visualized images, the time-dependent and depth-dependent changes in local strain
of articular cartilage were evaluated. The fluorescence images of chondrocytes in
articular caritilege specimens are shown in Fig.9, where the highlighted elliptical
bodies of 10 to 20 pm indicate the chondrocytes. Some chondrocytes are enclosed
with white circles. These images were observed every 2 s until 400s at equilibrium
after loading. In these tests, the articular cartilage surface was located at contact
with the fixed plate, in order to keep the surface position within visual field of
microscope. We estimated the local strain by calculating the changes of the
distance in perpendicular direction to the cartilage surface between the definite
chondrocytes as follows;
Local strain immediately after compression: (¢ —b)/a
Local strain at equilibrium : (a~c)/a
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Change in local strain to equilibrium immediately after compression: (b—c¢)/a
Here, as shown in Fig.9, a, b and ¢ means the distance between the corresponding
chondrocytes before compression, immediately after compression and at
equilibrium after 400s, respectively.

In Fig. 10, the estimated values of local strain immediately after the total
deflection of 13% and at the equilibrium are plotted against the relative location in
the depth direction, where 0 means surface and | means the tidemark as the
boundary of subchondral bone. The articular cartilage is usually discriminated as
three zones, i.e., the surface, middle and deep zone along the perpendicular
direction from surface. It is noted that the response of middle and deep zone is
quick but the deformation of surface zone is low immediately after compression.
However, the surface zone was largely compressed than average strain during stress
relaxation. In contrast, the deformation of deeper zone was clearly recovered
probably accompanied with flowing of fluid into the middle and deep zone during
stress relaxation.
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Figure 8. Compression apparatus.
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Figure 9. Fluorescence images.
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Figure 10. Time-depending and depth-depending strain behavior.
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5 Discussion

As described above, the natural synovial joints are likely to operate in the adaptive
multimode lubrication mechanism, in which various lubrication modes can become
effective depending on the severity of operating conditions in various daily
activities. In this paper, we focus the importance of surface and surface zone in
articular cartilage. On the EHL mechanism, the fluid film formation is enhanced
by elastic deformation of articular cartilage, and the possibility of fluid film
lubrication mode depends on relative value of film thickness and surface roughness
of cartilage. As shown in section 3, cartilage surface has surface roughness of 1 to
2 um height and similar elastic modulus to bulk property. The micro-EHL analysis
by Dowson and Jin [5, 6] used the surface asperity model of maximum height of 2
pm and elastic modulus of 16 MPa. Although some modifications for pitch from
peak to peak in surface topography and for larger elastic deformation with low
clastic modulus are required, the similar flattening of surface asperity is expected
and thus fluid film lubrication appears to be capable of protect the rubbing cartilage
surfaces during normal walking. Some degraded cartilage surface in osteoarthritic
cartilage may have very lower elastic modulus in local position [19], thus excessive
strain may induce further degradation.  The detailed investigation of surface
morphology and elastic property is required to clucidate the progressive mechanism
of osteoarthritis.

Another importance to prevent the degradation of articular cartilage is the
preservation of adsorbed film and underlying gel film as indicated in section 2.
Particularly, the restoration of damaged proteoglycan gel film appears to depend on
the supply of proteoglycan from the extracellular matrix, in which chondrocyte can
control the metabolism. In articular cartilage, chondrocyte responds to mechanical
stimuli. Therefore, to clarify the metabolism of cartilage tissue, it is required to
understand the stress-strain state in cartilage and around the chondrocyte.

The visualization method to estimate the time-dependent and depth-dependent
local strain behavior in cartilage described in section 4 is a useful approach to
clarify actual strain condition. In the visualization tests of chondrocytes, we found
that the local strain shows time-dependent and depth-dependent behaviors.

The experimental results indicated that the surface zone moderately responded
at the initial stage of compression and then was largely compressed during stress
relaxation. In the surface zone, collagen fibrils are arranged in parallel sheets to
the articular surface. This anisotropy accompanied with less proteoglycan appears
to affect the compressive strain in the surface zone. On the contrary, the middle
and deep zones containing larger percentage of protcoglycan than surface zone
were quickly compressed at the initial stage and then recovered probably with water
flowing in under unconfined compression. The excessive compressive strain in
surface zone at equiriblium may be related to unconfined test condition.
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The strains of articular cartilage control the deformation of chondrocytes as
indicated by previous experimental and numerical biphasic studies [13, 22-24].
Therefore, thc strain behaviors of articular cartilage are expected to have an
important influence on the biosyntheses of proteoglycans by chondrocytes with
mechanical stimuli, thus proteoglycan appears to control the bulk stiffness,
permeability and the restoration of the lubricating gel film on the cartilage surface.

The time-depending and depth-depending changes in local strain around
chondrocyte should be clarified by comparison with numerical analyses based on
biphasic theory considering non-linearity and complex property of articular
cartilage at the next stage. The threshold strain values to which chondrocyte can
respond in the mechanical signal transduction pathway, should be evaluated by
considering the time-depending and depth-depending mechanical behaviors in
biphasic cartilage. The adsorbed film and gel film seem to control the permeability
through surface. Therefore, further research is required to clarify the stress-strain
state in articular cartilage under various surface conditions.

6 Conclusions

The biomechanical and biotribological importance of surface and surface zone of
articular cartilage is summarized from the reciprocating rubbing tests of articular
cartilage, AFM measurement of surface topography and stiffness, and visualization
of local strain in compressed articular cartilage.

The importance of articular cartilage surface film was indicated by the
protective role of proteoglycan gel film in rubbing tests. The influence of surface
roughness and clastic property of surface evaluated with AFM on fluid film
lubrication was described on micro-EHL mechanism and contact phenomena.

In the visualization tests of stained chondrocytes, the time-dependent and
depth-dependent behaviors in the local strain of articular cartilage could be
evaluated. The optical observation in unconfined compression test indicated that
the surface zone moderately responded at the initial stage of compression and then
was largely compressed during stress relaxation.
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Osteoblasts play an important role in adaptive bone remodeling under the influence of local
mechanical signals such as stress/strain due to loading/deformation. However, the mechanism
by which osteoblasts sense the mechanical signals and transduce them into an intracellular
biochemical-signaling cascade is still unclear. In this study, calcium-signaling response of the
osteoblastic cells, MC3T3-El, to the local mechanical stimulus was observed by focusing on
the involvement of cytoskeletal actin fiber structure in the mechanotransduction pathway.
Localized deformation as the mechanical perturbation was applied to a single cell by direct
indentation of a glass microneedle, and a change in the intracellular calcium ion concentration
[Ca™); was observed as a primal response to the stimulus. The threshold value of the
mechanical perturbation was evaluated quantitatively, and its directional dependence due to
the aligned cytoskeletal actin fibers was investigated. As a result, mechanosensitivity of the
osteoblastic cells to the local mechanical stimulus depends on the angle of the applied
deformation with respect to the cytoskeletal actin fiber orientation. This finding is
phenomenological evidence that the cytoskeletal actin fiber structures are involved in the
mechanotransduction mechanism in osteoblastic cells.

1 Introduction

Bone remodeling is an adaptation process through complex and coordinated series
of cellular events including osteoclastic resorption and osteoblastic formation [1].
In this process, physical signals such as stress/strain induced by mechanical
loading/deformation play important regulatory roles of cellular activities [2], and
lead to intracellular signaling cascades [3, 4]. Although the effects of mechanical
stimuli on bone cells have been investigated in in vitro experiments by applying
fluid shear stress and mechanical strain through their substrate deformation [5-11],
little is known about the mechanism by which osteoblasts sense mechanical signals
and transmit them into an intracellular signaling response. In those cases, the
mechanical stimulus was applied to a population of cultured cells, and average
cellular responses were evaluated. Thus, to clarify how a single cell detects and
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transmits a mechanical stimulus, identification and characterization of the pathway
have to be carried out focusing on the cellular mechanical components in a single
osteoblastic cell.

Extracellular matrix-integrin-cytoskeletal structure is known as a candidate
mechanotransduction pathway [2, 12], and that the cytoskeletal actin fibers
influence the cellular response to mechanical stimulus [11]. The cytoskeleton is
one of the major intracellular determinants of cellular morphology and functions;
integrins are transmembrane receptors that mechanically link cytoskelctal actin-
associated proteins to the extracellular matrix. In osteoblastic cells, cytoskeletal
actin fibers have a characteristic structure that is oriented along the major axis of
the spindle-shaped cell. If this cytoskeletal actin fiber structure plays an important
role in the mechanotransduction mechanism in osteoblastic cclls, characteristics of
the structure may affect the subsequent signaling pathway, which can be obsecrved
as a change in a cellular signaling response to a mechanical stimulus.

The aims of this study were to investigate the characteristics of the response of
a single osteoblastic cell to a mechanical stimulus due to perturbing the plasma
membrane using a glass microneedle, and to examine the involvement of the
cytoskeletal actin fiber structure in the mechanotransduction pathway. First, by
applying quantitative mechanical perturbation to an osteoblastic ccll using a
microneedle, a change in the intracellular calcium ion concentration, [Ca“]i, was
observed as the primary signaling responsc to the mechanical stimulus, through
which the threshold value of the perturbation was evaluated quantitatively. Second,
to study the directional dependence of the response to the mechanical stimulus, the
effect of actin fiber orientation on the threshold value of the calcium signaling
response was investigated at various maagnitudes and directions of the stimulus.

2  Materials and Methods

2.1  Cell culture and intracellular calcium imaging

Osteoblast-like MC3T3-E1 cells obtained from RIKEN Cell Bank were plated on a
glass-bottom dish (¢= 35 mm) at a density of 10° cells / dish, cultured in the o-
minimum essential medium (-MEM: ICN Biomedicals) containing 10% fetal
bovine serum (FBS: ICN Biomedicals), and maintained in a 95% air and 5% CQO,
humidificd environment at 37 deg.C.

Cells were incubated for 3 hours after plating and then loaded with 5 uM fluo-
3-AM (Dojindo Molecular Technologies), a fluorescent intracellular Ca** indicator,
in FBS-free a-MEM for 1 hour. Cells were rinsed with phosphate-buffered saline
(PBS) and returned again to FBS-free o-MEM.

The change in the intracellular calcium ion concentration, [Ca®’];, was
observed by measuring increases in the fluorescence intensity of fluo-3 using a
confocal laser scanning microscope (MRC-1024/MP, Bio-Rad) at room tempcrature
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(23 deg.C). The observed region was 222 x 222 um’ under a 60x oil-immersion
objective lens. Each fluorescence image, with a size of 512 x 512 pixels, at a height
of 2 um from the dish bottom was scanned at a rate of 1.5 sec per image, and the
fluorescence intensity of each pixel was digitized into 8 bits using a computer.

2.2 Cell orientation

Fluorescence and transmitted images of an osteoblastic cell are superimposed and
shown in Fig. 1A, in which the tip of the microneedle can be seen at the center of
the cell. In osteoblastic cells, cytoskeletal actin fibers have an aligned structure
whose direction significantly coincides with the major axis of the spindle-shaped
cell (p <0.01, »=0.83 for n = 20), in which the cellular axis was determined as the
major axis of an ellipse fitted with the cell shape determined using an image
processing software (Image-Pro Plus, Media Cybemetics), and the major axis of
cytoskeletal actin fibers was determined as that of the fabric ellipse [14] measured
for a Rhodamine-Phalloidin fluorescent image of the actin fibers. The angle
between the microneedle and the cell axis was defined as & (deg.), as illustrated in
Fig. 1B.
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o | —
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Figure 1. Local mechanical stimulus to a single osteoblastic cell using a glass microneedle [13]. A:
Superimposed fluorescence and transmitted images of a cell and the tip of a microneedle. B: Definition of
angle @ between the cell axis and the direction of applied deformation. C: Schematic of deformation
applied to a single cell using the tip of a microncedle and definition of applied perturbation &.
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2.3  Mechanical stimulation

A mechanical stimulus was applied to a single osteoblastic ccll using a tip of a glass
microneedle with a tip diameter of 10 um. The tip of microneedle was heated to
make it smooth and round. The microneedle was attached to a three-dimensional
hydraulic micromanipulator (MHW-103, Narishige) at an angle of 40 deg. between
the microneedle axis and the dish plane.

The schematic of the deformation applied to a single cell is shown in Fig. 1C.
First, the tip of the microncedle was moved down vertically to indent the cell
surface to a height of 2 um from the dish bottom, and held there for a few seconds,
as illustrated in Fig. 1C (left); note the thickness of the cell at the point of
indentation was about 6 to 8 um. Second, after confirming the lack of cellular
response to the indentation, the microneedle was moved horizontally in the
direction of angle @ (Fig. 1B) at a speed of 10 um/s to deform the cell, as illustrated
in Fig. 1C (right), where the displacement of the tip was defined as & (im).

3 Results

3.1 Response of osteoblastic cell to mechanical stimulus

A transient increase in the intracellular calcium ion concentration, [Ca®);, in a
single osteoblastic cell in response to the applied mechanical stimulus was observed
as an increase in the fluorescence intensity of fluo-3, as shown in Fig. 2A. Figure
2B shows the time course change in the average fluorescence intensity in the cell, in
which arrows (a)} to (d) correspond to the cells in Figs. 2A(a) to (d), respectively.
Figure 2A(a) shows the fluorescent image of the cell before stimulation. When the
tip of microneedle was indented vertically at the center of the cell, a shadow of the
tip was obscrved as a black spot (white arrow) on a focus planc at the height of 2
pm from the dish bottom, as shown in Fig. 2A(b). After confirming that this
indentation did not induce significant change in [Ca2+]i, the tip of the microneedle
was displaced horizontally, §= 8 pm, to deform the cell at ¢ = 0 s, as shown in Fig.
2A(c). Immediately after the stimulation, the fluorescent intensity increased and
spread within the cell, subsequently reached its peak value at ¢ = 12 s (Fig. 2A(d)),
and then decreased gradually toward the basal level before stimulation, as shown in
Fig. 2B. Once the calcium response was observed, the microneedle was moved
away from the cell.

When the local deformation was applied to a single osteoblastic cell using a
microneedle, some cells responded with increase in [Ca®Y; and some did not. In
order to examine the effect of the magnitude of deformation on cellular response,
the displacement magnitude & in the horizontal direction was varied from 2 um to
12 um at 2 pm intervals. The percentage of cells P that responded to the stimulus is
analyzed against the applied deformation & for cells (# = 39) in the range from €=
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60 to 90 deg (data not shown) as an example. For small displacements, =2 to 6
um, no cell responded to thc mechanical stimulation. However, with increase in the
applied displacement, the percentage of cells that responded to the stimulus P
increased, and 80 % of the cells responded to the large displacement 6 = 12 mm.
This result indicates that there is a threshold of displacement that cclls can sensc
and respond to the mechanical stimulus.
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Figure 2, Caleium signaling response to perturbation applied to a single osteoblastic ccll using a glass
microneedle {13]. A: Fluorescent images of responded cells. B: Change in fluorescent intensity in time.

3.2 Directional dependence of response to mechanical stimulus

From observations in the previous section, it was indicated that a cell has a
threshold value at which it can respond to a mechanical stimulus. If the cytoskeletal
actin fiber structure plays an important role in the mechanotransduction mechanism
in osteoblastic cells, characteristics of the structure may affect the threshold value at
which it responds to a mechanical stimulus. Here, we focus on the orientation of the
cytoskeletal actin fiber structure in the osteoblastic cells that may cause a
directional dependence of the response to a mechanical stimulus. To examine the
directional dependence of the response on the threshold value, the above-mentioned
cellular calcium response to the mechanical stimulus was studied by applying
deformation in various directions 6.

Cells were divided into three groups based on the angle 8, Group A (@), 6=
0 ~ 30 deg (n = 35); Group B (), =30 ~ 60 deg (n = 35); and Group C (A), =
60 ~ 90 deg (n = 39). The percentage of the cells P that responded is plotted in Fig.
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3A against the magnitude of applied displacement §. As can be seen in this figure,
for smaller displacements &= 2 ~ 6 m, no cells responded to the stimulation in all
groups. For displacement =8 pum, cells in Group A did not respond, while 25 %
and 44 % of the cells in Group B and Group C responded to the stimulation. For
displacement d= [ pm, 14 %, 50 %, and 63 % of the cells in Groups A, B, and C
responded, respectively. In each group, it can be observed that a larger
displacement leads to a higher percentage of response. In addition, for displacement
d=8pum and 10 pm, a larger angle @ seems to lead to a higher percentage of
response. These results indicate that the sensitivity of an osteoblastic cell to a
mechanical stimulus is affected by both the magnitude and direction of
displacement, that is, the sensitivity seems to be rclated to the angle of cytoskeletal
actin fiber oricntation.

:310( — o 100
S Py 2 L p=0736+82
£ 80p ) 8 g0f r=061 ¢
o 8- 6] =30 - 60 (deg.) 2 <0 .
2 (n35) 20 p=0.02 .
3 60 ) g 60
5 —A (6] = 60 - 90 (deg.) 2|
o T (=3 7 k4
g4 %5 40f
‘s / vt
o
&2 A £ 20f
5 o ot 5=10um
o 4 ¥
5 —=%—a— @ —o—— | A oL n Lo L
£ 9 2 4 6 8 16 12 pm 0 200 40 60 80
Displacement of the micropipette tip (8) Angle of applicd deformation 0 (deg)
A B

Figure 3. Percentage of responded cclls to mechanical stimultus [13]. A: Three groups divided bascd on
the angle of applied deformation. B. Dircctional dependence of cellular response for 8 = 10 pm.

To investigate directional dependence of the osteoblastic response to a
mechanical stimulus, experimental data were analyzed by plotting the percentage of
cells P that responded against the applied deformation angle 6. Figures 3B present
the dependencc of thc angle of applied deformation & on the percentage of the
responded cells P for the applied displacements &= 10 pm, where the percentage
was plotted as a function of the angle of applied deformation by taking moving
average within 10 deg at 5 deg intervals.

For displaccment & = 8 um (data not shown), the percentage of the cellular
response P increased with the increase in the applied deformation angle 6. Linear
regression analysis revealed a correlation coefficient » = 0.68 with P and
0 significantly correlated (p < 0.01). For & = 10 um, linear regression analysis
showed a significant positive correlation (»p < 0.02) between P and @ with a
coefficient » = 0.61, as shown in Fig. 3B. These results suggest a directional
dependence of the threshold value at which osteoblastic cells respond to the
mechanical stimulus, which implies that the sensitivity to the mechanical stimulus
depends on the direction relative to the cytoskeletal actin fiber orientation.
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4 Discussion

To clarify the osteoblastic response to a mechanical stimulus, that is, to answcr
questions such as what kinds of stimuli activate cellular activities and how are these
signals rclated to intracellular structural components such as the cytoskeletal actin
fiber structure, it is desirable to setup experimental conditions isolated from
complex factors other than mechanical stimulation as much as possible. Osteoblasts
communicate with neighboring cells via an intercellular network through direct
contacts called gap junctions [15] and indirect signaling mechanisms. For example,
propagation of intercellular calcium signaling is one possible mechanism through
which a cell can affect other cells to coordinate their activities [16]. Thus, when a
mechanical input is applied in vitro to cells contacting cach other, we cannot isolate
the effect of the mechanical stimulus itselt on the cellular response from that of
these intercellular communications. In this study, to exclude these complex factors
arising from neighboring cells, the mechanical stimulus was quantitatively applied
to a single osteoblastic cell using a microneedle.

No calcium signaling response was obscrved for a small deformation by a
microneedle, but a larger deformation caused a higher percentage of the response.
This displacement magnitude dependence indicates the existence of a threshold
value in scnsing a mechanical stimulus in osteoblastic cells, which reminds us of a
tissue remodeling response with a threshold value of strain around the remodeling
equilibrium [17]. However, the applied displacement § in this in vitro experiment
cannot be directly transformed into an overall strain such as the strain applied to the
cell through the substrate deformation, because the deformation due to the
microneedle displacement was very localized in the vicinity of the microneedle tip;
that is, this experiment induces a complex and heterogeneous strain field in the cell
thus it is not possible at present to corrclate the response to strain magnitude. Thus,
for quantitative comparison with the in vivo experimental data, controlled local
stress or strain measure should be applied to the cell as a mechanical input.

