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Large deformation of living cells using laser traps
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Abstract

Wepresent experimental results of large deformation of human red blood cells subjected to direct stretching by optical tweezers. The

maximum external force imposed on the cell is in excess of 400 pN.A three-dimensional computational simulation of the biconcave cell

membrane is also performed to extract the large deformation elastic properties from the experimental results obtained during loading as

well as upon relaxation of the load. Different constitutive formulations of the cell membrane with its underlying spectrin network are

explored in the computational simulations in an attempt to investigate the mechanical response and to compare the results so obtained

with those derived from other independent experimental techniques. These results demonstrate new capabilities in the use of optical

tweezers for study of cell deformation at large strains and provide a framework to explore possible effects of different loading con-

figurations, disease states, chemical factors and environment on the large deformation characteristics of biological cells.

� 2004 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.
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1. Introduction

Laser traps or laser tweezers, also commonly known

as optical traps or optical tweezers, are finding increas-

ingly widespread applications in the study of mechanical

deformation of isolated biological cells and molecules

(see [1], for example). In this method a laser beam, which

is focused through a microscope objective lens, attracts

and traps a high refractive index particle, and defor-
mation is induced as the particle attached to a cell or a

molecule moves with the beam. The range of forces that

can be imposed by the optical trap is typically on the

order of tens of pico-Newton (pN ¼ 10�12 N) as, for

example, that employed previously to study human red

blood cell [2–4]. Many important phenomena in biology,

such as cell deformation and protein unfolding, require

mechanical forces which are significantly larger than
those typically obtained by optical tweezers so that real
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mechanistic phenomena can be properly simulated and
analysed by inducing sufficient deformation. In fact,

forces in the range of a few hundred pico-Newton have

been achieved with the optical trap technique in a study

of the unfolding of titin molecule [5] although, to date,

such high forces do not appear to have been employed

for the study of large deformation of the single cell.

Consider the human red blood cell (erythrocyte), with

diameter 7–8.5 lm, which undergoes severe elastic de-
formation during passage through narrow capillaries

smaller than about 3 lm in diameter. The cell mem-

brane, which consists of the phospholipid bilayer sup-

ported underneath by a spectrin network, is primarily

responsible for such large deformation [6–15]. Investi-

gating how red cells deform provides insights into their

physiology, cell biology and biorheology. Establishing

possible connections between mechanical properties of
red blood cell membrane and diseases such as malaria or

sickle cell anaemia is also a subject of considerable sci-

entific interest; see, for example [16].

In the conventional micropipette aspiration method

[8–13], the cell membrane is deformed through entry
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into a micropipette by suction. By monitoring the

attendant geometry changes from optical images, the

elastic response of the membrane is inferred while ne-

glecting the effects of any edge stress concentration or

internal wall friction of the micropipette. This method
has implied in-plane shear modulus values of 4–10 lN/m

for the cell membrane [8,13]. Although commonly used

for studying the deformation of living cells, the micro-

pipette aspiration technique imposes a complex stress

state on the cell, which can pose considerable challenge

in the interpretation of the mechanical response. Atomic

force microscopy [14,17] along with elastic contact the-

ory of deformation has also been attempted to estimate
mechanical properties of the cell, despite complications

involving complex states of stress and deformation.

Optical tweezers allow for direct stretching of the cell in

one or more directions by trapping beads that are stra-

tegically attached to the cell surface. Recent studies have

employed thismethod for the study of red blood cells with

a stretching force smaller than 60 pN, which is insufficient

to induce sufficiently large deformation. In addition, in-
terpretations of deformation induced by optical tweezers

using linear elastic analysis [2–4,18,19] are incapable of

capturing accurately the severe deformation character-

istics of the cell membrane. Furthermore, these initial

experimental studies have not provided complete defor-

mation characteristics of the cell in that both the axial and

transverse diameter changes (and hence the complete

deformation responses) have not been systematically
documented in the experiments. The relaxation charac-

teristics of the deformed red blood cell upon release of the

stretching force also have not been examined systemati-

cally in the optical tweezers experiments. There is a critical

need to develop newer and more refined experimental

tools to study the deformation characteristics under dif-

ferent stress states in order to explore connections among

themechanical, chemical and biological characteristics of
living cells.