In osteoblastic cells, the cytoskeletal actin fiber structure tends to align along
the major axis of cell shape. This cytoskeletal structure is postulated to play an
important role in the mechanotransduction pathway through which extracellular
mechanical signals such as force and deformation are transduced into the
intracellular signaling cascade [18]. From these two viewpoints, the experiment was
conducted based on the hypothesis that the characteristics of the mechano-
transduction mechanism are affected by the orientation of the cytoskeletal actin
fiber structure. As a result, it was found that changing the angle between the applicd
deformation using a microneedle and the cellular orientation resulted in a
directional dependence of the intracellular calcium responsc to the mechanical
stimulus.

One possible model that interprcts the directional dependence is that the
difference in the apparent membrane stiffness due to the aligned fibers bencath the
membrane may affect the localized deformation of the plasma membrane. This
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anisotropic stiffness due to fiber alignment may cause a variation in the local
mcmbrane stretch depending on the direction, and the directional dependence could
be observed if the stretch-activated channel was involved in this mechanical
response. Another model is the case that the cytoskeletal actin fibers are directly
playing a role as the component of mechanical signal transduction. If the critical
tensile deformation along the fiber direction exist that follows to the next signaling
cascade through the fiber structure itself, the tensile deformation along the fiber
may be thc kcy component that is geometrically determined from the applied
deformation and its direction with respect to the fiber axis.

The stretch-activated channel [19, 20] is a candidate involved in this experi-
ment to cause the change in [Ca®'];. For examplc, deformation applied to the plasma
membrane of cultured osteoblasts using a glass microneedle induced an increase in
[Ca™; that was significantly attenuated by the ion-channel blocker on the plasma
membrane [16]. Thus, the increase in [Ca’]; observed in this study duc to the
micronecdle perturbation might be also considered as a result of the ion flux into
the cell through the channel on the plasma membrane. To clarify in more detail the
role of the cytoskeletal actin fiber structure in the mechano-transduction pathway
and the relation to the ion channels, cxperimental conditions have to be sct up such
that the activation of stretch-activated channel and of other possible factors is
prevented.

Cells change their morphology to align along specific directions under uniaxial
mechanical stimulations such as fluid shear stress and substrate stretching. This is
well documented for endothelial cells under flow [21] and stretching [22, 23].
Similar to this, osteoblastic cells were reported to change their orientation under
stretching [24]. In these cells, it is considered that the cell shape and structure are
altered or maintaincd, as mediated by the cytoskeletal actin fiber structure that links
to the extracellular matrix via surface focal adhesion receptors such as integrins
[23]. These mechanical components are involved in the cell remodeling process
wherein they change their distribution and configuration in the cell [25]. However,
how cells sense anisotropic mechanical stimuli such as force and displacement
vectors, and how mechanical inputs induce the polarized distribution of the
components are still unknown. To adapt their shape dynamically to directional
mechanical inputs, cells must have some mechanism though which they can sense
directional mechanical inputs and distribute their components to construct oriented
cytoskeletal structures and polarized focal adhesions.

The observed directional dependence of the osteoblastic response to micronee-
dle perturbations is phenomenological evidence that the cytoskeletal actin fiber
structure is involved in mechanotransduction mechanism, which might be related to
cellular polarized behavior. Even though the present results are still a phenomenol-
ogical obscrvation of the involvement of the cytoskeletal actin fiber structure in the
mechanotransduction process in osteoblastic cells, the approach from a mechanical
viewpoint is another step toward obtaining insights into the mechanotransduction
mechanism and to construct a basis of studies in the field of bone mechanobiology.
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Local mechanical properties were measured for bovine endothelial cells exposed to shear
stress using an atomic force microscopy (AFM), and the AFM indentations were simulated by
a finite element method (FEM) to determine the elastic modulus. After exposure to shear
stress, the endothelial cells showed marked elongation and orientation in the flow direction,
together with significant decrease in the peak cell height. The applied force-indentation depth
curve was -obtained at different locations of the cell surface and quantitatively expressed by
the quadratic equation. The clastic modulus was determined by comparison of the
experimental and numerical results. The modulus obtained in our FEM model significantly
became higher from 12.2+4.2 kPa to 18.7+5.7 kPa with exposure to shear stress. Fluorescent
images showed that stress fibers of F-actin bundles were mainly formed in the central portion
of the sheared cells. The significant increase in the modulus may be due to the remodeling of
cytoskeletal structure. The elastic modulus would contribute a better understanding of the
mechanisms ot endothelial cell remodeling processes during exposure to shear stress.

1 Introduction

Vascular endothelial cells change their macroscopic shape, microstructure and
physiological functions in response to fluid shear stress [1, 2]. We have observed
that intracellular F-actin filament distributions changed depending on the shear
stress and the flow direction [3, 4] and have suggested that stress distributions in the
cells might be also accompanied by the reorganization of cytoskeletal structures [5].
In order to discuss the intracellular stress distributions, we need to determine local
mechanical properties in the cells.

Indentation tests using the atomic force microscope (AFM) have potential to
measure detailed microbiomechanical properties of soft biological samples,
including platelets, endothelial cells, and epithehal cells. In these studies, local
indentations were performed on the cells to estimate elastic modulus, but the results
are still controversial: which is stiffer on the nucleus or the peripheral regions of the
cells? This difference may be due to experimental parameters, such as the
indentation depth, the indentation velocity, the fitting curve in the force-indentation
curve and so on. Some researchers [6-8] have developed finite element model to
investigate the effects of the geometry of the cantilever tip, the indentation depth,
specimen size and specimen nonlinearity and inhomogeneity. A newly designed
AFM has been developed to measure local mechanical properties in combination
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with observation of microstructure for endothelial cells [4, 9]. It will be shown in
this paper that the stiffness of the cells exposed to shear stress increases with the
duration time of exposure. Furthermore, we apply the finite element method (FEM)
to cell deformation by the AFM indentation and determine the local elastic modulus
of sheared endothelial cells [10]. The FEM model is also used to survey the effects
of the relative specimen geometry on the force-indentation curve.

2 Methods

2.1  Endothelial cell culture

Bovine aortic endothelial cells (BAECs) were obtained from thoracic aortas and
cultured with Dulbecco’s modified Eagle medium (Gibco Laboratories, MD, USA)
supplemented with 10% heat-inactivated fetal bovine serum (JRH Biosciences, KS,
USA), penicillin, and streptomycin (Gibco) at 37°C 95% air/5% CO,, as described

previously [3-5]. After reaching confluence after incubation for 4 to 5 days, BAECs
were trypsinized and then plated in a cell culture dish with a diameter of 35 mm
(Asahi Techno Glass, Chiba, Japan). BAECs with passages 4 to 9 were used for
flow-imposed experiments.

2.2 Fluid-imposed experiments

Fluid flow was applied to confluent monolayers of BAECs using a parallel-plate
flow apparatus similar to that described in detail elsewhere [3-5]. Briefly, the
parallel plate flow unit was loaded into the cell culture dish, in which the flow
channel has 0.5 x 14 mm rectangular section. A steady shear stress of 2 Pa for 6 -
24 h was applied to the BAEC monolayers by perfusing the same culture medium at
37°C in 95% air/5% CO, through the channel using a roller pump. Statically

cultured cells were maintained in an incubator as controls.

2.3 AFM measurements

Local mechanical properties of BAECs were measured with a custom-built AFM
apparatus as shown in Fig. 1 [9]. A unique feature of this apparatus is that this
system can allow us to visualize cytoskeletal structure simultaneously together with
AFM measurements because the AFM is combined with an inverted confocal LSM
(LSM-GB200, Olympus, Tokyo, Japan).

After exposure to shear stress, the three-dimensional topography of BAECs was
first obtained by the AFM and then some locations on the major axis of the cell
surface were selected for the measurement of the local mechanical response being
the cantilever tip placed over. The cantilever has a length of 200 pm and a spring
constant of 0.02 N/m (Olympus, Tokyo, Japan). The force-indentation curve was
obtained for each location with the indentation depth of 0-500 nm and the



67

indentation rate of 880 nm/s. The applied force F and the resulting indentation
depth & curve was expressed by the quadratic equation:

F=ad>+bs ()

where a and b are the parameters expressing the nonlinearity and the initial stiffness
of the force-indentation curve, respectively. The elastic modulus was obtained by
comparison of the experimental and numerical results. The numerical analysis will
be shown below.
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Figure 1. Schematic drawing of the optical system of the newly designed AFM combined with the
confocal laser scanning microscope. X-, Y-, Z-PZT are piezo actuators for x, y, z directions, respectively.

(9

In a separate study [11], the LSM was used to observe F-actin filament distributions
of BAECs. BAECs were fixed with 10% formaldehyde for 5 min and then stained
with rhodamine-phalloidin at a dilution in sterile phosphate buffered saline of 1:20
for 20 min. Fluorescence images were observed through a water immersion x60
(1.0 NA) objective at room temperature and transferred to a personal computer.

2.4 Finite element method

Prior to the AFM experiments, the FEM analysis was performed. For ease of
implementation, we constructed an axisymmetric FEM model to simulate cantilever
indentation by AFM, of which a typical mesh is shown in Fig. 2. All nodes on the
lower surfaces were constrained both axially and radially. The model consisted of a
rigid element representing the cantilever, a gap element representing the contact
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region between the cantilever and the specimen surface, and 2185 of an
isoparametric quadrilateral element used to descretize the specimen with the
smallest elements located under the indenter. A conical indenter with tip semi-angle
a= 45 deg was used. The cantilever was assumed to be rigid comparing with the
specimen and the specimen was assumed to be homogeneous, isotropic, and linear
elastic. Poisson’s ratio of 0.49 was used to approximate incompressibility.
Indentation was imposed by applying a uniformly distributed pressure to the
cantilever surface vertically. The resulting force F and indentation & curve is thus
obtained to compare with its counterpart which is independently obtained through
the AFM experiments.

Cantilever tip
Specimen

:
500 nm

Figure 2. Axisymmetric finite element mesh. The model consists of the AFM cantilever and the specimen.
Reprinted from [10] with permission from 10S Press.

The matching process to estimate the elastic modulus Epp,, using our FEM
model is schematically shown in Fig. 3. Corresponding linear equation can be

derived from the analysis in the following form:
F

=b -5 (2)
El-‘EM

where b’ is the linear coefficient. The force-indentation curve obtained from
geometrically nonlinear analysis is also shown in the figure. The elastic modulus
Eppy was determined so as to identify the linear coefficient b’ of Eq. (2) and its

experimental counterpart, that is, the initial slope b of Eq. (1) obtained from the
experiments. Finally we obtained the following relationship.
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b
Erpy =— 3)
FEM =7 (

The analysis was also performed to survey the effects of the relative specimen
geometry on the force-indentation curve by varying the specimen thickness and
radius. The present finite element analysis was conducted by using the ANSYS 5.5
commercial code (SAS IP, PA, USA) running on a workstation (Ultra 10, Sun
Microsystems, CA, USA),

FEM analysis AFM experiment
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Figure 3. Estimation process of the elastic modulus. The elastic modulus Egey is determined so as to
identify the linear coefficient b’ in the FEM analysis and the coefficient b in the AFM experiment.
Reprinted from [10] with permission from IOS Press.

2.5 Data analysis and statistics

Data are shown as mean + SD; n represents the number of ekperiments performed
on different cells. Statistical comparisons were made by use of unpaired Student’s ¢
test. A difference was considered to be significant at a value of P < 0.05.

3 Results

Figure 4 shows typical photomicrographs of rhodamine-phalloidin stained
endothelial cells [11]. After exposure to shear stress, the cells show marked
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elongation and orientation with the flow direction. Thick stress fibers are mainly
formed in the central portion of the cells and aligned with the flow direction.

t=2Pa
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Figure 4. Typical photomicrographs of rhodamine-phalloidin stained endothelial cells before and after
exposure to shear stress. [11]

The indentation test was also performed on endothelial cells exposed to a shear
stress for period of 6 and 24 h. The regions of upstream and downstream sides were
found o be stiffer than the centre region. The values for both parameters, a and b,
are summarized in Fig. 5 for the total number of endothelial cells exposed to shear
stress for 6 and 24 h. The control (C) data are also included for comparison. It is
evident that sheared endothelial cells become much stiffer than the corresponding
group of statically cultured cells. At 6-h exposure, parameter, a, becomes larger,
which is equivalent to an increase in stiffness at the upstrcam side. At 24-h
exposure, there is no difference in mechanical properties between upstream, center
and downstream locations of the cell.

Typical contour map for sheared endothelial cell measured by AFM and the
locations (1-7) where the indentation measurement was carried out are shown in Fig.
6. The thrce-dimensional geometries of the cells were constructed by scanning the
cell surface at a constant interaction force of less than 0.1 nN. The peak cell height
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Figure 5. Parameters, a and b, obtained at upstream, center and downstream sides in statically cultured
control (C) and in sheared endothelial celis for 6 and 24 h. Control: n=48, 6h: n=21, 24h: n=22.
Mean+SD. *®<(.05. Reprinted from [4] with permission from Elsevier.
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Figure 6. Typical contour map measured by AFM for a sheared endothelial cell (2 Pa, 24 h) and
measured locations. The numbers of 1 to 7 are the locations where the indentation test was carried out.

significantly decreases 2.8 £ 1.0 pm to 1.4 £ 0.5 pm with fluid flow. The elastic
modulus Ep,  calculated for control and sheared cells using our model is shown in

Fig. 7. The elastic moduli Egzy, are 12.2 + 4.2 kPa (mean+SD) for control and 18.7
+ 5.7 kPa (mean+SD) (P < 0.05 vs. control) for sheared cells, which are directly
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derived from the parameter b. The modulus significantly increased with fluid shear
stress.

0 H Control (n=6)

Sheared (n=4-5)
40| [ |

30 |

20

Elastic modulus Eg, (kPa)

Location

Figure 7. Elastic modulus Egzy using our FEM model for control and sheared cells. The modulus
significantly increases from 12.244.2 kPa for control to 18.7 kPa (p<0.05) for sheared cells. Reprinted
from [ 10} with permission from 108 Press.

4 Discussion

In this study FEM analysis was performed to analyze AFM indentations and the
local mechanical properties of bovine endothelial cells exposed to shear stress were
estimated.

The FEM analysis indicated that the effects of specimen size can be neglected
if the specimen thickness and width is appropriate size [10]. Karduna et al. {7]
performed FEM analysis to supplement the AFM experimental data and showed the
useful guidelines for the indentation tests such as boundary effects, showing good
agreement with our results. This result implies that one should use the force-
indentation curve up to an extent region according to the predicted cell thickness.
Since the cell thickness at the peripheral regions is very small, the measured
modulus may be affected by the specimen boundary. Costa and Yin [8] also used
FEM models to examine the effects of indentation depth and material nonlinearity
together with indenter geometry on the finite indentation response. They have
shown that the two critical factors determining an apparent elastic modulus are
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whether the deformations are infinitesimal and whether the material exhibits
nonlinear characteristics. In this analysis, the parameter b, i.e. initial stiffness, is
uscd to estimate the clastic modulus, which has little effect on both the geometrical
and material nonlinearities. The tip geometry may arise some errors: the actual
geometry of the AFM tip is not conical but pyramidal. Despite these difficulties, the
present analysis deserves further consideration.

In Fig. 5, both the parameters a and b increased for sheared endothelial cells,
which indicates the remodeling in cytoskeletal structure. Fluorescent images
showed that thick stress fibers of F-actin bundles were observed for sheared
endothelial cells, as shown in Fig. 4. The increase in the parameters, a and b, may
be due to this cytoskeletal remodeling. Figure 7 shows a significant increase in the
elastic modulus Egg,, with exposure to shear stress. Theret et al. [12] applied a

pipette aspiration technique to bovine endothelial cells exposed to shear stress of 1
and 3 Pa for 4 to 24 h to study mechanical properties, and showed an increase in the
elastic modulus with fluid shear stress. However our results are ten times or more
higher than their values. One reason for this discrepancy is due to a difference in
measurements between AFM and pipette aspiration. Another reason is that we used
the attached cells on the dish while their cells were the suspended ones. From this
point of view, there should be significant difference in cytoskeletal structures
between the flatten cells and the rounded cells.

In summary, we have demonstrated that the FEM was combined with the AFM
indentations to determine the local mechanical properties of sheared endothelial
cells. The elastic modulus using our FEM model significantly increased with
exposure to shear stress, showing higher values in our model. Combination of FEM
and AFM measurements allows us to measure accurate local mechanical properties
and might contribute to new insights into the stiffness of the cytoskeleton.
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Objective: Endothelial cells are cxposed to a varicty of mechanical stresses, which modulate a
number of endothelial functions. One of the important functions of endothelial cells is their
migrating ability displayed at healing of vascular injury and angiogenesis. The present study
aimed to elucidate the effects of mechanical stresses on the migrating behavior of bovine aorta
endothelial cells (BAECs). Methods: BAECs were culturcd on a fibronectin-coated elastic
siliconc membrane. A narrow scar (ca. 200 4 m in width) was made by a scratch in the
eonfluent monolayer of BAECs, and migrating behavior of remaining cells into the vacant
arca was measured under controlled mechanical stresses onto the cells. Results: When the
silicone membrane was continuously stretched by 20% at a stroke perpendicular to the scar,
cell migration was strongly accelerated. In contrast, when a 20% prestretched silicone
membrane in thc same axis as above was relaxed, which ctfectively generated compressive
force onto the cells, cell migration toward the vacant arca was significantly inhibited. When
mechanical stresses were applicd parallel to the scar, cell migration was acceleratcd
moderatcly by either stretch or compression. Dircction of migration and lamcllipodia
formation was also affected significantly by mechanical stresses. Conclusion: Migrating
behavior of BAECs is influenced not only by the modes (stretch or compression) of the
applicd mcchanical stress but also by its orientation (perpendicular or parallel to the scar).

1 Introduction

Endothelial cells are exposed to a variety of mechanical stresses including blood
pressure, shear stress, and circumferential tension originated from pulsatile blood
flow. These mechanical stresses inducc a variety of responses in endothclial cells.
Shear stress activates cytoskeletal remodeling, reorganization of extracellular matrix,
and synthesis of specific proteins [1, 2]. Cyclic stretch exerts similar effects [I, 3].
Expression level of certain genes is also modulated by mechanical stresses [4-7].
However, the signaling mechanism of thesc mechanically induced cell responses
was remained largely unknown mainly because of the complexity of
mechanotransduction processes in the cell. Currently, stretch activated (SA) channel,
phospholipase C, adenylate cyclase, Na*/H* exchanger, volume sensitive channel,
G protein, tyrosine kinases, cytoskeleton, and integrin are supposed to be involved
in the cellular mechanotransduction process [1, 7-12].
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Migration of endothelial cells plays a critical role in angiogenesis and healing
of vascular injury. A number of studies have been performed on the effects of shear
stress in thc migration of endothelial cells, where the migration was found to be
enhanced by proper shear stress [2, 10, 13]. However, few studies have been
conducted on the effects of stretch or compression, another important stress in cells,
mainly because of the technical difficulty in applying controlled mechanical forces ;
onto the cell. ‘

Inthis: study, we developed a method by which we can apply mechanical
forces onto the cell with different modes (stretch and compression) and orientations
in a controlled manner. BAECs were cultured on an elastic thin silicone membrane
and a narrow scar (ca 200 pm in width) was made by a scratch in their confluent
monolayer. The migrating behavior of BAECs into the denuded area was analyzed
under various mechanical stresses created by stretch (or its releasc) of the
membrane. 1t was found that these mechanical forces affected significantly on the
extent and the directjon of BAECs migration. Noticeably, when the stresses were
applied perpendicularly to the scar, directed migration of the cells toward the vacant
area was cnhanced ca.5 times as the control by stretch, while it was inhibited nearly
completely by compression.

2  Materials and Methods

2.1 Cell culture

BAECs were prepared according to the method by Ryan et al [14]. Cells were
cultured in a 5% CO, incubator at 37°C with 80% Eagle's minimum essential
medium (Nissui Pharmaceutical Co. Japan) supplemented with NaHCO 5, L-
gultamine, 20% fetal calf serum, 50 uIC/ml penicillin, and 50 pg/ml streptomycin.
Endothelial cells were identificd by morphological features., Subcultured cells with
the passage number of 3 to 10 were used for the experiments.

2.2 Application of mechanical stresses to the cells

Elastic silicone membranes (Fuji system Japan, 200 um in thickness) were coated
for 30 minutes with 50 pg/ml fibronectin (Takaken Japan) diluted with culture
medium. Subcultured BAECs were plated on the membrane at the density of 10°®
/ml. As schematized in Figure 1, two opposite edges of a silicone membrane were
clamped mechanically with custom-made mechanical holders. To apply quantitative
mechanical strain to the silicone membrane, one holder was fastened tightly and the
other was connected to a micromanipulater, After cells were cultured confluently,
medium was changed to a standard extracellular solution (SES: 145mM NaCl, SmM
KCI, 2mM CaCl,, 2mM MgCl,, 10mM Gulcose, 10mM HEPES, pH 7.40 adjusted
with NaOH). All chemicals used were of special grade (Wako Japan). Then a
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narrow scar (ca. 200 um in width) was made by a scratch with a plastic pippet tip
(Gilson 1-200 pl), and spontaneous migration of remaining cells into the vacant
area was measured in SES. This method is known as the wound assay [15]. A time
series of typical cell migration toward vacant area is shown in Figure 2. After the
scar was madec, cells were washed 3 times with SES to exclude the effects of
substanccs from injured cells [16]. There was no significant difference in migration
activity between on fibronectin coated membranes and on scratched membranes.
Then cells were subjected to continuous stretch at a stroke parallel (Figure 1, left)
or perpendicular (Figure 1, right) to the scar by stretching the silicone membrane
from 20mm to 24mm (defined as 20% stretch). To apply compressive forces to the
cells, the silicone membranc was stretched from 20mm to 24mm before cells were
cultured on it, and relaxed to the original length just before the migration
measurement (defined as 20% compression).

PIPET TIP

HOLDER

BAEC POMS MEMBRANE

‘ 20 % stretch (20mm—24mm) ‘
’ 20 % compression (24mm—v20mm)‘

Figure 1. Schematic diagram of experimental setup. BAECs were cultured confluently on an elastic
silicone (PDMS) membrane. Two opposite edges of the silicone membrane were clamped mechanically
with metal holders. One holder was fastened tightly and another was connected to a micromanuplater to
apply uni-axial mechanical strain to the siliconc membrane. After making a narrow scar (ca. 200 pm in
width) by a scratch with a pipet tip, mechanical strain was applied and cell migration into the vacant arca
was mcasurcd, To apply tensile forces to the cells, the siliconc membrane was stretched from 20mm to
24mm, while compressive forces were applied by rclaxing prestretched membrane from 24mm to 20mm.
The orientation of mechanical stresses was controlled by changing the orientation of the scar as shown
above. '

2.3 Analysis of cell migration

Cells under controlled mechanical stresses were mounted on the stage of a phase
contrast inverted microscope (Nikon Diaphoto). The microscope was covered with
an incubator housing (Nikon NP-2), and temperature inside was kept at 37°C.



Figure 2, A time scrics of phase
contrast images showing ccll
migration toward denuded area (a
vertically running dark region).
These images were taken from the
cells cultured on a glass cover slip
but not on a silicone membrane to
give a better coell images. Therefore
this is not an actual result we
analyzed in this study, but rather
for a demonstration to show how
the wound-healing modet works.

The cells moved towards the vacant area with the formation of lemellipodia.
Migrating cells were continuously observed on a TV monitor with the analysis ficld
of 195 um x 270 um through a 20x objective and a video camera (Ikegami ICD-
42DC). We traced the migrating path of the fronticr cells facing the vacant arca.
Generally frontier cells showed elongatcd shape with lamellipodia. We determined
long axis of the cell by visual inspection and traced thc movement of the middlc
point of the long axis every 30 minutes for 6 hours (Figure 3). Most cells kept
contact with other cells during migration, but some cells detached from other cells
and began to migrate independently. We excluded such isolated cells from the data.
The migration path of the cells without mechanical stresses was not straight toward
the vacant area but rather showed a zig-zag way. However, under mechanical
stresses, cells tended to move in a particular direction. To quantify this behavior of
the cells, we employed two parameters as the indices of migration, the migration
range and the effective distance (Figure 3). The former value, which represents total

Figurc 3.  Schcmatic diagram showing how wc
analyzed the cell migration. Cells were mounted on the

EFFECT'VE DISTANCE stage of a microscope and phasc contrast images of

migrating cclls were continuously recorded on a video-

tape. Usually migrating cclls showed elongated shape
with lamellipodia. We detcrmincd long axis of the cell
and traced the movement of the middle point of the
long axis every 30 minutes for 6 hours. Two parameters
\\B\/ g ry P

werc cmployed to estimate the migrating activity of the
cells; the migration range and the effective distance.

A+B+C+D-MIGRAT|°N RANGE The former valuc was used to describe the migration
activity of thc cclls, and the latter the effective
migration activity to cover the vacant area. The ratio
between the effective distance and the migration range
was defined as the efficiency to recover the vacant
area.
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distance of the migration path, reflects the total activity of cell migration. The latter
value, which represents the shortcst distance from the original frontier line, reflects
the effective migration activity to cover the vacant arca. The ratio between the
effective distance and the migration range was defined as the efficiency of
migration to recover the vacant area. Higher efficiency means shorter time to cover
the vacant area. We adopted the migration range, the effective distance, and the
efficiency at 1 hour in the estimation of mechanical effects on the cell migration,
because effects of mechanical stresses became maximum at 1 hour as mentioncd in
results. To estimate the allover effects of mechanical stresses during the course of
obervation (6 hours), we employed the effective distance because physiologically
relevant aspect of the cell migration in this study is the recovery of vacant arca. In
addition effects of mechanical stresses were found to be more apparent in the
effective distance than in the migration range. The effective distance every 30
minutes was used as a parameter of migration velocity. The present investigation
conforms to the guide for the care and use of laboratory animals published by the
US National Institutes of Health.

3 Results

3.1 Cell migration toward the vacant area without external mechanical forces

Soon after scratching the confluent cell layer, frontier cells facing the vacant arca
began to move with forming lamellipodia. Cells behind the frontier cells also began
to change their shape and moved gradually toward the vacant area. Recovery of the
vacant area was cstablished not only by the migration of frontier cells but also by
the movements of all the remaining cells behind frontier cells. This observation
suggested that individual cells migratcd depending on the gradient of intercellular
mechanical stresses. The margin of frontier cells facing the vacant arca is free of
external stress, and the stress at the margin of the cells just behind frontier cells will
be decreased as frontier cells move to the vacant area. The margin of lamellipodia
was moving back and forth and finally extension of lamellipodia in a specific
direction was established. Cells showed eclongated shape in the direction of
lamellipodia formation and some of such cells detached from other cells. These
isolated cells began to migrate faster than the cells attached to others. Without
external mechanical forces, direction of lamellipodia formation and migration was
relatively random, and the velocity of migration was almost constant during the
course of observation for 6 hours.

3.2 Effects of mechanical stresses applied perpendicularly to the scar

When 20% stretch was applicd perpendicularly to the scar, cell migration into the
vacant area was strongly accelerated. In contrast cell migration was inhibited
seriously by 20% compression in the same axis (Figure 4). Stretching the
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membrane must have increased the tension in the cell surface attached on the
membrane, and increased the traction force at the leading edge of migrating cells. In
contrast releasing the membrane stretch (compression) would decrease the tension
in the cell and dcrease the traction force at the leading edge facing the vacant area.
As shown in Figure 5, velocity of migration in response to stretch was higher in the
first 2 hours and decreased as time passed. This result suggests that effects of
stretch applied via substratum became weaker as cells moved on it. To evaluate the
effects of mechanical stresses on the dircction of migration, we took the efficiency
(effective distance / migration range: see methods) at 1 hour, because the velocity of
migration, which may reflect the actual effects of mechanical stresses, became
maximum at 1 hour as shown in Figure 5.

—O— control n=10 -
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Figure 4 (left panel). Effects of mechanical stresses applied perpendicularly to the scar on the
effective distance. Effective distances were measured every 30 min under constant external stress
applied perpendicularly to the scar. Mcan values & SD are shown in the figure for control (n=10
), 20% stretch (n=5 A), and 20% compression (n=10 H).

Figure 5 (right panel). Effects of mechanical stresses applied perpendicularly to the scar on the
velocity of migration. Increments of effective distance per 30 min (defined as the velocity of
migration here) werc measured under constant external stress. This is actually a differential
expression of Figure 5. Mcan values & SD are shown in the figure for contorol (n=10 O), 20%

stretch (n=5 A), and 20% compression (n=10 W).

As summarized in Table 1, the migration range (in tm ) at 1 hour, which
represents migration activity of the cell, was significantly enhanced by 20% stretch
(33.50), whereas slightly changed by 20% compression (13.65) compared with
control (13.43). The effective distance (in pm ) at 1 hour was much larger at 20%
stretch (27.03), and significantly lower at 20% compression (0.29) compared with
control (5.58). As the result, the efficiency at 1 hour was enhanccd significantly by
20% stretch (0.76), whereas attenuated severely by 20% compression (0.03)
compared with control (0.44). These results clearly indicate that migrating behavior
of endothelial cells is strongly influenced by the mode of externally applied
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mechanical stresses. Fig. 6 illustrates representative migrating behavior of the
picked out three cells in different mechanical conditions. Under the control
condition (without mechanical stresses), the direction of lamelipodia formation was
random. At 20% stretch perpendicular to the scar, the lamelipodia formation toward
the scar was accelerated appreciably. At 20% compression, in contrast, the
lamelipodia formation toward the scar was suppressed remarkably.

3.3 Effects of mechanical stresses applied parallel to the scar

Above observation suggests that the orientation of applied forces critically
influences the direction of cell migration in the wound-healing model. To test this
possibility, we examined the cffects of mechanical stresses parallel to the scar on
the cell migration into the scar. Either 20% stretch or 20% compression applied
parallel to the scar accelerated cell migration (Fig. 7). This makes a good contrast
with the stretch and compression applied perpendicular to the scar, which caused
opposite effects on cell migration (Fig. 4).

contro} & 20% stretch = | <20% compression™
e Figure 6. Migration and lamellipodia
50 pm formation of frontier cells facing the
& § § scar (indicated by a double headed

arrow in the top raw) under various
Om o m Om mechanical stresses: left column, control
(no stress); middle, 20% stretch
perpendicular to the scar; right, 20%
compression perpendicular to the scar.
In cach column appearances of cell
shape and lamellipodia formation are
shown at Omin, 20min, 40min, 60min,
and 3hr after scratch. Lamellipodia

formation was apparcnt in the first 1
hour. Lamellipodia, which are shown as
dotted arcas in individual cells, could be

s

=N

20 m 20m 20m

e

distinguished  from cell soma region

40 m 40 m (open areas) in phase contrast imagcs.
Without mechanical stresses, dircction
& of lamellipodia formation was relatively
Q S random. In contrast, under 20% stretch,
lamellipodia formation and migration in
the dircction of stretch are accelerated
60 m 60 m 60 m remarkably while they arc largely
suppressed under 20% compression.
3b 3h
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Table 1. Migration indices under various mechanical conditions. Migration indices (effective
distance, migration range, and efficiency.) here were taken at 1 hour after the onset of cell migration
since the migration velocity became maximum at 1 hour as shown in Figures 5 and 8. Values are
indicated as mean values % SD.

* Control Perpendicularly Paral lel
Stretch Compression Stretch Compression
N=10 N5 N=10 N N=10

Effective Distance (uw) | 5.58%2.86 | 27.03%16.11 [ 0.2945.40 { 18.03+9.60 | 12.%x2. 8
Nigration Range (um) 13.4345.24 | 3.50+15.67 | 13.66+5.31 | 19.70+8.07 | 18.%+3.73

Efficiency 0.44+0.16 | 0.76+0.32 | 0.083+£0.41 | 0.87%0.16 | 0.71%0.16
—o— —O-—- control n=10
ool eet0 "o 20% sretch e ‘J
—H— 20% compression nx10 - 181 —& - 20% compression n=10
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Figure 7 (left panel). Effects of mechanical stresses applied parallel to the scar on the effective
distance. Effective distances were measured every 30 min under constant stress applied parallel to
the scar. Mean values = SD are shown in the figure for control (n=10 O), 20% stretch (n=5 A),
and 20% compression ( n=10 W).
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Figure 8 (right panel). Effects of mechanical stresses applied parallel to the scar on the velocity of
migration. Increments of effective distance per 30 min (velocity of migration) were measured under
constant stress. This is actually a differential expression of Figure 7. Mean values * SD are shown
in the figure for control (n=10 O), 20% stretch (n=5 A), and 20% compression (n=10 W).

This result clearly shows that cell migration in response to mechanical stresses
depends on the orientation of mechanical stresses. The velocity of migration, which
was enhanced by the stresses parallel to the scar, was highest in the first 1 to 2
hours and then decreased with time (Figure 8). As summarized in table 1, the
migration range (in um) at 1 hour was enhanced by either 20% stretch (19.70) or
20% compression (18.55) compared with control (13.43). Similarly the effective
distance and efficiency at 1 hour were enhanced either by stretch or compression
parallel to the scar, suggesting that mechanical stresses other than the compression
perpendicular to the scar (parallel to the direction of cell migration) accelerate cell
migration.
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4 Discussion

4.1  Cell migration without external forces

The present study showed that endothelial cells migrated toward the denuded arca
and that the migration was significantly influenced by externally applied
mechanical forces depending on thcir modes (stretch or compression) and
orientations (perpendicular or parallel to the scar). Before discussing underlying
mechanisms of these mechanical effects, we consider here the cell migration
without external mechanical forces. The cell migration toward the vacant area is
triggered most likely by a release of intrinsic mechanical stress (pressure) from
adjacent cells at the edge facing the vacant area. Spatial gradient of the pressure in
the axis perpendicular to the scar may underlie the directed cell movement.
Supportive observations were reported on the effect of shear stress, where cell
migration was activated more in downstream than in upstream [2, 13]. In the
confluent cells, pressure among the cells may inhibit cell migration.

4.2  Cell migration under mechanical stresses

An application of mechanical stretch in a direction perpendicular to the scar
resulted in a significant accelcration of cell migration toward the denuded area. At
the leading edge of migrating cells, lamellipodia formation was greatly accelerated
as shown in Figure 6. Although precise mechanisms are not fully understood,
polymerization of actin filaments at the ccll margin, which will cause an internal
pressure to push the margin, is supposed to play a pivotal role in the lamellipordia
formation [17]. The mechanical stretch could have augmented the polymerization of
actin filaments. The inhibition of cell migration induced by compression
perpendicular to the scar can be interpreted by a reverse effect on the actin
polymerization. Alternatively, thec compressive force applied might have acted as a
direct force to prevent the cell movement. The cell migration toward the vacant arca
was enhanced either by stretch or compression when the stress was applied in a
direction parallel to the scar. In the case of compression, the pressure around the
cell margin except for the leading edge facing the vacant arca may have increased,
giving rise to a force that would accelerate the cell migration toward the scar. 1t is
more difficult to explain the effects of stretch. It could be due to an alteration of
intracellular Ca®* dynamics as addressed below.

4.3 Involvement of stretch activated ion channels in cell migration

The dramatic effects of mechanical stresses on the cell migration presented hcre
indicate that cells can sense not only the amplitude but also the direction of
mechanical stresses. Considering that continual deformation of the cell during
migration will cause changes in the mechanical stresses in the cell, cell
mechanosensing mechanisms would play an essential rolc in the control of
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migration even without external mechanical forces. The only identified cell
mechanosensing machinery to date is the stretch activated (SA) ion channel that is
assumed to be activated by the membrane tension generated by cell membrane
deformation [18]. SA channels have been identified in many cell types and reported
to play a key role in mechanically induced cell responses [7, 18-20]. A Ca®**
permeable SA channel was found in porcine aorta endothelial cells [21]. We also
found a similar SA channel in human umbilical vein endothelial cells, which could
increase the intracellular Ca® concentration in response to stretch [22]. It is highly
possible that similar SA channels are expressed in our preparation( BAECs) and
involved in cell migration.

To test this hypothesis we made a series of preliminary experiments under the
conditions without external mechanical forces. We used gadolinium(Gd*'), which
was first discovered to block an SA channel in Xenopus oocytes [23] and has been
used as a potent blocker for SA channels. Also Gd** is known to inhibit various cell
responses to mechanical stresses [3, 24] and the stretch induced intracellular Ca*
increase via SA channels in endothelial cells [22]. Application of Gd*" (50-100 pM)
caused a significant and dése-dependent inhibition of the cell migration toward the
denuded area (not shown). The Gd** effects were similar to those of a depletion of
Ca’* from the external solution. These observations suggest that Ca*" influx through
SA channels play an important role in the BAEC migration.

4.4  Sensing the direction of mechanical stress and clinical implications

The second messenger, intracellular Ca’*, is known to induce a variety of
migration-related responscs. Ca®* dependent proteasc is needed in detaching cells
from substratum [25]. Lamellipodia formation underlying migration is regulated by
a variety of actin binding proteins, some of which are Ca’" dependent [26, 27]. A
precise model of cell migration suggests a localized increase in intracellular Ca*
concentration during migration [28], and a spatial gradient of Ca** concentration
was reported in migrating cosinophils [29]. Such a spatial gradient of intracellular
Ca®* concentration may be caused by local Ca** influx through SA channels. We
can speculate that localized Ca®' influx through SA channels regulates dynamics of
cytoskeletons through Ca®* dependent actin regulating proteins, leading to a
directed cell migration. Another potential candidate for the mechanosensing
machinery is the adhesion contact [1, 10-12], which is a complex structure
consisting of integrin and various associated proteins, some of which are liked to
cytoskeletal structurcs mostly stress fibers. Mecchanical stresses in the substratum
will be conveyed through adhesion molecules to cytoskeletons, and may directly
affect the actin polimerization and directed lamellipodial development. The possible
involvement of cytoskeletons in mechanosensing would be of great interest. As the
cytoskeleton is a filamentous structure with a particular direction, it may work as a
antenna to detect the direction of mechanical stresses in the cell. If the molecular
complex constituted of cytoskeleton, integrin and SA channels works as a cell
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mechanosensor, it may be able to detect the direction of mcchanical forces. There
are reports indicating the importance of cytoskeletal networks in the activation of
SA channels [9, 18, 30].

Our results showed that the migration of BAECs was greatly influenced by
mechanical stresses depending on their modes (stretch or compression) and
orientations (parallel or perpendicularly to the scar). In other words, cndothelial
cells are equipped with such a fine mechanosensing machinery that can discriminate
not only stretch and compression but also their orientations. It was surprising that
stretch and compression-exerted completcly opposite effect on the cell migration
when they were applied perpendicularly to the scar. However, the phenomenon
looks very reasonable since an open wound at stretched region must be healed more
rapidly. Such a mode- and orientation-dependent cell migration would also
enhance efficiency in the angiogenesis as well as in the healing process of
endothelial injury.
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Methodology for cell differentiation and tissue regeneration in vitro is keenly rcquired
towards the adaptation to regenerative medicine. The methodology could be composed from
three indispensable approaches other than biochemical one. One is an approach from material
side, where cells could receive outside-in signals from biomaterials such as collagen,
hyaluronan. 3D scaffolds hybridizing biomaterials with biodegradable polymers could be
scrved as an incubator not only for controlling cell differentiation but also for promoting
tissue regeneration. The second is physical approach, where cclls also could transduce outer
physical stimulations into intraccllular signals. Hydrostatic pressure, shear stress could be
used for regulating differentiation of chondroeytes, endothelial cells, and for regenerating
articular cartilage, blood vesscl, respectively. The last is one from cell-cell interaction, which
is known to be necessary in the developmental steps. Spheroids, as far as necrosis is avoided,
are useful for controlling cell differentiation, and could become micro-tissue elements for
tissue regeneration.

1 Introduction

It is one of the most crucial themes in regenerative medicine to regulate cell
differentiation and tissue regeneration in vitro. Both cell differentiation and tissue
regeneration are thought to be limited under in vitro conditions. Especially, we
could not discuss tissue regeneration, apart from tissue necrosis. In vitro culture
requires novel methodologies to realize tissue nutrition by any means such as
angiogenesis. .