Here, we demonstrate use of optical tweezers to study

the deformation characteristics of the human red blood

cell with stretching forces nearly an order of magnitude

larger than those achieved previously with optical

tweezers for the human red blood cell. We further pro-

vide new experimental results of the viscoelastic re-

sponse obtained from the relaxation characteristics.
These results, in conjunction with three-dimensional

computational simulations, provide a powerful frame-

work with which the elastic and viscoelastic deformation

characteristics of living cells can be studied. The com-

panion paper [20] further discusses the mechanics of

large deformation of the cell by optical tweezers.

2. Experimental method

We have performed large deformation experiments

on the human red blood cell by directly stretching the
cell to forces in excess of 400 pN using optical tweezers

as described below. The experimental apparatus was

carefully designed and calibrated to ensure accuracy and

reproducibility of measurements. The key components

of this set up consist of a 1.5 W diode-pumped Nd:YAG
laser source (Cell Robotics, Albuquerque, NM) con-

nected to an inverted microscope (Leica Microsystems,

Wetzlar, Germany). The laser beam was used to trap

high refractive-index silica beads attached diametrically

across the cell periphery. The silica microbeads used

were 4.12 lm in diameter. The images of the red cell

were captured from the microscope using a CCD camera

and recorded onto a videotape. The video images were
then downloaded onto a computer and digitized for

image analysis. As the original and stretched diameters

of a human red blood cell fell in the range 4.5–16 lm,

the calibration and the measurements were carried

out using the digitized video images with a resolution of

100 nm per pixel on the viewing screen. A copper

grid with periodic array of square holes was used to

calibrate the actual size of the field of view under the
microscope.

The calibration technique involved inducing a flow of

the buffer solution across the trapped bead at an in-

creasing rate until the bead became dislodged from the

optical trap. Calibration of the optical trapping force at

a number of specified laser power settings was carried

out on silica microbeads (Bangs Laboratories, Fisher,

IN) with diameters of 4.12 lm in a PBS (phosphate-
buffered saline) solution. The maximum force F that can

be sustained by the laser is evaluated using Stokes� Law

F ¼ bv; ð1Þ

where b is the viscous drag coefficient and v is the ve-

locity of flow across the microbead at the point when the

bead was just about to be dislodged from the laser trap.

The viscous drag coefficient b of a bead with radius r
whose center is a distance h from the surface is [21]:
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where gf is viscosity of fluid (PBS). For the force cali-
bration, h=r > 5 was used for the trapped bead so as to

minimize the effect of drag due to distance of the bead

from the cover-glass surface. Using a Rheometric fluid

spectrometer (Rheometrics Scientific, Piscataway, NJ),

the viscosity of the PBS solution was measured to be

gf ¼ 0:00898 Pa s. A flow chamber, of dimensions 30

mm� 5 mm� 200 lm, was used to conduct this cali-

bration experiment.
Two glass tubes attached at both ends of the flow

chamber were used to provide the flow of PBS solution

across the trapped bead. The flow velocity v at which the

trapped bead was just on the verge of escaping from the

laser trap (see Fig. 1) was inferred from the free flowing



Fig. 1. Schematic illustration of the trapped bead which is just on the

verge of escaping from the optical trap. The bead is being displaced

slightly away from the focus of the laser beam. Fig. 3. Force calibration plot showing the variation of trapping force

with laser power for a 1.5 W diode pumped Nd:YAG laser source for

the single optical trap system. The standard deviation in the force

values obtained from three separate calibration tests is less than 5.2%.
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beads in the PBS solution. From the image analysis as

shown in Fig. 2, we were able to measure the distance

travelled by individual flowing beads in the background

in two successive frames right at the point when the
trapped bead had just become dislodged from the trap.