Knowledge about cell differentiation and tissuc regeneration accumulates by
contribution from biochemical fields. It is reasonable to adopt such knowledge in
cell biology and molecular biology into regenerative medicine. As a ligand interacts
its specific receptor and evokes cellular signal transduction, biochemical
stimulations such as growth factor addition are estimated to be an adequate method
to regulate cell differentiation and tissue regeneration.

On the other hand, it is known for cells to be regulated by intracellular signals
cvoked by other than biochemical stimulation. Cell adhesion assemblies involving
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integrins are well known to regulate cell adhesion, spreading and migration by
inside-out signals, and regulate at the same time cell differentiation and tissue
regeneration by outside-in signals, which are caused by integrin-matrix interaction.
Another interaction regulating cell differentiation and tissue regeneration is cell-cell
interaction, which is realized for example in cell aggregation at developmental steps.
Thus, an approach is presumed probable to regulate cell differentiation and tissue
regeneration by means of realizing cell-matrix interaction and cell-cell interaction
from the engineering point of view,

Moreover, it is known that physical stimulation in addition to biochemical one
evokes intracellular signal transduction and diverse cellular responses. Blood vessel
is physiologically loaded with shear stress by blood flow, and tensile stress by
pulsatile blood pressure. Femur bone is loaded with compressive stress and articular
cartilage is loaded with hydrostatic pressure by walking and weighting. Those
physical stimulations are known to activate diverse cascades of intracellular signals
at the same time. Although their effects are thought not to be specific in comparison
with biochemical one, the adoption of those physical stimulations to regulate cell
differentiation and tissue regeneration could be one of the effective engineering
approaches.

As described-above, three approaches could be thought to realize cell
differentiation and tissue regeneration in vitro from the engineering point of view;
1) approach using three dimensional scaffolds, 2) approach using physical
stimulation, 3) approach using cell-cell interaction, as shown in Fig.1.

Physical Biochemical

growih factor

shear, stretch \ /
hydrostatic pressum/—\ \ cytokine
/ Material \

CCe" Diﬁerentiation) collagen, hyaluronan, laminin Cl'issue Regeneratioa

Figure 1. Three essential approaches for regulating cell differentiation and tissue regeneration.

2 Approach to Regulate Cell Differentiation and Tissue Regeneration by
Means of Three Dimensional Scaffolds

Cartilage is one of the promising candidates for tissue regeneration in vitro by using
tissue engineering, because chondrocytes could endure low oxygen concentration
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and nutrition supply. It is necessary for regenerated cartilage to be bigger than one
taken with biopsy in order to exceed mosaic plasty. For that purpose, it is
inevitable to make chondrocytes proliferated in vitro. Articular cartilage is
composed of type II collagen, although fibrous cartilage is composed of type I
collagen. However, it is well recognized that chondrocytes are dedifferentiated
according to proliferation in vitro, producing not type II but type I collagen.
Therefore, tissue engineering is requested to establish a new methodology how to
make dedifferentiated chondrocytes redifferentiated in vitro.

Biomaterials derived from tissues such as collagen, hyaluronan have been used
in tissue engineering. Those materials have sites to be able to interact with integrins
or receptors on the plasma membrane and evoke intracellular signals, although they
are relatively weak in mechanical properties. On the other hand, biodegradable
polymers such as poly glycolic acid (PGA), poly lactic acid (PLLA), and their
copolymer poly DL-lactic-co-glycolic acid (PLGA) have also been frequently used
in tissue engineering. Those polymers have enough mechanical strength, although
they are relatively hydrophobic and have no sites to interact with cells.

In order to compensate mutually demerits of biomaterials and biodegradable
polymers, their hybridization has been tried. For that context, we have made the
hybridization of collagen micro-sponges with PLGA sponges [l-3], the
hybridization of collagen micro-sponges with PLGA meshes [4], the hybridization
of collagen micro-sponges with hydroxyapatite micro-beads and PLGA sponges [5],
and the hybridization of collagen gels including chondrocytes with PLLA non-
woven fiber scaffolds [6]. Thus, those hybridization could promote not only
efficiencies of cell seeding and cell adhesion but also regeneration ability of
cartilage-like tissues in vitro. Fig. 2 shows SEM micrograph of PLGA-collagen
hybrid mesh (a), phase contrast micrograph of two passaged cells immediately after
seeding in the hybrid mesh (b), and SEM micrographs of chondrocytes cultured in
the hybrid mesh for | week (c) and 4 weeks (d). The hybrid mesh was prepared by
forming cobweb-like collagen micro-sponges in the openings of a knitted mesh
made of PLGA (Fig. 2a). Observation by a phase contrast microscope indicates that
the cells were entrapped by the collagen micro-sponges in the hybrid mesh
immediately after cell seeding (Fig. 2b). Chondrocytes adhered to the cobweb-like
hybrid mesh and showed uniform distribution on the mesh. They proliferated and
regenerated cartilaginous matrices, filling the void spaces in the hybrid mesh (Fig.
2c¢,d). Fig.2 also shows Northern blot analysis of the genes encoding type I collagen,
type II collagen, and aggrecan of two passaged chondrocytes cultured in the hybrid
mesh for 0, 2, 4, and 12 weeks. When the dedifferentiated chondrocytes were
seeded and cultured in the hybrid mesh, the expression of mRNAs for type II
collagen and aggrecan was up-regulated and that of type I collagen mRNA was
down-regulated. After culture in the hybrid mesh for 12 weeks, the gene expression
of type 1 collagen was very weakly detectable, but those of type II collagen and
aggrecan reached their highest levels. Those results show a possibility for such
hybridized scaffolds to possess the function enabling dedifferentiated chondrocytes
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redifferentiated in coincidence with cartilage-like tissue regeneration [7]. It could
be also thought possible to regulate cell differentiation and tissue regeneration in
more complicated tissue such as blood vessel and bone, using signals from matrices
and three dimensional structures of those hybridized scaffolds [8, 9].

4 12 wecks

n 2
L e T

- Aggrecan

Figure 2. SEM micrograph of PLGA-collagen hybrid mesh (a), phase contrast micrograph of two
passaged cells immediately after seeding in the hybrid mesh (b), and SEM micrographs of chondrocytes
cultured in the hybrid mesh for 1 week (c) and 4 weeks (d). (left) Northern blot analysis of the genes
encoding type I collagen, type Il collagen, and aggrecan of two passaged chondrocytes cultured in the
hybrid mesh for 0, 2, 4, and 12 weeks (right) (Ret.7).

3 Approach to Regulate Cell Differentiation and Tissue Regeneration by
Means of Physical Stimulation

Cells and tissues are known to be physiologically loaded with diverse physical
stimulations. For example, femur is loaded with compressive or tensile stress by
walking, which is known to evoke micro-deformation, strcaming potential in bone
tissue, In blood vessel, endothelial cells are loaded with shear stress by blood flow,
endothelial cells and smooth muscle cells are loaded with tensile stress by blood
pulse. Those physical stimulations are known to evoke intracellular signals such as
Ca, cAMP. Therefore, trials have been done to regenerate three-dimensional tissues
‘by mimicking physical stimulations.
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Articular cartilage is loaded with compressive stress by walking and exercise.
Cartilage is a tissue with high water-content, due to charged polymers such as
proteoglycans, other than a hard tissue with high stiffness. Therefore, chondrocytes
are thought to be loaded with hydrostatic pressure caused by compressive stress.
According to in vivo measurements, hip articular cartilage is loaded with 3-7 MPa
of hydrostatic pressure by walking. The hydrostatic pressure has been tried to be
used to regulate cellular functions of chondrocytes. If hydrostatic pressure is
generated by compressing medium through air-phase, the concentrations of gases
such as oxygen in medium are changed according to loaded pressure. On the other
hand, compression of medium through liquid-phase has been realized in closed
system, allowing short-term culture. Therefore, a system for long-term culture
under hydrostatic pressure requires medium perfusion and compression through
liquid-phase [10, 11].
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Figure 3. Effects of hydrostatic pressure on matrix production of articular chondrocytes. (a) knee joint,
(b) chondrocyte physiologically loaded with hydrostatic pressure, (c) hydrostatic pressure loading system.
(d) promotion of chondroitin-4-sulfate and 36-S incorporation of chondrocytes under hydrostatic
pressure (Ref. 11 & 12).
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Although mechanism how chondrocytes respond to hydrostatic pressure is still
unknown, intermittent hydrostatic pressure loading promotes glycosaminoglycans
production in three-dimensional culture using collagen sponges [12] (Fig.3). It
could be thought for hydrostatic pressure to be one of the essential factors for
regenerating cartilage-like tissue in vitro. It is also reasonable to think that physical
stimulation is a methodology for regenerating tissues including cartilage, bone and
blood vessel in vitro.

4 Approach to Regulate Cell Differentiation and Tissue Regeneration by
Means of Spheroid Formation

Cell aggregation is recognized to be essential for cell differentiation in specific
tissue such as cartilage at developmental steps. Cell-cell interaction realized in cell
aggregation is thought to play a pivotal role in cell differentiation and tissue
regeneration. In cell culture in vitro, cell aggregation is known to be significant for
regulating cell differentiation and functions in hepatocytes and neuronal cells. The
spheroids (cell aggregates) of those cells could be formed on specially treated
polymer surfaces or under specific rheological conditions. Those methods could be
also adapted to other cells including primary culture cells. For example, fibroblasts,
which require oxygen and nutrition supply in higher levels, could form spheroids
under adequate rotating flow conditions, having diameters which avoid necrosis at
the center of spheroids [13]. The conditions of spheroid formation depend on not
only rheological fields but also strength of cell-cell interaction, which changes with
biochemical and physical stimulations [14]. Those spheroids of fibroblasts could be
adapted for regenerating cultured dermis. There are two kinds of methods: one is to
form cultured dermis with only cells and matrices produced by the cells, the other is
to form it by using cells and scaffolds such as meshes fabricated with biodegradable
polymers, which guarantee mechanical strength and easy handling. The spheroids
could be adapted to the latter method, where they are trapped onto the meshes
having several hundreds micrometers gaps, and cnable prompt tissue regeneration
[15].

Cell condensation is detected at developmental steps, and is thought to play a
crucial role in chondrocyte differentiation. On the other hand, chondrocytes are
known to be dedifferentiated in vitro. Cell condensation is also considered to be
essential for regulating differentiation of chondrocytes or maintaining their
phenotype. According to this context, cell aggregation is made as a pellet by
centrifugating cell suspension, which is frequently used for studying differentiation
of mesenchymal stem cells to chondrocytes. However, that pellet culture is limited
in basic research, because only one cell aggregate be made by a centrifugation tube.
Then, it was found to be able to form cell aggregates of chondrocytes as well as
those of fibroblasts by using rotating flows, taking merits of pellet culture and
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compensating its demerits [16]. Those cell aggregates could be thought to be not
only a kind of incubators for cell differentiation but also a kind of micro-tissue
elements for tissue regeneration. (Fig. 4) In this sense, cell aggregates are adaptable
to diverse kinds of tissue regeneration. Although angiogenesis is indispensable for
oxygen and nutrient supply in tissue regeneration, usage of cell aggregates as
starting tissue elements shows a possibility to regenerate tissues, avoiding necrosis.

rotational culture

multiple spheroids formation

P & .

(micro-tissm element ) ( cell differentiation j

Figure 4. Simultaneous multiple spheroid formation by rotational culture for regulating cell
differentiation and formating micro-tissue elements.

S Summary

There exist huge obstacles to be overcome for realizing not cell transplantation but
tissue transplantation, tissue regeneration, as mentioned in the introduction. Even
though simultaneous angiogenesis is essential, approaches from scaffolds, and from
physical stimulation as well as from biochemical stimulation, are crucial for
regulating cell differentiation and regenerating tissues.
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A new theory (hypothesis) was proposed to explain the localization of vascular discases that
accompany thickening or thinning of a vessel wall, and to substantiate the hypothesis, the
effects of various physical and hemodynamic factors on the concentration of plasma proteins
and lipoproteins including low density lipoproteins (LDL) at the luminal surface of an arterial
wall were studied both theoretically and experimentally by carrying out computer simulations
of the flow and transport of lipoproteins from flowing blood to an arterial wall, and
performing mass transfer experiments of LDL and model particles using a monolayer of
cultured bovine aortic endothelial cells as a model of an arterial wall. It was found both
theoretically and experimentally that due to the presence of a filtration flow of water at the
vessel wall, flow-dependent concentration or depletion of LDL occurs at the luminal surface
of an artery under physiological conditions, creating regions of high and low LDL
concentration at sites of low wall shear rate (stress) and high wall shear rate (stress),
respectively, The results strongly suggest that concentration polarization of LDL is
responsible for localized genesis and development of atherosclerosis and intimal hyperplasia
in regions of low wall shear rate wherc concentration of LDL builds up, and cerebral
aneurysms in regions of high wall shear rate where depletion of LDL occurs.

1 Introduction

It has been shown that, in humans, most of the vascular disecases such as
atherosclerosis, cerebral aneurysms, and anastomotic intimal hyperplasia develop
preferentially at certain sites in the circulation such as bifurcations, curved segments,
and distal to a stenosis of relatively large arteries where flow is locally disturbed by
the formation of secondary and recirculation flows. Thus the localization of these
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vascular diseases has been a subject of hot issue since the early 1970’s, and it has
been studied by many researchers in the fields of medicine, engineering, and physics
with respect to its connection with blood flow. As the results, it has been pointed out
that wall shear stress is a key hemodynamic factor playing a causative roll in all the
vascular diseases which accompany thickening or thinning of the vessel wall.
However, we have a strong suspicion in it for the following reasons.

1. Shear stress is not a substance which can cause the vascular disease directly by
accumulation or depletion of itself, but one form of force which can only affect or
stimulate the cells constituting a vessel wall to uptake or synthesize or degrade the
substances that cause the vascular disease.

2. The results from our flow studies with isolated transparent natural vessels showed that:
= Atherosclerosis and anastomotic intimal hyperplasia develop preferentially in
regions where flow is slow and wall shear rate (shear stress) is low [1, 2].

® Cerebral aneurysms are formed selectively at sites where blood flow is fast and
vessel walls are exposed to high hemodynamic stresses (pressure, tension, and shear
stress) [3].

These results indicate that both of the vascular diseases which accompany
thickening of the vessel wall (atherosclerosis and anastomotic intimal hyperplasia)
and thinning of the vessel wall (saccular cerebral aneurysms) are directly affected by
the velocity of blood flow and wall shear rate associated with it, but they are
opposite phenomena which occur under extremely low and high velocity,
respectively.

In addition to the above reasons, clinical data shows that:

1. Atherosclerosis and anastomotic intimal hyperplasia tend to develop in subjects whose
cholesterol concentration in blood is elevated [4-6].

2. Cerebral hemorrhagic disorders tend to occur in subjects whose cholesterol
concentration in blood is low [7].

3. In autologous vein grafts and artificial grafts implanted in the arterial system, even if
their diameters are adjusted to those of host arteries and the luminal surfaces are
exposed to wall shear stress which is the same level as that of host arteries, intimal
hyperplasia still dcvelops in the grafts [8].

From all these facts and data, we considered that the flow velocity of blood and
cholesterol (as a nutriment) are involved in all the vascular diseases, and the
concentration of cholesterol in blood and its transport to vessel walls play important
roles in the localized pathogenesis and development of the vascular diseases
mentioned above.

To this end, we developed our own new theory (hypothesis) to explain the
pathogenesis and localization of the vascular diseases.
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2 Our Theory (hypothesis)
“ Flow-dependent concentration polarization theory”

Due to a semi-permeable nature of a vascular endothelium which allows the
passage of water and water-dissolved ions but not macromolecules such as plasma
proteins and lipoproteins, flow-dependent concentration or depletion of plasma
proteins and lipoproteins occurs at a blood-endothelium boundary as shown in
Figure 1, and this affects the transport of lipoproteins which carry an important
nutriment ‘cholesterol’ from flowing blood to an arterial wall, leading to localized
genesis and development of atherosclerosis and intimal hyperplasia in regions of
low wall shear rate where concentration of these macromolecules builds up, and
cerebral aneurysms in regions of high wall shear rate where depletion of
macromolecules occurs.
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Figure 1. Schematic diagram of flow-dependent concentration polarization of LDL. Duc to
the presence of a filtration flow of water at a vessel wall, there occurs concentration or
depletion of LDL at the luminal surface of an artery, and depending on the flow rate, a

constant equilibrium concentration is established. EC: endothelial cell, LDL: low density
lipoprotein, Fw: filtration velocity of water (From Wada and Karino [9]).

3 Theoretical Study
3.1 Method

The effects of various physical and fluid mechanical factors on the concentration of
low density lipoproteins (LDL), known to be a substance which cause aterosclerosis,
at a blood—endothelium boundary in various segments of arteries were studied by
solving equations of motion, continuity, and mass transport under the assumptions
that blood is an incompressible, homogeneous Newtonian fluid, the vessel wall is
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permeabie to water (plasma), and blood flow at the inlet of the vessel is a steady
laminar flow with a parabolic velocity distribution.

Vi

Figure 2. Schematic representation of a straight artery and definitions
of symbols used (From Wada and Karino [9]).

Steady state mass transport of macromolecules such as LDL in blood flowing
through a straight artery can be described by

oC a&cC 160C 0*C
U—+v—=-D| —+

> |=0
0z or ror Or-

where C is the concentration of the macromolecule, D is the diffusivity of the
macromolecule, z and r are the respective axial and radial coordinates, and u and v are
the velocity components of the fluid in the axial and radial direction, respectively.

The boundary conditions applied to solve the above equation are:

C=Co at z=0

oC

— =0 at r=0

or

VWCW—D—a—C =KC, at r=r,
g -

where r, is the radius of the vessel, C,, is the surface concentration of LDL at a blood—
endothelium boundary, Vw is the filtration velocity of water, and X is the overall mass
transfer coefficient of LDL at the vessel wall.

3.2 Procedures for computational analyses

Numerical solution for LDL concentration, C, was obtained by a finite element
method. To do so, solution domain was first discretized using two-dimensional,



104

bilinear, quadrilateral elements, and the element equation was formulated by a
conventional Galerkin-weighted residual method.

3.3  Results

3.3.1 Straight artery [9]

The axial and radial velocity of blood and the concentration of lipoproteins in blood
flowing through straight arteries in a steady fashion were calculated by assuming
the filtration velocity of water at the vessel wall, ¥ = 4x 10" cm/s [10], the overall
mass transfer coefficient of LDL at the vessel wall, K = 2x10® cm/s [11], and the
diffusivity of LDL, D = 5x10™ cm?/s [12]. Figure 3 shows the distribution of the
concentration of various lipoproteins including LDL in the radial direction at an
axial location z/d, = 20 (20-diameter downstream from the entrance of the vessel)
calculated for a 0.6-cm inner diameter artery at Reynolds number, Re = 100. Here
the local concentration of lipoproteins and radial distance from the vessel axis were
normalized by the concentration at the entrance, C,, and the radius of the artery, r,,
respectively. As evident from the figure, it was found first that due to the presence
of a filtration flow of water at the vessel wall, concentration polarization of
lipoproteins occurred at a blood—endothelium boundary where fluid axial velocity
was small. The degree of polarization was much greater for large lipoproteins such
as LDL (D = 5x10® cm?s) and VLDL (D = 1x10™® cm?s) than albumin (D = 5x
107 ¢m?/s).

2.0 r I T 1.8 T r
Straight artery ( evaluated at z/do = 20) Straight artery
do —0.6cm —_ ds =0.6cm Re 10
— 18} Re =100 A Ve =40%10" cm/sec )
L Vw =4.0x10* co/sec $§ L6} K =20x10%cmsec
S K =2.0x10" civsec = D =50x10® cm¥sec
~ ()
O 16 D [cm¥sec | .
& — 10x10% & 14l
2 —e—- 5.0x10% g
E 14} --- Lox107 =
8 —— 50x107 g
[=3
& S 12
1.2 Q
T
a 1,000
1.0 - = 1.0 = s =
0.96 0.97 0.98 0.99 0 5 10 15 20
Radial distance, r/ro[—) Distance from the entrance, z/d,[—1

Figure 3. The effect of the diffusivity of  Figure 4. The change in surfacc concentration of
lipoproteins on concentration profile near the  lipoproteins along the artery, and the effect of
vessel wall (From Wada and Karino [9]). Reynolds nuinber on it (From Wada and Karino [9]).
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It was also found that the surface concentration of LDL increased non-linearly
with increasing the axial distance from the entrance of the artery (z/d,), and it was
greatly affected by the flow rate (Re) as shown in Figure 4. Figure 5 shows the
relationship between the surface concentration of LDL and wall shear rate or Re. As
it is evident from the figure, concentration polarization of LDL occurred most
prominently under the condition of low Re and low wall shear rate (shear stress).

The effect of the filtration velocity of water at the vessel wall on surface
concentration of LDL was also studied. It was found that, as shown in Figure 6, the
effect of water filtration was very large at low flow rates (Re), but it became very
small at high flow rates (Re).
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Figure 5. The relationship between the surface Figure 6. The effect of water filtration
concentration of LDL and wall shear rate or Re velocity on surface concentration of LDL
(From Wada and Karino [9]). (From Wada and Karino [9]).

3.3.2 Endothelium [13]

A similar analysis was carried out also for the case of an endothelium by simulating
its luminal surface with a sinusoidal one [13]. It was found that, as shown in Figure
7, the surface concentration of LDL increased in going distally and took locally
high and low values at the valleys and hills of the endothelium corresponding to the
sites wherc wall shear rate (shear stress) was low and high, respectively, and it
increased 4.5% even in a short distance of 154 pm (corresponding to the length of 5
cells). The results indicate that concentration polarization of LDL certainly occurs
at the luminal surface of the endothelium even though the filtration velocity of
water at the endothelium is extremely small and the flow in the vicinity of the
endothelium is disturbed microscopically by the presence of the hills and valleys of
the monolayer of endothelial cells.
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u, = 9.23x107 ci/s
D =5.0x108 em¥s
Flow V, = 4.0x10° co/s

Figure 7. Distribution of LDL concentration at the
luminal surface of an endothelium with a
sinusoidal surface (From Wada and Karino [13]).

3.3.3 Curved segments [14]

Theoretical study on the effects of various
physical and hemodynamic factors on
transport of LDL from flowing blood to
the wall of an artery with a multiple bend
was carried out by means of computer
simulation under the condition of a steady
flow. Here the shape of the blood vessel
was obtained from a photograph of a
transparent human right coronary artery
shown in Figure 8A and previously used
in the study of Asakura and Karino [1]. As
evident from the thickness of the wall, the
vessel contained an atherosclerotic intimal
thickening distal to the apex of the inner
wall of the acute second bend where a
slow recirculation flow was formed and
wall shear rate (shear stress) was low [1].
It was found that due to a semipermeable
nature of the vessel wall to plasma, flow-
dependent concentration polarization of
LDL occurred at the luminal surface of the
vessel, creating a region of high LDL
concentration distal to the apex of the
inner wall of each bend where the flow
was locally disturbed by the formation of

K =2.0x10% cn/s
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Figure 8. A photograph of a transparent
human right coronary artery (A) and obtained
flow patterns (B) and surface concentration of
LDL (C) (From Wada and Karino [14]).
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secondary and recirculation flows and where wall shear rates (shear stresses) were
low. The highest surface concentration of LDL occurred distal to the acute second
bend where atherosclerotic intimal thickening developed. At Re, = 500, the values
calculated using estimated diffusivity of LDL in whole blood and plasma were
respectively 35.1% and 15.6% higher than that in the bulk flow.

3.3.4 End-to-end anastomosed artery [15]

Computer simulation of blood flow and transport of LDL from flowing blood to an
arterial wall was carried out also for the case of end-to-end anastomosed arteries
under the conditions of a steady flow. Here the shapes of the blood vessels were
obtained from tracings of transparent dog femoral arteries containing a 45°-cut end-
to-end anastomosis that were used in the flow study of Ishibashi et al. [2]. It was
found that due to a semipermeable nature of an arterial wall to plasma,
concentration polarization of LDL occurred also in anastomosed vessels, but only in
vessels with a stenosis in which a slow recirculation flow occurred distal to an
anastomotic junction. In the particular vessel shown in Figure 9A, the surface
concentration of LDL was locally elevated by more than 10% in a restricted region
distal to the stenosis where a recirculation flow was formed, whereas in other
regions, it increased only 5% or less. The highest value of the surface concentration,
which was found just downstream of the apex of the stenosis, was 1.19, and the
location corresponded well to the site where intimal thickening developed.

ancaremaceis atary
Famorol artery

Figure 9. Tracings of 45%cut and end-to-end anastomosed dog femoral arteries from which
computational models were constructed. A: Anastomosed artery containing a moderate stenosis
and intimal thickening on the inferior wall. B: Anastomosed artery containing neither a stenosis
nor intimal thickening (From Ishibashi et al. [2]).

Re, =318
d,=3.97 mm
V=4 x 10 mm/s
K=2x 107 mm/s
D=5 x 10 mm%s

1.1

Figure 10. Contour map of LDL concentration at the luminal surface of an anastomosed artery
containing a moderate stenosis as observed normal to the bisector plane of the vessel. Contor
lines were drawn at an interval of 2.5% change in normalized surface concentration of LDL
(From Wada et al. [15]).
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4 Experimental Study
4.1  Method

To substantiate the findings of the theoretical study described above experimentally,
the effect of a steady shear flow on concentration polarization of macromolecules
was studied using a cultured bovine aortic endothelial cell (BAEC) monolayer
which served as a model of an endothelium of an artery or an implanted vascular
graft and a suspension of plasma proteins and lipoproteins.

The study was carried out by flowing a cell culture medium containing fetal calf
serum or bovine plasma lipoproteins in steady flow through a parallel-plate flow cell
shown in Figure 11 in which a cultured BAEC monolayer was installed as a part of
the parallel-plate under physiological ranges of wall shear rate and water filtration
velocity at the BAEC monolayer, and measuring water filtration velocity at the
BAEC monolayer which varied secondarily with the change in the concentration of
plasma protein particles at the luminal surface of the BAEC monolayer.

95% Air
+5% COz2 Flowmeter
—_

Inflow reservoir Hot water bath (37 'C} Outflow reservoir

Figure 11. Schematic diagram of the steady flow perfusion system used
(From Naiki et al. {16]).

4.2  Results

With perfusates containing serum or lipoproteins, water filtration velocity varied as
a function of wall shear rate, and it took the lowest value at y,, = 0. The above
phenomenon was observed only with perfusates containing lipoproteins. It did not
occur with a pure cell culture medium nor a culture medium containing albumin. As
shown in Figure 12, water filtration velocity increased or decreased as flow rate
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increased or decreased from an arbitrarily set non-zero value, indicating that surface
concentration of lipoprotein particles varied as a direct function of wall shear rate
(flow rate). Almost the same result was obtained with a perfusate containing serum
at 20% by volume and a perfusate which contained lipoproteins in an amount
equivalent to that contained in a perfusate containing serum at 20% by volume as
shown in Figure 13, indicating that lipoproteins are main contributors to this
phenomenon.

6
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i Perfusate: RPMI 1640 + serum (20 %) 15r
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5 st . i . 3
s 15k . ' ‘ —_
Se Tt h i €3 oL RPMI 1640
a8 . , 25210 + serum (20 %)
EE I : : EE ’ :
gZ=10r ' ' =2
E3 [ ' 3
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= F y ' . h L RPMI 1640 + albumin
[ : , : : =
= 5r Lo = -
Fu 0 : SOOEIOOOEISOOEIOOOESOO E()s'ec ! 5+
[ i i : ; : : . . 1 |
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Figure 12. The relationship between wall shear Figure 13. Plot of water filtration velocity
ratc and water filtration vclocity at the vessel against wall shear rate, showing the effect of
wall which occurs as a result of the change in particle size of lipoproteins on filtration
surface concentration of lipoproteins (From veloeity (From Naiki et al. [16]).

Naiki et al. [16]).

5 Concluding Remarks

Through a computer-aided simulation of the flow and transport of LDL in blood
flowing through various segments of artcries, we first found that flow-dependent
concentration polarization of lipoproteins occurs at the luminal surface of the
arteries under physiological conditions. Then by carrying out flow experiments
using monolayers of cultured bovine aortic endothelial cell as a model of a vascular
endothelium and suspensions of lipoproteins as a model of blood, we
experimentally confirmed that the predicted phenomenon certainly occurs at the
luminal surface of the endothelium. '

The results from both the theoretical and experimental studies showed that the
surface concentration of LDL increases with increasing water filtration velocity. If
we consider a clinical case of chronic hypertension in the light of the above finding,
it is very likely that, in patients suffering from chronic hypertension, due to
increased filtration velocity of plasma at the vessel wall, surface concentration of
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LDL is chronically elevated, and this is, in turn, promoting the pathogenesis and
progression of atherosclerosis. This may account for the clinical finding that
atherosclerotic lesions develop preferentially in hypertensive subjects. The
importance of our “Concentration polarization theory” is that, with this theory, we
can explain not only the effect of flow patterns on surface concentration of LDL
but also how the surface concentration of LDL is affected by the concentration of
cholesterol in blood and blood pressure that are the two major factors recognized as
risk factors of atherosclerosis. As far as we know, this is the only theory which
predicts the existence of spatial heterogeneity in LDL surface concentration prior to
the development of vascular diseases such as atherosclerosis, anastomotic intimal
hyperplasia, and cerebral aneurysms which accompany thickening and thinning of
vessel walls. The finding from our theoretical and experimental studies strongly
support our hypothesis that flow-dependent concentration polarization of LDL (a
carrier of “cholesterol” that is an important component of a cell membrane and thus
indispensable to the cells forming the vessel wall for their growth, division, and
proliferation) is responsible for localized genesis and development of various
vascular diseases mentioned above in man by either locally elevating or lowering
the surface concentration of LDL, thus augmenting or reducing their uptake by the
cells existing at such sites.

We are still working on this problem, and now investigating the effects of a
shear flow and water filtration on surface concentration of LDL at the vessel wall
and the uptake of LDL by the cells forming the vessel wall by using a co-culture of
endothelial cells and smooth muscle cells as a realistic model of an arterial wall. If
we could prove that flow-dependent concentration or depletion of lipoproteins is
certainly occurring in real arteries in vivo by carrying out further detailed studies, it
might become possible to explain the pathogenesis and localization of most of the
vascular diseases that accompany a change in inner diameter of the vessel and
remodeling of vessel wall in terms of an excessive or insufficient supply of an
important nutriment “cholesterol” from flowing blood to the vessel wall. It might
become also possible to treat intimal hyperplasia and atherosclerosis by locally
lowering water permeability at the vessel wall by topically applying certain drugs
and carrying out some simple surgical procedures.
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AUTOMORPHOGENESIS OF LOAD BEARING FIBROUS TISSUES:
GENERATION OF TENSILE STRESS, CELL ALIGNMENT,
AND MATRIX DEFORMATION BY FIBROBLASTS
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Tokyo Medical and Dental University, 2-3-10 Kanda-Surugadai, Chiyoda-ku,
Tokyo 101-0062, Japan
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Tensile stresses generated by fibroblasts cuitured in collagen gel were investigated. Specimens
of thin collagen gel membrane, within which cells were proliferating, were examined under
various initial and boundary conditions. Generation of tensile stress, cell alignment, and
matrix deformation were recorded. It was decmonstrated that fibroblasts generate tension,
change their orientation along tensile direction, and create structures of collagen fibers. A
hypothetical mechanism for such automorphogenesis was proposed, that is, fibroblasts
generate tension and make tense collagen fibers, and then cells stretch themselves along the
tense fibers and increase tension in this direction. Thus this mechanism works as positive
feedback that enable cells to make load bearing fibrous tissues with collagen fibers.

1 Introduction

Soft fibrous connective tissues such as tendons and ligaments in our body are
mechanical components bearing tensile loads. These tissues remodel themselves to
adapt to the mechanical loadings. They undergo hypertrophy if they are subjected to
excessive loads, and atrophy to reduced loads [1, 2]. The mechanism how such
remodeling realized is hardly elucidated, but fibroblasts are the dominant cell
population within these tissues and are believed to recognize and respond
appropriately to the mechanical environment around the tissues.

Actually some mechanical activities of cells were observed in culture system,
as the contraction of collagen gel within which fibroblasts were proliferating [3],
and the alignment of fibroblasts along the lines connecting two particles to which
collagen fibers were attached [4-6]. These observations made us believe that
fibroblasts express mechanical functions, and these functions could be analyzed in
detail with the use of in vitro models. Hence we have been developing experimental
models in which fibroblasts were cultured in thin collagen gel membranes and
subjected to various initial and boundary conditions [7-9]. These models have been
proved quite convenient for mechanical manipulations and microscopic
observations. Utilizing these models here we would demonstrate that fibroblasts
generate tension, change their orientation along tensile direction, and create
structures of collagen fibers. Furthermore, based on these observations, we would
discuss automorphogenesis of fibrous connective tissues from the mechanical point
of view.
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2 Materials and Methods

The fibroblasts-like cells were obtained by the explants method from synovial
membranes of knee joints of Japanese white rabbits. They were cultured in
modified MEM with nucleosides (JRH Bioscience) supplemented by 60 pg/ml
Kanamycin and 10 % calf serum, and kept in an incubator at 37 degrees Celsius and
5 % CO, environment. They were subcultured through the dispersion of cells by
trypsit/EDTA solution. For the experiments, the cells from Ist to Sth subculture
were used.

A typical specimen is illustrated in Figure 1. A collagen gel membrane of
10x10 mm was kept on a stainless steel mesh (#80) with a square hole of 5x5 mm.
This specimen was made by pouring a mixture of 8 parts of collagen acidic solution
(CELL MATRIX type I-A, NITTA Gelatin), 1 part of x10 solution of MEM
(Nissui), and 1 part of buffered solution (4.77g HEPES/100ml 0.08N NaOH
solution) into a silicone rubber mold in which the stainless steel had been set
previously, and keeping it in a incubator for 15 min for gelation. The thickness of
the specimens was about 0.5 mm although it could not be set exactly since the
upper surface of the mold was left open.

Many variant specimens were made, those having holes or straight cuts within
the gel membrane. The fixed boundary conditions were realized on the boundaries
of the specimens where they were supported by the stainless steel wire mesh. The
stress free boundary conditions were realized on the free boundaries of the
specimens where a cut was introduced in the specimens by a surgical knife or where
a hole was made at the preparation of the specimens.

The distribution of cells in a specimen was also varied. In the case of a
specimen with uniformly distributing cells was required, cells were dispersed in the
neutralized collagen solution before gelation. In the case of a specimen with non-
uniformly distributing cells was required, a monolayer patch of cells was retrieved
from a culture dish and the mass of
cells (ca. 1 mm®) was attached on the
stainless steel mesh near the edge of —
the opening just before pouring the g
neutralized collagen solution.
Outgrown cells proliferated and i
migrated from the mass of the cells, S Smm 10mm
and we got specimens with non-
uniformly distributing cells.

After gelation, the specimens TR
were placed in plastic petri dishes (60 .
mm diameter) filled with the medium collagen gel
and kept in the incubator. The
medium was changed every 3 or 4 Figure 1. Collagen gel specimen.

Stainless steel mesh
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days. The specimens were observed by a phase-contrast microscope (DIAPHOTO
TMD, Nikon) equipped with an incubating box. The specimens were inspected
everyday and time-lapse videos were recorded at occasions of interests.

3 Results

3.1  Generation of tensile stresses by fibroblasts

Setting a small mass of the cells near an inner edge of the steel mesh at the making
of the specimen, we could make the cells proliferate and migrate in the radial
direction from the mass of the cells into the gel membrane [8]. When the front of
the cells reached to the central portion of the specimen, we made a cut in the gel
membrane by a surgical knife as illustrated in Figure 2(a). Then the cut opened at
once as Figures 2 (b) and (c) show. Furthermore, as shown in Figure 2(d), the gel of
the upper side above the cut in the figure, within which many cells could be
observed, showed progressive deformation with time. On the other hand, the gel of
the lower side below the cut, within which no cells could be observed, did not show
any deformation.

The observation indicates that the tensile stress field was generated in the
membranes. When we cut the gel membrane by a knife, the residual stresses were
released and the cut opened. On the other hand, in the specimens which did not

= ———

(a) Introduction of a cut to the specimen

i T

hours after cutting

(¢) Just after cutting d)

Figurc 2. Release of internal stresses generated by cells.
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containing the cells, this opening phenomena described above could not be
observed. These facts indicate that the cells generated the tensile stresses.

3.2 Alignment of fibroblasts in the direction of the tensile stress

In order to investigate the behavior of cells in the stressed gel, a specimen was
made in which the cells were proliferating and migrating from a mass of the cells
again, and two knife-cuts were introduced along the both sides of specimen as
shown in Figure 3(a). In such a specimen, we could make the cells proliferating in
the tensile stress field [9]. In fact, when the cells generated the tensile stresses, since
only the upper and the lower boundary of the specimen were fixed, the stress should
be tensile stress between the upper and the lower boundaries. The behavior of the
cells was recorded with the time-lapse video system, at the time when frontal cells
had reached to the central portion of the specimen. Typical behavior of the cells is
shown in Figures 3(b)-(d). The time indicated in photos was measured from the
beginning of the recording. The cells were apparently lying on the surface of gel
membrane. Most of cells took the elongated form in the tensile direction. Cells took
the rounded form just before the mitosis, and then newborn daughter cells
recovered elongated form in the tensile direction immediately. This re-elongation
process was very rapid. The cell migrations in the tensile direction were also
observed.

In another experiment for the cell alignment, we utilized the same kind of

|
|

(a) Introduction of cuts to the specimen

(¢) 5 hours (d)*IIO ours

Figure 3. Cell alignment in the tensile stress direction.
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specimen as in the section 3.1 and recorded the behavior of cells with the time-lapse
video system. When frontal cells had reached to the central portion of the specimen,
the cells took the elongated shape in vertical direction. At this time, we introduced a
knife-cut at the central portion of the specimen in horizontal direction as before.
During about 10 minutes after the introduction of the knife-cut, the cells took the
rounded forms as shown in Figure 4(b). Then as time passed, they took the
elongated shapes again but in horizontal direction in the figure as Figures 4(c) and
(d) show. Whole process had completed within an hour. The cells elongated
themselves as if they knew the direction to elongate, although the details were not
clear in our phase-contrast microscopy. It should be noted that when the number of
cells was so small in the specimens, this reorientation phenomena described above
could not be observed.

3.3 Matrix deformation by fibroblasts

In order to investigate the matrix deformation caused by the cells, specimens with a
small hole with uniformly distributing cells were examined [7, 8]. Figure 5 shows
the experimental results of the specimen with a hole of 0.5 mm diameter and
cells with density of 0.2 x 10%ml. According to the result of the section 3.1, the

i /N

)| ——.

(a) Introduction of a cut to the specimen

i 100pm
(¢) 30 min (d) 60 min

Figure 4. Reorientation of cells toward the tensile stress direction.
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(a) Specimen with a small hole

(b) Magnified views around a hole

Figure 5. Cell alignment and matrix deformation around a small hole.
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tensile stress fields were generated within the collagen gel membrane. Around the
hole, the stress field might be such one that it was tensile in the circumferential
direction and stress-free in the radial direction. In the experiment, the cells aligned
circumferentially near the edge of the hole, demonstrating clearly that the cells
oriented themselves along the direction of the tensile stress. As time passed, the
diameter of the hole decreased and the hole finally disappeared. This seemingly
resulted from the gel contraction caused by the circumferential tensile stress.

Another example of the matrix deformation caused by the cells over a long
period of time is shown in Figure 6. Initially, the cells were distributing uniformly
with a density of 0.2 x 106/ml, and two cuts were introduced along both sides of the
specimen just after the specimen was prepared. The cells aligned in a direction
parallel to the cuts, ie, along the tensile direction. Under the tensile stress
generated by the cells, the stretching of specimen proceeded with time and finally
the specimen ruptured spontaneously.

4 Discussion

4.1  Generation of tensile stresses by fibroblasts

It is well known that if a specimen of collagen gel containing fibroblasts within it is
freely drifting in the medium, it will contract as cells proliferate [3]. This

(d) 16 day

Figure 6. Matrix deformation by tensile force generated by cells.
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contraction is believed to be due to the mechanical function of the cells, i.e. the
exertion of contracting forces. Contrastingly, if the boundary of the specimen is
attached to surrounding tissues, a situation that may arise most frequently in vivo,
tensile stresses should be generated in the collagen gel as the cells contract.
Although these stresses cannot be observed directly, the existence of them is easily
verified by the technique demonstrated here. The result shown in 3.1 is a clear
evidence for the generation of tensile stresses by the cells. The introduction of
knife-cut release the generated internal stresses in the gel and the cut opened
spontaneously. Progressive shape change of the gel also demonstrates that the cells
continued to generate tensile stresses.