With the measured distance and the frame rate known,

the flow velocity of PBS could then be calculated; see

Figs. 1 and 2. The effective image recording rate was 50

frames/s. Similar calibration methods have been em-

ployed in recent optical tweezers studies of red blood cell

deformation at lower stretching force (for example,

[2,3]) and of the unfolding of titin molecule at high
stretching force [5]. Although other calibration methods

[1] have been employed for force determination as a

function of input laser power for optical traps, it should

be noted that the current calibration method is the pre-

ferred technique for mechanical deformation of single

cells [2,3] and for molecules at large external force [5].

The force calibration plot obtained from three sets of

repeat calibration experiments is shown in Fig. 3. This
calibration plot showing trapping force as a function of

laser power was found to be highly reproducible; the

standard deviation in the force values was less than

5.2%. Cell stretching experiments were carried out im-

mediately after completion of force calibration. Two

silica microbeads (diameter 4.12 lm, Bangs Laborato-

ries, Fisher, IN) that were non-specifically attached di-
Fig. 2. The distance travelled by individual flowing beads in the

background were measured using two successive frames of the video-

image right at the point when the trapped bead had just become dis-

lodged from the trap. The distance travelled by the free flowing bead

was measured by locating how much the front end of the bead had

moved within the two frames. Knowing that the time between suc-

cessive frames was 0.02 s (recording rate was 50 frames/s), the flow

velocity of PBS could then be calculated.
ametrically across the cell surface were used as ‘‘grips’’

to stretch the cell. The method of attaching silica mi-

crobeads to the cell was similar to that of Henon et al.

[2]. Blood samples were obtained from a healthy adult

male. All preparations were made at room temperature.

At least eight different cell samples were studied and the

changes in both axial and transverse diameters were

recorded. The typical scatter observed in the stretching
experiments are reported here along with the average

diameter changes.

In the stretching experiment conducted at room

temperature, one of the two microbeads was adhered to

the glass surface, while the other was trapped using the

laser beam. The cell was then stretched by moving the

sample chamber on the stage of the microscope relative

to the focused laser beam. The sample stage moved
continuously until the bead became dislodged, when the

preset maximum trapping force could no longer sustain

the stretched blood cell. This is schematically illustrated

in Fig. 4.

Other possible sources of error were also carefully

examined. No significant deviation in the position of the
Fig. 4. Illustration of the optical trap method. (a) Two silica mi-

crobeads, each 4.12 lm in diameter, are non-specifically attached to

the red cell at diametrically opposite points. The left bead is anchored

to the surface of the glass slide. The optical image corresponds to the

unstrained configuration. (b) The right bead is trapped using the op-

tical tweezers and the cell is then stretched by moving chamber where

the left bead is attached. The trapped bead remains stationary. The

optical image shows an example of the ensuing large deformation of

the cell.
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trapped beads was found perpendicular to the plane of

observation. The size of trapping laser beam at the focal

point was less than 1 lm in diameter, which was sig-

nificantly smaller than the 4.12 lm bead size. Further, as

the stretching of the cell was achieved in a short time
period of only 2–5 s, the possibility of any significant

heating of the bead or the cell membrane is considered

circumvented.
Fig. 5. Schematic illustration of the hyperelastic constitutive response

used in some of the computational simulations. (a) Uniaxial stress–

strain response. (b) The variation of the membrane shear modulus with

the progression of deformation in the early region and in the in-

between region,where strains are representative of the large deformation

response achieved in the present optical tweezer experiments. The

final deformation regime with the shear modulus of lf is not shown

in this figure.
3. Theoretical consideration and computational simulation

3.1. Constitutive model

The membrane of the cell, which includes the

phospholipid bilayer, the transmembrane protein

structures and spectrin network, can be represented by
an effective thin shell. In the widely used approach, the

cell membrane is modelled as incompressible [8,22]

where the relation between the membrane shear stress Ts
(expressed in units of force per unit length) and defor-

mation is

Ts ¼ 2lcs ¼
l
2
ðk21 � k22Þ; ð3aÞ

Ts ¼ 1
2
ðT1 � T2Þ and cs � 1

2
ðe1 � e2Þ ¼ 1

4
ðk21 � k22Þ;