4.2 Fibroblasts alignment along the tensile stress direction

In the first experiment shown in the sectoin 3.2, we observed that the round-formed
cells just after the mitosis found the direction of the tensile stress and got elongated
shape aligned in this direction. This phenomenon suggests that the cells adhered to
the collagen fibers and stretched along the fibers. The fact that the cells just after
the mitosis so quickly took elongated forms may be explained by the existence of
the well-developed orientation of the collagen fibers in the gel. Similarly, in the
second experiment in the section 3.2, the cells must be adhered to the collagen
fibers in the gel before the introduction of the cut since they exhibit elongated forms.
After cutting, the collagen fibers lost their tension. It may correspond to the
observation that the cells got the rounded form after the cutting. It looks that the
cells could not keep their elongated form with the collagen fibers that lost tension.
The cells seemed to lost adhesion to the fibers previously adhered, and then begin
to re-adhere to the other fibers. Our results shows that these fibers should be
horizontal in the figure and possibly be stretched in this direction. The facts that this
process took only an hour and the cells did not seem to looking for the directions to
elongate suggests that the cells would recognize the tense collagen fibers. We
believe that the cells require some stable anchors to adhere and want to stretch
themselves over them. The rigid anchors for the cell adhesion are required, and in
the case of the soft materials such as the collagen fibers, they must be in tension to
be rigid enough for the cells. Although interactions between the cytoskeltons and
the extracellular collagen fibers are believed to be responsible for these phenomena,
the detail of the process cannot be elucidated in these observations. Further
investigations are required to know how the interaction mechanism works.

4.3 Matrix deformation by fibroblasts and automorhogenesis

From the results shown in the section 3.3, we found that the populations of the cells
could generate sufficient force for the induction of the matrix deformations. Hence
if randomly orientated cells exert contraction force among them, and if the direction
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of tensile stress is restricted as in the portion near the free surface of the gel
specimen, the collagen fibers are stretched and change their orientation to align in
the direction of the tensile stress that may be the direction parallel to the free
surface of the specimen. In this case, the cells would adhere to the aligned collagen
fibers and they would generate the contracting force along the direction of the
collagen fibers. Thus the positive feedback loop between the orientation of the
tensile stress and that of the collagen fibers is realized, and the randomly orientated
cells in the beginning will align themselves in the tensile direction as they
proliferate.

Unfortunately, our cxperiments presented here also elucidated that the collagen
matrix utilized for the cell culture experiments was so weak that it would rupture by
the sole application of the forces generated by the cells within the gel itself. Not
only the self-orientation mechanism introduced here but also the strengthening
mechanism for the extracellular matrix is necessary to establish the appropriate
hypothesis for the automorhogenesis of the load bearing fibrous tissues, and it
would be presented in our other articles.
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Trabecular architecture is the microstructure of canccllous bone, and it is important to
understand the relation between the mechanical properties of trabecula level and those of
cancellous level. This article describes the anisotropy of mechanical and structural properties
of the cancellous bone observed by compression test and mean intercept length analysis, and
the anisotropy of mechanical properties of trabeculae observed by bending test and hardness
test of single trabecula, The former anisotropy is considered from the viewpoint of the latter
anisotropy, that is the dependency of trabecula properties on the direction of trabecula in the
cancellous bone. Findings have suggested collectively a possibility that the anisotropic
mechanical properties of cancellous bone are resultant of anisotropy in trabecular structure
and trabecula properties.

1 Introduction

Cancellous bone is made of beam- or plate-like trabeculae that construct the
trabecular architecture [1]. The mechanical properties as cancellous bone are
therefore governed by the mechanical properties of structural elements and the
organization of trabecular architecture. It has been known that the mechanical
anisotropy as the cancellous bone is coming from the anisotropy of trabecular
architecture partially dependent on its mechanical condition [2]. Multiscale
observation is inevitable in order to understand the mechanical properties of
cancellous bone as the whole. In fact, efforts have been devoted for the
investigations concerning the mechanical properties as the cancellous bone through
conventional compression test [3, 4], the structural properties as the cancellous
bone by means of fabric analysis based on imaging [5, 6], the mechanical properties
of trabeculae through tensile/bending tests or indentation test [7, 8] and so on.

This article describes the relation between the anisotropic elastic properties as
cancellous bone and the elastic and hardness properties of trabecular elements in
conjunction with the structural anisotropy of trabecular architecture. For the
cancellous bone scale, the conventional compression test and the mean intercept
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length analysis of micro CT images are conducted, and the bending test and Vickers
hardness test are done fro the mechanical properties of single trabecula scale.

2 Methods

2.1  Specimens

This study uses the cancellous bone of bovine femur as the test specimen. The
fresh femurs of young Japanese black cattle are purchased from the meat market
and stored at forty degrees below the frcezing point until experiment. In order to
identify the orientation of the specimen, the x-axis of coordinate system is assigned
to the anterior direction, and the z-axis is to the proximal direction of the bone shaft.
The y-axis represents the mediolateral direction so that the coordinate system to be
right-handed.

Four mechanical/structural tests are conducted in this study: (1) compression
test of cancellous bone, (2) mean intercept length analysis of cancellous bone, (3)
bending test of single trabecula, and (4) hardness test of single trabecula. The
femur is bi-sectioned by sagittal x-z plane on a band saw machine, and then cubic
test specimens of 10 mm on each side along the coordinate axes are cut out from the
region beneath the end plate by a diamond cutter (SBT650, South Bay Technology,
Inc., San Clemente, CA, USA). These specimens are used for the former two tests.
Single trabecula specimens are removed from the cubic specimen for the latter two
tests. The detail of the choice and separation of single trabecula is described in the
below. Figure 1 shows the outline of preparation of test specimens.

Figure 1. Preparation of specimens. A: Bovine femur sectioned by sagittal plane. B: Cubic test specimen
of 10x10x10mm on each side. C: Test specimen of single trabecula removed from cubic test specimen.
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2.2 Compression test

Cubic test specimens are sent to uniaxial compression test that is carried out on a
light duty universal testing machine (EZTest-100N, Shimadzu, Kyoto, Japan). The
test is conducted for three different directions of compression along x-, y-, and z-
axes within the range of nondestructive compression load. The zero load position is
identified by removing a small load of 2 N applied to the specimen. The maximum
load is 40 N for the compression test at the compression speed of 3 millimeters per
minute. The loading and unloading are repeated scveral times and the stress-strain
curves are captured by a computer where the strain is calculated based on the
distance between the compression plates of the testing machine. The elastic moduli,
Ex, Ey and Ez as the cancellous bone arc determined from the slope of stress-strain
curve obtained.

Compression plates Figurc 2. Sctup for compression test of

cancellous bone, The specimen is
placed between the standard
compression plates of a light duty
universal testing machine.  Three
directions of compression are identical
to specimen sides.

Cubic specimen

2.3 Mean intercept length analysis

Following to the compression test, cubic test specimens arc sent to the three-
dimensional imaging of trabecular architecture. The specimen is mounted on a
micro X-ray CT-scanning device (NX-HCP-C80-1, Nittetsu Elex, Tokyo, Japan),
and 150 slices images in x-y plane are scanned with the slice interval of 66
micrometers. Original slice images of 1024x1024 pixels are obtained by 600
projections with the accumulation of 32 times. As the result of the computer
processing to obtain the binary images, the individual slice image is converted to
512x512 pixels of 42 square micrometers.

The mean intercept lengths [5] are calculated for each cubic specimen based on
its three-dimenaional image data. The interval of the orientation of inspection line
is one degree both in the longitudinal and latitudinal directions, The data of mean
intercept length with oricntation of inspection line are fitted by the fabric ellipsoid
[6], and the principal values and direction cosines of principal axes with respect to
coordinate axes are determined.
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Figure 3. Inspection line for mean
A intercept  length  analysis.  A:

Inspection line for cubic specimen.
B: Slice image of cubic specimen.

Inspection line

2.4 Bending test

By referring to the three-dimensional micro CT image of each cubic specimen,
trabecula specimens are chosen for the bending test. Cubic specimen is sliced to
plates of 1 millimeter thick along three different surfaces by using diamond cutter,
and then trabecula specimens aligned in x-, y- and z-dircctions are removed from
these slices by surgical blade under a microscope. Three point bending test was
conduced for these specimens on the experimental setup with the support distance
of 3 millimeters as shown in Figure 4. The major and minor diameters of the
trabecula specimens are measured by using CCD camera, and the cross-sectional
properties are calculated by assuming the elliptic cross-section. Bending was
applied to the specimen three times with the maximum deflection of 40 micrometers,
and the deflection and the bending force are monitored through an extensometer
(EDP-5A-50, Tokyo-Sokki, Tokyo, Japan) and a load cell (LVS-100GA, Kyowa-
Dengyo, Tokyo, Japan). The elastic modulus is calculated from the slope of load-
deflection curve observed after sccond cycle based on the beam theory of three-
point bending.

Specimen

]
Extensometer

Loa(slmg h ead L= { Figurc 4. Set-up for three point
P e'cm'len — el bending of single trabecula. Beam
Load cell _ span L is 3mm, and outputs of load

cell and extensometer are connected
l J to AD ports.
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2.5 Hardness test

Another set of single trabecula specimens is prepared for Vickers hardness test.
Each specimen is laid and embedded in the surface layer of plaster bed. The
surface of trabecula specimen is finished by using abrasive paper and abrasive soap
(Metapolish, Fujimi, Tokyo, Japan) as is shown in Figure 5A. The embedded
specimen is sent to the hardness tester (HMV-1, Shimadzu, Kyoto, Japan). The
shape of indentation tool is quadrangular pyramid, and the testing load of 10 grams
is applied for 10 seconds to the polished surface of specimen. These conditions are
determined by referring to the preliminary trials. Indentation is carried out for five
points along the axis of trabecula specimen (Figure 5B), and the stamp size is
measured through a CCD camera. Concerning the depth of the test surface,
preliminary trials for a couple of surfaces of different depth have confirmed no

difference in results of indentation test.
- B_
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Trabecula Plaster bed

Figure 5. Trabecula specimen for hardness test. A: Finished surface of single trabecula test specimen
embedded in plaster bed. B: Indentation points along londitudinal axis of tarbecula specimen.

3 Results and Discussion

3.1 Structural anisotropy

Table | shows the direction cosines of the principal axes of the fabric ellipsoid with
respect to the coordinate axes obtained as the result of the mean intercept length
analysis and fabric ellipsoid fitting. = The direction cosines between the first
principal axis and x-axis, the second principal axis and y-axis, and the third
principal axis and z-axis are almost unity. That is, the anterior, medial/lateral and
proximal directions of the femur are almost identical to the principal direction of the
trabecular architecture of the region of cancellous bone tested in this study. As
shown in Figure 6, the principal value of the fabric ellipsoid is the largest in the
third principal direction almost identical to z-axis, and thc smallest in the first
principal direction almost identical to x-axis. These data show the structural
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anisotropy of trabecular architecture of the cubic specimen as the cancellous bone
tested.

3.2 Mechanical anisotropy: cancellous bone

The anisotropic mechanical properties observed in the elastic modulus by the
compression test of cubic specimen of cancellous bone are shown Figure 7. The
modulus is the smallest in x-direction, and the largest in z-direction. As the result

Table 1. Direction cosines of principal axes.

cosb(x,]) cos6(y,2) cos0(z,3)
Mean 0.961 0.960 1.000
SD 0.0425 0.0427 0.000

[\
t

* p<0.01

Principal MIL value M/M,
s

1 2 3 Figure 6. Principal value of mean intercept
length (MIL) representing the  structural

Principal direction anisotropy of trabecular architecture.

o ** n<).05
2 L

Elastic modulus E/Ex

0

X y z Figure 7.  Anisotropy observed in elastic
Direction compression moduli as the cancellous bonc.



131

of the mean intercept length analysis and fabric ellipsoid fitting, the x-axis is almost
identical to the first principal direction corresponding to the smallest principal value,
and the z-axis to the third principal direction corresponding to the largest principal
value. Though the difference of significance among the elastic moduli is moderate
(p<0.05), the correspondence between the anisotropic mechanical property and the
anisotropic structural property of trabrecular architecture of the cancellous bone
would be an important aspect in the anisotropic characteristics of the cancellous
bone.

3.3 Mechanical anisotropy: single trabecula

Figure 8 shows the anisotropy observed in the elastic modulus of single trabecula
aligned in different directions in cancellous bone. The modulus observed by the
bending test is the largest in the trabeculae aligned along z-axis, and is the smallest
in the trabeculae aligned along x-axis. The difference between them is moderate
but significant (p<0.05). The difference among the elastic moduli of trabeculae
aligned along different direction is similar to the difference observed among the
elastic compression moduli in different direction of thc cancellous bone. That is,
this similarity suggest us the intluence of the material property dependent on the
orientation of trabeculae on the macroscopic elastic property as the cancellous bone.

Hek *¥* p<0.05
g T
m
E
52
<]
&
2
ERL
o
Figure 8.  Anisotropy obscrved in elastic
0 modulus as single trabecula aligned along
X y 4 different direction in cancellous bone.
Direction

3.4  Mechanical anisotropy. trabecula hardness

The dependency of Vickers hardness on the trabecula direction in the cancellous
bone is shown in Figure 9, and it also exhibits the anisotropic characteristics. That
is, the hardness of trabeculae aligned along z-axis is the largest and the hardness of
trabeculae aligned along x-axis is the smallest. This difference is again significant
(p<0.01). The dependency on the trabecula direction in the cancellous bone is



132

identical to that found in the elastic modulus of trabecula shown in the previous
section. Since the positive correlation is known between the elastic modulus and
the hardness of bone in macroscopic level, the result shown in this and previous
sections is a reasonable finding for trabecula in microscopic level.

1.5~ . * p<0.01
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z |
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0" X 7z Figure 9.  Anisotropy observed in Vickers

Yy hardness of single trabecula aligned along
Direction different direction in cancellous bone.

4 Summary and Remarks

This article have described a set of four mechanical tests/analysis has been
described for the cancellous bone specimen of macroscopic level and the single
trabecula specimen of microscopic level, and have considered the anisotropic
characteristics of cancellous bone from the both levels.

Compression test and mean intercept length analysis have illustrated the
mechanical and structural anisotropic characteristics of cancellous bone. Three
point bending test and Vickers hardness test have illustrated the dependency of the
mechanical property of trabecula on the trabecula direction in the trabecular
architecture of cancellous bone. These findings, collectively, have suggested a
possibility that the anisotropic mechanical property as the cancellous bone in
macroscopic level is dependent on the structural anisotropy of trabecular
architecture as well as the mechanical properties of trabecula in micro level
dependent on the direction of trabecula in the cancellous bone in part. Further
consideration will be expected to examine the anisotropy of trabecula at micro level
more in detail.



133

Acknowledgements

This work was supported by Grant-in-Aid for Scientific Research on Priority Areas
15086210 from the Ministry of Education, Culture, Sports, Science and Technology
of Japan.

References

1.
2.

3.

Mow, V.C,, Haycs, W.C., 1991, Basic Orthopaedic Biomechanics, Raven Press.
Cowin, S.C., 1986, Wolff’s law of trabecular architecture at remodelign
equilibrium, J. Biomech. Engng., 108, 83-88.

Gibson, L.J., 1985, The mechanical behavior of cancellous bone, J. Biomech.,
18,317-328.

Vahey, J.W., Lewis, J.L., Vanderby, R.Jr., 1987, Elastic moduli, yield stress
and ultimate stress of cancellous bone in thc canine proximal femur, J.
Biomech., 20, 29-33,

Whitehouse, W.D., 1974, The quantative morphology of anisotropic trabccular
bone, J. Biomech, 101, 153-168.

. Harrigan, T.P.,, Mann, R.W., 1984, Characterization of microstructural

anisotropy in orthotropic materials uisng second rank tensor, J. Mater. Sci., 19,
761-767.

. Rho, 1.Y., Liisa, K.S., Zioupos, P., 1998, Mechanical propertics and the

hierarchical structure of bone, Med. Eng. Phys, 20,92-102.

Zysset, P.K., Gou, X.E., Hoffler, C.E., Moore, K.E. Goldstein, S.A., 1999,
Elastic modulus and hardness of cartical and trabecular bone lamellae
measured by nanoindentation in the human femur, J. Biomech, 32, 1005-1012.



APPLICATION OF COMPUTATIONAL BIOMECHANICS TO CLINICAL
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Cardiovascular diseases, particularly ischemic heart disease such as myocardial infarction (M1),
are the leading cause of death in the industrialized world. Vascular diseases including Ml share
a common background, atherosclerosis, and a common final event, the breakage or destruction
of vascular structure. Both the onset and final outcome of fatal vascular diseases are related to
mechanical events that occur on the vascular wall, probably owing to alterations in blood flow.
Conscquently, the fluid-solid mechanical interactions between blood and the vascular wall
must be analyzed in order to predict, diagnose, and prevent the fatal consequences of vascular
disease. We need to use computational studies to elucidate the mechanism of such disease, to
refine the diagnostic measurcs, and to develop therapeutic modalities, either invasive or non-
invasive. In this review, we discuss why computational study is necessary, how a
computational model is built, the pre-requisites for computation, and the pitfalls of interpreting
computational studies.

1 Introduction

Currently, there is a strong thrust to develop clinical applications of computational
fluid and solid mechanics, particularly for cardiovascular medicine [1, 2]. Rapid
advances in computers have made this easier. Nevertheless, there are still many
problems to overcome before an actual clinical system can be constructed. Therefore,
it would be useful to summarize these problems.

2 Problems in Computational Biomechanics

There are four major difficulties in the computational biomechanical analysis of the
cardiovascular system: the complex geometry, complex boundaries, unstcadincss of
blood flow, and blood as a non-Newtonian fluid. These have been recognized as
difficult, but essential problems, since the earliest applications of the computational
method. Numerous attempts have been made to solve them, although we have not
yet resolved them satisfactorily. This is true not only for each category of problem;
combinations of these problems complicate the matter, since each problem is
essentially non-linear. Moreover, these difficulties in blood flow analysis influence
each other in a non-linear way, further compounding the problem. Let us discuss
some of our current ideas.
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2.1 Complex geometry and modeling

Every component of the cardiovascular system, including the heart, arterial trees,
and veins, has a very complex geometry. For cxample, the inner surface of the heart
is not smooth, but is covered by trabeculae. The aorta curves and distorts markedly,
changing its cross-sectional shape, especially in terms of average parameters, such
as its diameter and area. Artery branches and veins merge and the branching and
merging patterns are suspected of being related to the pathogenesis of vascular
disorders, which are the most important causes of death in the industrialized world.
Since the geometry is complex and the influence of this complex geometry cannot
be reproduced exactly or evaluated using either experimental or theoretical methods,
wc need a computational method [3].

Figure 1. Distribution of atherosclerotic plaque
in the carotid bifurcation. A remarkable
atherosclerotic plaque occupies almost 80% of
the cross-sectional area of the intemnal carotid
artery of a human. The inner (flow divider)
walls of both the internal and external artery
are spared and the plaque (internal carotid)
and intimal thickening (cxternal cartotid) are
seen on the outer sides of the bifurcation.

Any computational method requires models, and the complex geometry makes
it necessary to model the cardiovascular system in an individual, or patient-specific,
manner. Individual modeling as such can only clucidate the pathogenesis of vascular
disorders through analysis from a fluid mechanics viewpoint. This is particularly
true because wall shear stress is considered responsible for the physiological and
pathological changes of the arterial wall (Fig. 1). The wall shear stress is extremely
susceptible to minute alterations in the luminal surface of the arterial wall. Therefore,
to evaluate the exact wall shear stress pattern, we need to know the geometry in
great detail, and this differs from person to person.

However, we also need to be aware that the overall or global configuration of
the cardiovascular system primarily determines the first order structure of the flow
inside it, and hence the distribution of the physical parameters that may affect
pathophysiological phenomena. In this sense, we do not know whether the
instantaneous wall shear stress pattern or long-term average pattern actually governs
the progress of disease. The atherosclerosis underlying cerebro- and cardiovascular
events grows and worsens over very long periods, on the order of decades, in the
human vascular system. This suggests that the prediction and prevention of these
fatal events should be based on observations and follow-up over a very long time
scale. Any computational application should incorporate this very long time scale.
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Figure 2. Measured velocity distribution profile of a healthy human aorta using the phase map MRI
method (data courtesy of Prof. H. Isoada, Hamamatsu Medical University). A large-scale swirling motion
of the vortex structure is seen, particularly from late systole to early diastole.

Frequently, newcomers to the field jump into direct explanations that are sometimes
not correct from a biological viewpoint. The disease process may not be clearly
distinguished from physiological alterations of the vascular system, so that analysis
should be combined with an understanding of the normal aging process. Aging is
also responsible for large-scale geometric changes in the cardiovascular system, as
is the growth that forms the structures of the body in the young. Computational
prediction of disease, if possible, should be based on these considerations and
should consider long-term phenomena. This is true when we model the living
system using modern technology, particularly imaging technology.

To date, various image-based technologies have been developed and used for
the computational mechanical analysis of blood flow. They include computed
tomography (CT), magnetic resonance imaging (MRI), and ultrasound methods. Of
these imaging techniques, MRI methods support the greatest expectations because
of their inherent non-invasive nature (Fig. 2). Non-invasiveness is very important,
because healthy subjects are candidates for preventive examination in
cardiovascular medicine. Methods using X-rays, such as CT, cannot be used for
mass screening of a large population, although their resolution and reproducibility
may be better than other methods. In any imaging technology, we obtain pixel or
voxel images of the target organ, so that a method for building a computational
model out of medical images has been a focus of interest for several years, and
various methods have been proposed (Fig. 3) [4-6].
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Figure 3. An example of a screen
capture used for interactive modeling
of the aorta and its large branches
using an MRI angiographic image.

2.2 Complex boundaries

We typically analyze the blood flow field in a confined region with definite
boundaries. Free boundary analysis, such as aerofoil analysis, is exceptional in
blood flow analysis. Conventionally, we can distinguish at least three different kinds
of regional boundary in a computational fluid dynamic analysis: inlets, outlets, and
walls [7-9].

Inlet conditions are very important in engineering studies of high Reynolds
number (turbulent) flow, because upstream phenomena, such as small disturbances
and vortices, strongly affect the transition, and hence the nature of the whole flow
field. In arterial flow, we usually assume flat or parabolic profiles for steady flow
analysis and the so-called Wormersley profile or measured velocity data for
unsteady analysis as inlet velocity conditions. Differences in the computed results
have been examined in many cases. Our experience has confirmed that discussion of
the inlet length in viscous flow can be applied to estimation of the length or depth
affected by the transition. This is valid not only for inlet boundary conditions for the
entire flow field but also for discussion of some wall changes. In other words, the
extent of the effects of any kind of disturbing structure in the cardiovascular system
is limited when the Reynolds number is relatively low. As we do not compute the
blood flow using a Reynolds number greater than 1000, the viscous inlet length
would be 10 times the representative length (diameter). If we look at peripheral or
distal regions, the Reynolds number is about 100, and most of the inlet disturbances
die out in a stream-wise direction equivalent to 1 or 2 diameters. As we have shown,
the inlet portion itself is strongly affected by the upstream flow. We show a
combined model of the left ventricle and aorta (Figure 4), whose velocity profiles
differ from those of simple aorta models up to several diameters downstream from
the aortic valve. The global configuration of the aorta, including its curvature and
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distortion, cancel out the inlet condition after several diameter lengths along the
stream.

Figurc 4. A particle-tracking image of the
blood flow in the left ventricle and aorta
using a combined model. The complex
swirling motion of the fluid that forms
inside the left ventricle is convected
downstream to the ascending aorta. The
residual swirling motion of the fluid
affects the downstream flow, particularly
from late systole to diastole because of
the reversal of the pressure gradient that
makes the entire flow field unstable
(Computational results and visualizaton
data courtesy of Dr M. Nakamura and
Mr. T. Hayasaka).

Outlet conditions are also important, particularly when we consider the overall
distribution of the blood flow in a complex branch. Although we usually assume
that the arterial diameter reflects the average flow rate of the artery adaptively, this
is obviously inapplicable to general physiological conditions. For example, physical
exercise of muscles or activation of some organs may alter the peripheral resistance
markedly, so that the distribution of the blood flow changes readily, which modifies
the flow field in the upstream branching region. There have been some attempts to
combine the peripheral state and outlet boundary condition by solving a one-
dimensional fluid equation and combining the results for the upstream flow fields.
To build a comprehensive model of the cardiovascular system that includes the
entire circulation, combination of peripheral or organ-level circulation becomes an
important issue. It is important to consider the venous return to the central
circulatory system as well as the effect of back-propagated pressure wave reflections
to the main tlow field.

The third and most interesting boundary is the wall. The arterial wall is made
of extremely soft material from an engineering viewpoint, although it is much stiffer
than the venous wall. Elastic arteries, such as the aorta, are flexible, and their
diameters alter by more than 10% with each heartbeat. Although it is believed that
the global characteristics of the blood flow in the large arteries are less affected by
elastic deformation of the wall, the near wall phenomenon is undoubtedly
influenced by wall movement. Wall shear stress is one such near-wall phenomena
and is suspected of being susceptible to wall deformation. In particular, flow
separation could be affected greatly if it occurs at a site with complex geometry.
However, there is no widely available, fully reliable, practical coupled analysis
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Figure 5. Wave propagation phenomena
computed in a model of arterial stenosis using
a fluid-solid interaction computational code.
Top: wall motion, Middle: velocity
distribution, Bottom: Pressure wave. Complex
propagation  patterns are  reproduced,
including splitting, rcflection, acccleration
and deceleration (Computational results and
visualizaton data courtesy of Mr. T. Fukui.).

computational code for the study of fluid-solid interactions. This is mainly owing to
the different time scales for the fluid and solid phases of the field in terms of basic
mechanics, as well as technical constraints related to computational iterations. An
incompressible fluid, such as water, has a much smaller time scale for the
propagation of information, i.e., the speed of sound is very high compared with the
propagation speed of other physical phenomena, such as wall deformation, velocity
fields, etc. Since we have to match the time scales of various phenomena when
advancing the computational steps in the combined analysis of fluid-solid
interactions, some compromise must be introduced for the faster part of the
interaction. This is particularly true when we use a so-called weakly coupled method,
which seems to be the only plausible approach given the current state of the art.
Morcover, coupled analysis requires many additional constraints and assumptions,
such as the linear material properties of the wall and neglecting external fixation
(tethering) of the arterial system. This is partly why noone has obtained satisfactory
computational results in this subject.

Nevertheless, it is now possible to solve fluid-solid interactions using
computation, and some results for a limited number of phenomena, such as the
analysis of pulse wave propagation velocity measurements, have been reported
(Figure 5).

2.3 Unsteady blood flow

Since the only energy source for the cardiovascular system is the heart, which
contracts and dilates during the cardiac cycle, the blood flow should be regarded as
pulsatile, at least in large arteries and veins. Pulsatility introduces an intermediate-
length time scale to the computational analysis. In addition, the above-mentioned
characteristics, i.e., the complex geometry and flexible wall, make the interactions
of blood flow and wall motion more complex. Pulsatile movements and deformation
of the wall pose difficult problems for computation. For example, in a complex
arterial bifurcation, the pulsatility of the blood flow affects the distribution of the
flow rate to downstream branches; hence, the wall shear stress distribution pattern
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may be affected greatly. Flow separation from the wall may also be influenced, so
that the reattachment and size of the vortices is affected. In addition to local fluid
mechanical phenomena, the upstream condition may differ with the frequency of the
pulsatility. The frequency of the major pulse, as well as the induced secondary
motion of the fluid, changes the mass transfer time scale, so that the influence of the
flow on the physiology and pathology of the wall may be altered completely.

Note that the flow field evolves in the computation, so that several heartbeats
should be included to obtain stable results. As with the geometrical consideration
and boundary conditions, the frequency of the real heartbeat varies very markedly.
Since Wormersley’s alpha parameter is proportional to the square root of the
frequency, the more the frequency increases, the less viscous the flow field becomes.
Therefore, tachycardia enhances the influence of the global configuration of the
cardiovascular system. The effect of the heartbeat has not been investigated fully,
particularly in the context of computational fluid dynamics, and could be of interest
when discussing the preventive evaluation of various physiological conditions after
developing a practical analysis system,

In addition, little attention has been paid to much longer time scales, including
growth and remodeling in the course of growth, and the even longer time scale of
the evolutionary process. In the latter case, comparative biological viewpoints
should also be considered carefully and should help in understanding the
computational results. In this context, the configuration of the cardiovascular system
is a complex combination of the results of physiological and pathological processes
over an extremely wide range of time scales, from evolutionary to quantum-level
fluctuations.
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Figure 6. Simulation of platelet adhesion (primary thrombus formation) in the blood flow ncar the
vascular wall. Particle motion was simulated using a discretc element method and fluid motion was
simulated using a Stokesian dynamics method. Simulating activation of receptors that govern adhesion,
the mechanisms of the formation, and destruction of a primary thrombus were analyzed.
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2.4 Blood as a non-Newtonian fluid

It is frequently asked whether the non-Newtonian viscosity affects the flow field in
arteries and veins. Of course, it affects the local and global nature of the blood flow
to some extent, although the influence has not been fully appreciated owing to
computational restrictions. Roughly speaking, there are two main possible
approaches for dealing with the non-Newtonian nature of blood. One is based on the
conventional continuum approach, which assumes a constitutive relationship, such
as the exponential viscosity law. Although this approach considers many theoretical
and experimental problems, we do not discuss it further here. The other considers
the blood to be composed of multi-phase substances and introduces various levels of
sub-modeling of the behavior of the blood components. This method is currently
studied actively.

In this approach, we can introduce subclasses depending on the manner and
level of modeling. The recent application of so-called particle methods, such as
smoothed particle hydrodynamics (SPH) and a moving particle semi-implicit (MPS)
method to the blood flow is one subclass. In this method, continuous fluid is
expressed using particles that interact physically. This is also a kind of mesh-less
method to which constitutive laws can be introduced in terms of collision and
repulsion among particles. This is a promising method because of its intrinsic
Lagrangean approach, which makes it easy to analyze fluid-solid interactions.

Another way of thinking is possible because the blood is composed of particles
and fluid [10]. For example, platelets have the ability to form thrombi under the
influence of the blood flow. Red blood cells can deform markedly as they flow in
capillaries together with white blood cells. Such biological responses can be
modeled properly using models of physical and even chemical interactions between
the particles and between each particle and other substances and structures.
Compared with the simple particle method, we can call the latter method the
biological particle method, which we bclicve can open a totally different
computational scheme that can describe and model non-Newtonian physical laws, as
well as biological constitutive laws, to promote further computational mechanical
analysis of blood flow (Figure 6).

3 Concluding Remarks

In concluding this article on the computational mechanics’ approach to
cardiovascular fluid-solid interaction studies tor developing clinical applications, we
would like to point out the necessity of being aware that many theoretical and
fundamental questions remain unsolved. With advances in computing technology,
massive computing power has become available. This definitely makes it easy to
conduct extremely large-scale computing. Howcver, we must always remember that
the system that we are to solve is truly biological and the biological system is alive.
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What we hope to accomplish is necessarily biology, even if it appears to be a purely
mathematical or physical problem. A living system always responds to its
environment, and can remodel itself in order to accommodate a necessary reactive
mechanism, and evolve through reproduction over a longer time scale. Although
mechanical (i.e., numerical) accuracy is undoubtedly important, the biological
considerations remain paramount.
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This paper concerns with the prediction and prevention of skeletal muscle injury. To clarify
the mechanism of muscle injury, we conducted biomechanical and pathological evaluations
for muscle contusion and strain-injury. The results showed correlations between severity of
pathological damage and functional disability on contraction. The results also suggested that
microscopic damage of muscle fibers, peripheral circulation or motor units has significant
effects on the change of macroscopic function, and that microscopic examination is
prerequisite to understand these phenomena. As a preliminary study, previous papers on
microstructural elements of muscle are reviewed.

1 Introduction

Skeletal muscle injuries are frequently observed in traffic and sports accidents and
classified into several injury types depending on the cause of injury. Muscle
contusion is caused by impact compression normal to the muscle fiber while strain
injury is caused by sudden stretch. It is important to clarify the mechanism of such
injuries by considering microstructure of muscle tissue for injury prevention and
accident reconstruction. However macroscopic correlations between mechanical
loading and muscle injury have not been discussed enough in the current situation.

In this paper, we performed macroscopic impact tests for rabbit tibialis anterior
muscle to simulate muscle contusion or strain-injury. Pathological and mechanical
evaluations for such muscle injuries were conducted. Then we reviewed studies on
microstructure of skeletal muscle and discussed a view of micro-biomechanics
study for muscle injury prevention. These works will help us to facilitate the
elucidation of micromechanism of muscle injury.

2 Methods

We used tibialis anterior (TA) muscle of female Japanese white rabbit. Twelve
rabbits (2.92 + 0.12 kg, mean = S.D.) were used for muscle contusion tests, 21
(2.94 £ 0.17 kg) were for strain injury tests and other 7 (2.88 + 0.20 kg) were used
as the control.
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2.1  Muscle contusion test

Firstly, we performed muscle contusion tests. Crisco et al. performed impact tests
using gastrocnemius muscle but they impacted muscles percutaneously [1]. So it
was not easy to evaluate the impact cnergy applied to the muscle quantitatively.
Therefore we impacted muscle directly using the apparatus shown in Figure 1.

o PC
Oscilloscope
. High Speed Camera
Pendulum rigger
Strain Amp ! |
TAmuscle [

Accelerometer
| oad Cell
l l I Jimpactor

N
Laser Displacement Meter

Tibia

Figure 1. Impact test system for muscle contusion. This system has an impactor launched by a pendulum.
The impacter has a load cell (LUR-A-2KNSAI, Kyowa) to measure the impact force and the data were
recorded by a digital oscilloscope (TDS420A, Sony Tektronix). The impact velocity was calculated from
a movie recorded by a digital high-speed camera (MEMRECAM fxK3, NAC Image Technology).

The following procedure was used for the preparation. The animals were
anesthetized by pentobarbital sodium (30 mg/kg) or isoflurane, after which the TA
muscle and deep peroneal nerve were exposed. Two nigrosin markers were added
on the surface of the proximal end of the muscle belly and distal tendon to
determine the muscle length. The in situ length was defined as the distance between
two markers at a 90-degree angle to the ankle joint. Next we drilled into the tibial
condyle, and a Kirschner’s wire (¢ = 7 mm) was inserted into the hole. Finally, the
distal tendon of the TA muscle was cut. The wire in the tibial condyle was fixed on
the holder, and the distal tendon was directly gripped by a tooth-like jig.

The muscle was cyclically stretched with 7 mm amplitude (less than 13%
strain) at the velocity of 7 mm/sec as a preconditioning. Next we performed an
isometric contraction test to evaluate the initial contraction force of the specimen.
The specimen was activated by an electric pulse with a frequency of 50 Hz during
10 seconds. The voltage of the pulsc required for maximum contraction was
determined as tenfold the threshold for twitching. A thin wire electrode for EMG
(ST. Steel 7 Strand, Teflon, A-M Systems) was inserted into the distal end of the
muscle belly, and another electrode was directly clipped onto the deep peroneal
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nerve. Then the muscle was impacted with an impactor (250 g weight, 5 mm width
of impact surface).

For a pathological evaluation, the muscle was sliced and stained with
hematoxylin and eosin after soaking in formalin more than 1 week. Then we
examined severity of muscle contusion microscopically. As mechanical evaluation
of muscle contusion, we conducted isometric and tensile tests of injured muscles by
the apparatus shown in Figure 2. The injured muscle was elongated at 200 mm/sec
tensile velocity until break in the activated condition.

2.2 Strain injury test

We also performed strain injury tests using the apparatus shown in Figure 2. Since
a linear motor type actuator performs with high acceleration and accurate position
control, this type of actuator is appropriate to make an impact stretch to induce
strain injury. The procedure of the strain injury test was similar with that of the
contusion test except for the induction process of injury. As the induction process
of injury we applied loading/unloading process of stretching at 200 mm/sec to the
specimen with maximally activated condition. Applied stretch was 20, 25 or 30 %
of the in situ length based on the results of Hasselman et al. [2]. Pathological and
mechanical evaluations were done as same procedure as the muscle contusion test.

- 7 | mo— l ——Linear Actuator
Chuck

Figure 2. Strain injury test systcm. This apparatus consists of a linear motor type actuator (GLM-20,
THK), a knee holder, a load cell (LUR-A-2KNSAI, Kyowa) a digital high-speed camera (MEMRECAM
fxK3, NAC Image Technology), and a digital oscilloscope (TDS420A, Sony Tektronix). The load cell
detects the load on the muscle and the data were acquisitioned on the digital oscilloscope. The elongation
of the muscle was calculated from the distance between the nigrosin markers on the surface of the muscle
recorded by the digital high-speed camera.
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3 Results and Discussion

3.1  Muscle contusion

Results of the pathological evaluations for the muscle contusion tests were shown
in Figure 3. The severity of injury could be divided into 3 grades named as Grade I,
II and III. Grade I is the case in which no blood bleeding and failure of muscle
fiber are observed. Grade II is the case in which sporadic bleeding is observed. In
Grade III we observe severe damage spread to whole tissue. Based on these injury
grades, the relation between the impact energy and injury severity was evaluated as
shown in Figure 4. We observe that the two thresholds may exist between Grade I
and II and between Grade II and III.

Figure 5 shows the relation between the changes of the isometric contraction
force and the impact energy. The isometric contraction force dropped suddenly at
the impact energy of about 0.13 J. According to Figure 4, this sudden drop is
induced in the region of Grade II. The results of the tensile tests, furthermore,
showed that the muscles broke at the muscle belly at the energy above 0.13 J, while
the muscles applied at less than 0.13 J broke at the muscle-tendon junction (MTJ).

Figure 3. Classification of tissue damage for
muscle contusion. A: Cases in which no blood
bleeding and failure of muscle fiber are
observed. (Grade I). B: Cases having sporadic
bleeding. (Grade II). C: Cases having severe
1 mm damage spread to whole tissue. (Grade 1I1).
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Figure 4. Relationship between impact energy and injury severity for muscle contusion.

-—h
o

—
0] (= N
o o
T

Change of Isometric
Contraction Force (%)
)]
o

40 |

20 -

0 1 A 1 J 1 )

0 0.05 0.1 0.15 02 025 03 0.35
Impact Energy (J)

Figure 5. Relationship between impact encrgy and change of isometric contraction force. The threshold
of impact energy for decrease of isometric contraction force can be observed around 0.13 J.

Figure 6 shows the relationships between the impact cnergy and the site of
rupture in the tensile tests, change of isometric contraction force and the injury
severity. Damaged muscle had a tendency to break at the muscle belly and the
threshold of impact energy was the same level of change of contraction force.

These evaluations were conducted in five minutes after impact. Therefore the
results are considered to show the instantaneous response of muscle contusion. In
our microscopic observations, the ratio of the damaged fascicles was a few percent
of the number of all fascicles in Grade 1l injury. According to Figure 5, the
decrcase of contraction force of the muscle with Grade 1l injury was much larger
than the decrease expected from the results of the pathological evaluations. It
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indicates that macroscopic mechanical response is governed by not only the ratio of
damaged muscle fiber but also the damage of perimysium or sarcolemma, which
break the continuity of tissue to transmit the contraction force, and the damage of
motor neuron. Since the classification shown in Figure 4 was mainly based on the
muscle fiber breaking, the injury severity could not correspond with the threshold
of the change of the contraction function.
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Figure 6. Relationships between the impact energy and the site of rupture in the tensile tests, change of
isometric contraction force and the injury severity.

3.2 Strain injury

Next we discuss the résults of muscle strain injury tests. Results of the pathological
evaluations for the muscle strain injury tests were shown in Figure 7. Strain injury
severity was also divided into 3 grades named as Grade |, 2 and 3. Grade 1 means
no injury. Grade 2 is the case in which some small inter-fiber blood bleeding is
observed. In case of Grade III, blood bleeding and failure of muscle fibers spread
over whole tissue.