ð3bÞ

k1k2 ¼ 1; ð3cÞ

where T1 and T2 are the in-plane principal membrane

stresses, e1 and e2 are the in-plane principal Green�s
strains of the membrane, k1 and k2 are the principal

stretch ratios, l is the membrane shear modulus (as-

sumed to be constant and expressed in units of force per

unit length) and cs is the shear strain. Note that Eq. (3c)

signifies the assumption of a constant area for the cell

membrane. If the deformation were uniform, the stretch
ratios k1 and k2 approximately would represent the ra-

tios of the current diameters to the initial diameters in

the axial and transverse direction of the cell, respec-

tively. However, in the micropipette aspiration, atomic

force microscopy and optical trap techniques, the de-

formation is nonuniform. The constitutive model de-

scribed in Eq. (3) has been the basis for interpreting the

mechanical response of the red blood cell in many ex-
perimental studies that employed the micropipette as-

piration technique [8,22].

Other possible constitutive models can also be ex-

plored in the context of the deformation of red blood

cells. One such approach entails use of a hyperelastic

effective material model for capturing the large defor-

mation response of the membrane. The simplest first

order formulation in this case invokes the assumption of
incompressibility (constant volume) where the strain

energy potential function [23] is of the form,
U ¼ G0

2
ðk21 þ k22 þ k23 � 3Þ; ð4Þ

where G0 is the initial value of bulk shear modulus, and

ki ði ¼ 1 to 3Þ are the principal stretches. The incom-

pressibility condition implies that k1k2k3 ¼ 1. The

potential function U defines the nonlinear elastic stress–

strain behavior. When the initial membrane thickness is

h0 the constitutive description of Eq. (4) results in the
initial in-plane membrane shear modulus l0 ¼ 0:75G0h0.
Fig. 5(a) schematically shows the uniaxial stress–strain

response of such a neo-Hookean hyperelastic material,

the membrane elasticity modulus typically decreases

from its initially high value, l0 to a relatively smaller

value, ll at larger strains, before attaining a higher va-

lue, lf again prior to final failure. The slope of the

membrane shear stress (Ts) versus shear strain (2cs) is
therefore a decreasing function of shear strain (see

Fig. 5(b)). For the simple first order neo-Hookean ma-

terial described by Eq. (4), only the first stage (l0) and

the second stage (ll) will be considered subsequently.

Specifically, ll is taken here at a relatively large stretch

ratio of k1 ¼ 3 under direct uniaxial tension. As shown

later, the strain values introduced in the cell membrane

during large deformation in the present optical trap
experiments correspond to the intermediate region of

the stress–strain curve in Fig. 5(a) where the membrane

shear modulus is close to ll. Thus, the neo-Hookean

rubber elasticity model for the membrane entails two

material parameters: the initial shear modulus l0 and

the second stage, large deformation modulus ll. In the

current first order model, choice of one value of the two

parameters also determines the other; while introducing
higher order terms will result in independent variations

of l0 and ll. Choice of values of both of these param-

eters which facilitate the matching of computational

predictions with experimental results have been system-

atically explored, and reported in this paper and in [20].

When the constant membrane area constraint, i.e.,

k1k2 ¼ 1 (i.e., k3 ¼ 1), is added to Eq. (4), the constitu-
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tive description of Eq. (4) is equivalent to that of Eq. (3).

With this additional constraint, the in-plane membrane

shear modulus stays at a constant value of l ¼ G0h0
throughout the entire deformation history.