The relationship between the impact energy and injury severity was shown in
Figure 8. In the range between 23 and 25% stretch, we observed both Grade 2 and
3. As shown in Figure 9, when we examined the relationship between the injury
severity and the absorbed energy, which is defined as the dissipation of energy
during the induction process of injury, we can say that the pathological threshold of
strain injury exists around 0.25 J, and Gradc 2 injury is a transient state between
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Grade 1 and 3. The isometric contraction force tended to decrease with the increase
of the absorbed energy as shown in Figure 10. The threshold of decrease of

Figure 7. Classification of tissue damage for
strain injury. A: Cases in which no blood
bleeding and failure of muscle fiber arc
observed. (Grade 1). B: Cases which have
some small inter-fiber blood bleedings. (Grade
2). C: Cases which have blood bleedings and
failures of muscle fibers spread over whole
tissue. (Grade 3).
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Figure 8. Relationship between impact stretch and injury severity for strain injury.
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Figure 9. Relationship between the applied energy during the induction process of injury and injury
severity for strain injury.
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Figure 10. Relationship between absorbed energy during the induction process of injury and change of
isometric contraction force.

contraction force also existed around 0.25 J. We will contine to discuss the
correlation between the pathological and the biomechanical definitions of strain
injury.

The results of tensile tests for damaged muscle, on the other hand, did not show
any significant differences against the control group in their failure load and
elongation. Therefore strain injury does not cause any significant damage on the
mechanical properties of the passive structural elements, because the failure
properties of muscle mainly reflects the passive mechanical properties of muscle.
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4 View of Micro Biomechanics of Muscle for Injury Prevention

A skeletal muscle has a hierarchical structure that consists of sub-scale fibrous
structures such as muscle fascicles or muscle fibers. A muscle fascicle is a bundle
of dozens of muscle fibers surrounded by perimysium. A muscle fiber is a myocyte,
which is the fundamental system of active contraction and composes of a motor unit
combining with a motor neuron.

Thus many studies on muscle fibers have becn conducted and experimetal
apparatus and technique have been developed. Gordon et al. [3], for example,
developed an experimental apparatus for isometric and isotonic contraction tests of
muscle fiber. Later Ford et al. [4] developed a technique to fix a muscle fiber on a
test system using Al foil, which has been used by other researchers. With such
techniques, physiological response of muscle fiber such as contraction against
stretch have been studied in detail (for example Mutungi et al. [5]).

A few studies, on the other hand, have been reported on injury or damage of
muscle microstructure and their influences on mechanical properties or functions.
Macpherson et al. [6] studied effects of injury on the contractile function of
sarcomere using permeabilized muscle fiber. They concluded that the longest one
among a series of sarcomeres could be damaged when the sarcomere length in the
fiber is heterogeneous. Their results are quite suggestive to clarify the mechanism
of muscle injury, however the injury mechanism could be influenced by damage of
sarcolemma and other microstructures, such as motor neurons and peripheral
circulation. Thus we need further examination for mechanical properties of other
microstuctural elements.

We also need to discuss a new mechanical model of muscle for injury
simulation by considering its microstructure. Yucesoy ct al. [7] suggested an
interesting model, which describes a muscle as two-domain finite element model.
Each finite element represents a segement of a bundle of muscle fibers, surrounding
connective tissues and the links between them. Using this model, they showed the
importance of the myofascial force transmission pathways. Such a model that takes
into account mechanical properties of two or more microstructural components can
be extended to describe damage of microstrucutral elements and degradation of
mechanical properties and functions of muscle tissue.

5 Conclusions

Direct compressive impact and axial stretch for skeletal muscle were conducted.
Microscopic examinations of muscle contusion and strain injury were done to
discuss the relation between severity of muscle injury and mechanical impact. From
the results the relation between pathological change and mechanical change of
muscle tissue caused by mechanical impact was obtained. A view on micro
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biomechanics of skeletal muscle was also discussed for applying to injury
prevention.
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The responses of cells to three mechanical stimuli were examined. (1) Two types of
vascular endothelial cell finite element models were created and validated under stretched
substrate conditions. The numerical simulations achieved good reproducibility with the
solid model and demonstrated a potential for further development with the fluid-filled
model. (2) The histological change in the tissues caused by freezing and thawing was
investigated to clarify the influence of bioheat transfer parameters on tissue
microstructures. (3) Cell damage due to plane shock waves was investigated
experimentally, and the frequency responses of one and two cells in water were evaluated
by constructing a mathematical model. The results showed that the structural effects due
to the deformation processes were quite large at particular frequencies

1 Introduction

The characteristics of cells are not determined solely by DNA or genetic
material. Intracellular responses occur in mechanical, electrical, and chemical
fields. Therefore, it is quite important to investigate cellular responses from a
variety of mechanical viewpoints, including solid and fluid mechanics, as well
as heat and mass transfer.

The description of stress/strain fields in cells is one of the most important
cellular issues in solid mechanics [1-3]. These states influence the signal
pathways and morphology of the nucleus and cytoplasm. In recent years,
hyperelastic models of cytoplasm and a nucleus have been developed and
validated. These modcls reproduce the cytoplasm strain states and nucleus
deformation well [1, 2].

Determining adequate conditions for freezing and thawing in cells is
another important issue. Freezing is a typical stimulus in heat and mass transfer.
It has two contrary effects on biological cells and tissues: protection and
destruction [4, 5]. The former effect is used for cryopreservation, and the
protection of cells, tissues, and foods. The latter effect is using in cryosurgery
and the destruction of tumors. Investigating changes in the histological
microstructures and mechanical properties of tissues through freezing, and the
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relationship between the two changes is interesting from both fundamental
research and application viewpoints.

The investigation of damage mechanisms in cells is also important.
Extracorporeal shock wave lithotripsy (ESWL) has become pervasive in
medicine [6]. Some engineering studies have examined the effects of shock
waves on living tissue cells. For example, Teshima et al. [7] investigated the
relationship between DNA damage and maximum applied pressure. Despite
many medical and engineering studies, the cell damage mechanisms due to
shock waves have not been identified.

In this study, we compare two types of cell structure finite element models
to elucidate the role and mechanical properties of cell components, such as the
cell membrane and cytoplasm. The histological tissue change with freezing and
thawing is investigated to clarify the influence of bioheat transfer parameters on
tissue microstructures. The damage caused by plane shock waves to living cells
(red blood cells and cancer cells) is also described. Finally, the frequency
response of an elastic shell model for both single and two interacting cells in
water is evaluated by constructing a mathematical model.

2 Modeling and Numerical Simulation of the Mechanical Behavior of a
Vascular Endothelial Cell under Substrate Deformation

2.1 Method

Two models were compared to evaluate their descriptions of mechanical
behavior in a vascular endothelia cell. The first was a hyperelastic solid model,
in which the nucleus and cytoplasm were modeled as hyperelastic materials (see
Fig. 1(a)) [2]. The second was a fluid-filled hyperelastic membrane model that
consisted of a hyperelastic membrane surrounding a fluid-filled cavity (see
Fig. (b)) [3]. In both models, the hyperelastic part was modeled as a neo-
Hookean material that had the same stress-strain relationship as an isotropic
linear elastic material in the infinite strain range.

The bottom surface of both cell models adhered to the substrate surface.
The mean values of Young’s modulus determined by Caille et a/. [1], i.e., 5100
and 775 Pa, were chosen for the nucleus and cytoplasm, respectively. The
material constant of the cell membrane was the same as that of the cytoplasm,
and the material constant of the substrate was 775 kPa. The bulk modulus of the
fluid was 2 GPa, which represents the compressibility of water. Then, pure
uniaxial stretching in the X direction with 4% strain (deformation of the
substrate in the Y direction was constrained) was applied to the substrate to
check the deformation, strain, and stress predicted by the cell models.
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Figure 1. Finite element models.

2.2  Results and discussion

Figure 2 compares the outer surface geometry predicted by the cell models at
the XY and YZ symmetric planes. The fluid-filled model cell showed concavity
and increased height due to the stretched substrate. These behaviors were not
observed in the hyperelastic solid model. The change in cell height has not been
measured because of the difficulty maintaining a suitable level of accuracy.

10 10 L
8 at
g 6 EL; 6
= Unstretched state: = Unstretched state:
D 4L x Both models B 4L x Bothmodels
2 Stretched state: L Stretched state:
2| —— Fluid-filled model 2| —— Fluid-filled model
—— Solid model —— Solid model
0 . - x 0 : - '
0 4 8 12 16 0 4 8 12 16
Stretch direction (um) Transverse direction (um)
(a) XZ symmetric plane (b) YZ symmetric plane

Figure 2. Cellular shapes for the two models shown in Fig. 1 before and after deformation under 4%
pure uniaxial stretching,

Figure 3 compares the maximal principal strain near the outer surface of the
predicted cellular membranes under 4% pure uniaxial substrate stretching. The
strain distribution in the solid model had a directional dependence, while this
effect was not as pronounced in the fluid-filled model becausc the solid
transmitted the substrate deformation, but not the fluid or membrane.

Figure 4 compares the maximum principal stress predicted by the cell
models near the outer surface under 4% pure uniaxial substrate stretching. The
stress distributions were similar to the strain distributions shown in Fig. 3.
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(a) Hyperelastic solid model (b) Fluid-filled hyperelastic membrane model

Figure 3. Comparison of the maximum principal strain distributions in the cellular membrane
predicted by the two models shown in Fig. 1 under 4% pure uniaxial stretching.

(a) Hyperelastic solid model (b) Fluid-filled hyperelastic membrane model

Figure 4. Comparison of the maximum principal stress distributions in the cellular membrane
predicted by the two models shown in Fig. 1 under 4% pure uniaxial stretching.
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Figure 5. Maximum principal strain and stress distributions predicted by the hyperelastic solid model
under 4% pure uniaxial stretching.

(a) Maximal principal strain (b) Maximal principal stress

Figure 5 shows the maximum principal strain and stress distributions
predicted by the hyperelastic model. These distributions indicated that the
strain/stress decreased with increasing cytoplasm height, and the strain in the
nucleus was less than that in the cytoplasm at the same height. However, the
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stress in the nucleus exceeded that in the cytoplasm at the same height due to the
high Young’s modulus. The volumetric strain and static fluid pressure of the
fluid-filled cytoplasm in the fluid-filled hyperelastic membrane model were 2.3
pico-strain and 5 mPa, respectively, both of which were small enough values to
provide for no effective strain/stress in the cytoplasm. Such different responses
between the two types of models were caused by the lack of a cytoskeletal
structure in the fluid-filled model.

3 Morphological Change of the Tissue Histological Microstructures due
to Freezing and Thawing

This chapter describes the experimental materials, apparatus, methods, and
results of a study of the histological change in tissues with freezing and thawing
using different thermal protocols.

3.1  Experimental materials

The tissue studied was the second pectoral muscle (fresh tender meat) of
chickens. This consists of muscle fibers connected by connective tissue. One
muscle fiber and one cell consisted of myofibrils. The tissues were taken from a
broiler (raised by Arbor Acres) immediately after slaughter and stored at 4°C for
about one hour. Then, a 10 x 10 x 4 mm sample was removed carefully using a
microtome blade. This sample was steeped in physiological saline.

3.2 Experimental apparatus and methods

3.2.1 Cryostage

The tissues were frozen and thawed on a cryostage at a uniform temperature.
The stage consisted of an aluminum block and a 1.5-mm-thick copper plate. The
sample was set between a glass microslide and a glass coverslip so that the
muscle fibers paralleled the cryostage surface. The Cu-plate temperature was
controlled to change from room temperature to ~50.0 °C at a predetermined
cooling rate H and warming rate .

3.2.2 Thermal protocols during freezing and thawing

Four different thermal protocols were followed during freezing and thawing:
a) slow cooling (/= 1.0 °C/min) and rapid warming (¥ ~ 100 °C/min), b) rapid
cooling (H ~ 100 °C/min) and rapid warming (W ~ 100 °C/min), c) slow cooling
(H = 1.0 °C/min) and slow warming (W = 1.0 °C/min), and d) rapid cooling
(H~100 °C/min) and slow warming (W = 1.0 °C/min). The sample was
maintained at the minimum temperature for 15 minutes.
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3.2.3 Histological investigation of tissues

During freezing and thawing, after formalin fixation and paraffin embedding,
the tissues were investigated histologically using hematoxylin and eosin (HE)
staining. A slice of the sample was observed microscopically to compare the
histological changes in the tissues between the thermal protocols.

3.3 Results and discussion

Figure 6 shows representative results for HE-stained tissues for each thermal
protocol. In HE staining, the cytoplasm stains pink, connective tissues stain
deep pink, and nuclei stain deep violet.

Before freezing (Fig. 6a), the muscle fibers (control) were compact and
well-ordered. By contrast, different thermal protocols caused different changes
in the histological tissue microstructures [8, 9].

After slow cooling and rapid warming (Fig. 6b), the muscle fibers had large
cracks between them, and the connective tissues were separated from the muscle
fibers. The muscle fibers shrank with some deformation. The effects of
extracellular freezing were evident.

After rapid cooling and rapid warming (Fig. 6¢), numerous small, fine
cracks were formed in the muscle fibers. These were caused by intracellular ice
crystals (intracellular freezing). The effect of extracellular freezing was also
evident from the cracks between the muscle fibers, although these cracks were
narrower than those observed after slow freezing and rapid warming. The
difference in the histologically changes seen in Figs. 6b and 6¢ resulted from
freezing at different cooling rates.

The change in the slow cooling and slow warming sample (Fig. 6d) was
similar to that of the slow cooling and rapid warming sample. The muscle fibers
had large cracks between them, and connective tissues were separated from the
muscle fibers. However, deformation and meandering were noticeable in the
fibers. In addition, the muscle fibers had a few openings between them, due to
large intercellular ice crystals and cracks. Of the four cases, the most
pronounced histological change in the muscle tissues was with this thermal
protocol.

The change in the rapid cooling and slow warming sample (Fig. 6e) was
similar to that of the rapid cooling and rapid warming sample: numerous small,
fine cracks appeared in the muscle fibers, caused by intracellular freezing.
However, the openings were somewhat larger than observed in the rapid cooling
and rapid warming sample (Fig. 6¢). This difference was caused by the different
warming rate. During slow warming following the rapid cooling, the fine ice
crystals in the muscle fibers became coarser during the recrystallization process.
Moreover, the deformation of the muscle fibers was somewhat greater than that
observed for the rapid cooling and rapid warming sample.
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3.4 Summary

During freezing and thawing, the tissues showed remarkable changes in their
histological microstructure, depending on the thermal protocols. The
characteristic change for slow cooling was the formation of large cracks
between the muscle fibers, caused by extracellular freezing. The characteristic
change for rapid cooling was the formation of numerous small, fine cracks in
the muscle fiber, caused by intracellular freezing. These two types of
histological change damaged the tissues, Slow warming tended to promote the
deformation and meandering of muscle fibers. These changes in the histological
microstructure likely affect the mechanical properties of the tissues. This should
be investigated using a biosolid mechanics approach.

Figure 6. Tissues stained using hematoxylin and eosin after freezing and thawing (vertical sections of
the muscle fibers). MF and CT denote muscle fibers and connective tissue, respectively. a) Control
(before freezing). b) slow-cooling and rapid-warming (H = 1.0 °C/min, W ~ 140 °C/min), ¢) rapid-
cooling and rapid-warming (# ~ 90 °C/min, W ~ 130 °C/min), d) slow-cooling and slow-warming (¥
= 1.0 °C/min, W = 1.0 °C/min), and e) rapid-cooling and slow-warming (H ~ 90 °C/min, W =
1.0 °C/min).

4 Response of Suspended Cells to Shock Waves

4.1  Cell damage caused by shock waves

Using an experimental apparatus for shock-induced damage tests (a free piston
shock tube), red blood cells and general animal cells were damaged using shock
waves [10]. Figure 7 shows the degree of damage to red blood cells and animal
cells with a shock wave at the maximum pressure applied (surface cells from a
human blood vessel). Figure 7(a) indicates that the higher the maximum
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pressure, the greater the degree of damage. Comparing Figs. 7(a) and 7(b), the
degrec of damage to the red blood cells was much less than damage to the
animal cells.

One of the reasons for the large difference was the difference in the internal
cell structure of the red blood cell and animal cell. Animal cells contain nuclear
and intermediate filaments, while red blood cells lack nuclear filaments. Their
structure depends primarily on the properties of the intermediate filament, which
is made of proteins.
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(a) Red blood cells (b) Animal cells

Figure 7. Degree of damage to red blood cells and animal cells caused by to shock waves at
maximum pressure.

4.2  Shock wave deformation model for two cells with internal structures

To investigate the effects of the internal cell structure, the deformation of red
blood cells and animal cells was modeled mathematically. Suppose that one or
two spherical elastic shells filled with liquid are suspended in water, and that the
plane shock wave propagates from externally (Fig. 8). The radial and tangential
displacements and pressure are linked for these oscillation phenomena due to a
shock wave. The coupling equations for the deformation oscillation and
pressure in the normal and tangential directions for each cell are

d'w

de +Almwm _AZmum = _M(nm(l’ R’T)_nim) (1)
D gy = d =0
de + lmum - mem - (2)
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Figure 8. Mathematical model for deformation Figure 9. Effects of the nonlincar parameter
process analysis. n on the frequency response of two cells.

where w,, upm, I1,, Iy, and M are the shell displacement in the radial and
tangential directions, extcrnal pressurc, internal pressure, and mass, respectively,
and the subscript m indicates the m-th order of the oscillation. Moreover, 4,
Ayn, Az, and Ay, are the coefficients of the m-th order expansion series that
includes Young’s modulus E and the membrane thickness A/a.

The internal pressure, [T, was derived from the relationship between the
bulk modulus K and the cell volume. The mechanical properties of the
intermediate filaments have non-linear stress strain curves in stretch tests
because the pressure in the cell is thought to vary non-linearly with the cell
volume. Therefore, the new K is

K=K,(1-w) 3)
where K, and n are the initial bulk modulus and a non-linear parameter,
respectively. In this study, w, was much less than 1, so



163

K=K (-nw). @)

A value of n = 0 indicates that the structure has linear stress-strain properties
and K=K, .

If we apply the modified bulk modulus defined in Eq. (4) to the oscillating
equations (1) and (2), we obtain non-linear oscillating equations for a cell with
internal structures.

Figure 9 shows the predicted frequency response with different non-linear
parameters n for two cells. The amplitude indicates the non-dimensional radial
displacement of the oscillation. In this calculation, the membrane thickness
parameter A/a = 0.1, initial bulk modulus K, = 1000 MPa, ratio of the two cell
diameters ¢ = |, non-dimensional distance d = 2.5, and Young’s modulus
E=3.0 MPa. As the non-linear parameter » increased, the amplitude of the
second natural frequency varied to some extent. The stiffness of the cell
increased rapidly with n, so that when n = 100, the amplitude at 8 MHz was
greater. From this result, the differences caused by the internal structures may
possibly affect the cell damage caused by shock waves.

5 Conclusions

Comparison of a hyperelastic solid cell model and a hyperelastic membrane with
fluid-filled cytoplasm model showed that the former reproduced the cellular
deformation during substrate stretching properly, while the latter predicted the
opposite displacement of the cell membrane because of the assumption that the
cytoplasm had no structural components. A cytoskeletal network model should
be incorporated into the latter model to describe the transfer of the external
forces between the apical and basal membranes, and between the nucleus and
these membranes.

During freezing and thawing, the tissues showed remarkable morphological
changes in their histological microstructures, depending on the thermal protocol.
The patterns of the histological change were determined by the freezing pattern,
which was dependent on the cooling rate. Moreover, the deformation and
meandering of muscle fibers tended to be promoted by a slower warming
process. These morphological changes in the histological microstructures affect
the mechanical properties of the tissues.

After gathering experimental data on cell damage due to shock waves, the
deformation process in each case was evaluated using a special mathematical
model for two-cell deformation. A frequency response analysis demonstrated
that the effects of the nonlinear parameter on the deformation process were large
at certain frequencies. More information about the effects of the cell structure on
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the degree of damage is required, and may be obtained from both theoretical
models and experiments.
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