While the foregoing analytical descriptions for the
thin shell employ a single material property, i.e., the

membrane shear modulus, more comprehensive analyses

involving computational simulations of cell deformation

invoke another material parameter in addition to the in-

plane shear modulus l: the bending modulus B. Taking
the literature values of B to be 1–9�10�19 Nm [3,24],

the contribution from the bending modulus is found to

be relatively much smaller. Therefore, a typical (fixed)
value of B ¼ 2� 10�19 Nm is assumed in all the com-

putations unless specified otherwise. By matching the

computational simulations with experimentally ob-

served shape during large deformation, shear modulus

can be extracted on the basis of the foregoing constitu-

tive assumptions.

The cytosol is assumed to be a fluid which acts to

preserve the internal volume of the red blood cell during
deformation. The viscous energy dissipation of the cy-

toplasm within the red cell filled with concentrated

haemoglobin solution is known to be two orders of

magnitude smaller than that of the membrane [25];

therefore the viscosity of the cytosol is ignored although

the presence of the fluid is simulated in all numerical

models. The volume of the fluid inside the cell was as-

sumed to be constant in all the simulations.

3.2. Computational model

Simulation of cell membrane deformation was per-

formed using the finite element method where the

membrane comprising the phospholipid bilayer and the
Fig. 6. Experimentally determined variation of the axial (�) and transverse

deformation from the present study. The scatter in the axial diameter, shown

larger than that observed in the transverse diameter. Our experiments show th

approximately 30 pN. The change in transverse diameter compares well wit

model (r). Prior studies [2] did not report changes in the axial diameter as
spectrin network was assumed to be an effective con-

tinuum as discussed above. The force was applied at

diametrically opposite ends of the cell. The rigid silica

beads were assumed to be attached to the cell over a

small oval region of 1–2 lm in diameter so that final
contact conditions could be properly simulated. A fully

three-dimensional model of the biconcave cell was con-

structed using an averaged shape estimated from ex-

periment [19,26], where the initial diameter of the cell

was taken to be 7.82 lm. Only half of the cell was

simulated using symmetric boundary conditions with

12,000 three-dimensional shell elements in the finite

element program, ABAQUS [27]. Details of the me-
chanics of deformation including details of the compu-

tational method are provided in [20].
4. Results

When the applied force is smaller than 20–30 pN, the

cell undergoes small elastic deformation (Fig. 6) and in
this regime, our results are similar to those reported

previously in the literature [2]. Large deformation be-

havior begins at a stretching force of about 30 pN.

Based on the change in transverse diameter obtained

from our experiment and using Eq. (4) in Henon et al.

[2], the in-plane shear modulus of the erythrocyte

membrane is found to be approximately 2.5 lN/m for

stretching force below 30 pN. Hence, our shear modulus
estimate is within the range of values estimated in prior

work based on the optical tweezers method [2–4] for

small deformation of the red blood cell. This also

validates our testing methodology on the basis of

which newer experiments on large deformation were

initiated.
(s) diameters of the red cell as a function of stretching force at small

here based on six repeat experiments on different cells, is significantly

at the transition from small deformation to large deformation occurs at

h that previously reported by Henon et al. [2] based on their discotic

functions of stretching force.



Fig. 8. Variation of measured axial and transverse diameter (solid line

with scatter band) of red cell against stretching force of optical twee-

zers during large deformation. The solid and dotted lines represent

computational predictions for the axial/transverse diameter with

ll ¼ 11 and 18 lN/m, and with l0 ¼ 19 and 30 lN/m, respectively,

invoking the hyperelastic constitutive response, Eq. (4), which assumes

constant volume. The computational model uses the three-dimensional

biconcave disk with a contact diameter of 2 lm. Also shown are the

predictions of simulations assuming constant membrane area, repre-

sented by long dashed lines, using the model given by Eq. (3).
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Fig. 7 shows that the observed shape changes are well

matched by computation for which ll was assumed to be

13.3 lN/m (with l0 ¼ 22:5 lN/m). The contact size, dc
was taken to be 2 lm in this set of calculations. The left

column in the figure is a sequence of optical images re-
vealing large deformation response of the red blood cell

at different stretching forces. At 340 pN, the axial di-

ameter of the cell increases by 50% and the transverse

diameter is reduced by more than 40%. The middle

column shows contours of constant maximum principal

strain at corresponding stretching forces; logarithmic

strains at sites of contact between the cell and the beads

can reach values of approximately 100% at a stretching
force of 340 pN. The right column shows one half of the

computed full three-dimensional shape of the cell at

different imposed forces; the structural folding observed

at large strains appears to contribute significantly to-

wards the rapid shrinking in the transverse direction.

Comparisons of predicted and measured changes in

axial and transverse diameters of the cell are plotted in

Fig. 8 for ll ¼ 11 and 18 lN/m (with l0 ¼ 19 and 30
lN/m, respectively). Again the contact size dc was taken
to be 2 lm. Simulations capture experimental trends

over the full range of large deformation. Video images

of both experiment and computation can be seen in the
Fig. 7. Images of the red cell being stretched from 0 to 340 pN. The

images in the left column are obtained from experimental video pho-

tography whereas the images in the center column (top view) and in the

right column (half model 3D view) correspond to large deformation

computational simulation of the biconcave red cell (with ll ¼ 13:3 lN/

m, l0 ¼ 22:5 lN/m). The middle column shows a plan view of the

stretched biconcave cell undergoing large deformation at the forces

indicated on the left. The predicted shape changes are in reasonable

agreement with observations. The color contours in the middle column

represent spatial variation of constant maximum principal strain. The

right column shows one half of the full three-dimensional shape of the

cell at different imposed forces; here, the membrane was assumed to

contain a fluid, which preserved the internal volume.
supplementary information provided with the electronic

archive of [20]. In the computational video images, the

existence of the cytosol inside the membrane prevents

contact between the upper and lower surfaces; some
folding and rotation of the cell membrane, are also

observed which can be seen in the right column of Fig. 7.

Although quantitative comparison of this effect with

experiment is not feasible because of the paucity of

three-dimensional imaging of the deforming cell, it is

evident that large deformation induces severe configu-

rational changes which can lead to apparent changes in

effective structural rigidity.
The in-plane shear modulus ll ¼ 11 to 18 lN/m es-

timated by our analysis using the constitutive descrip-

tion of Eq. (4) for large deformation with optical

tweezers is somewhat higher than the range of values, 4–

10 lN/m, estimated on the basis of the micropipette

aspiration experiments [19,22] where the stress state and

loading mode are significantly different from those of

the present experiments. Alternatively, if we invoke the
constitutive response given in Eq. (3) with constant area

for the cell membrane in our three-dimensional com-

putational simulation, a fixed value of the membrane

shear modulus, l0 ¼ ll ¼ lf 20 lN/m appears to match

the average values of our experimental observations of

variations in axial and transverse diameter of the cell

with the applied force (see Fig. 8). It is interesting to

note that, in their optical tweezers experiments on hu-
man red blood cell membranes subject to maximum

forces of 15 pN, Sleep et al. [3] report membrane shear

modulus values as high as 200 lN/m, which is an order

of magnitude higher than that estimated from micropi-
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pette aspiration experiments. Sleep et al. [3] note that the

membrane shear modulus from micropipette aspiration

is lower than their optical trap results. They postulate

that the aspiration of the cell may have resulted in an

effective phase separation caused by the accumulation of
the integral membrane proteins at the entrance to the

capillary instead of following the membrane flow into

the micropipette [28].

When the stretching force imposed by the optical

tweezers is released at the point of maximum deforma-

tion, the cell returns to its original shape. The elastic

relaxation response during this recovery phase can be

also exploited to infer the viscoelastic properties of the
cell membrane. Adding the viscoelastic term to the

constitutive behavior of the cell membrane, Eq. (3) can

be modified as [25],

Ts ¼
l
2
ðk21 � k�2

1 Þ þ 2g
olnk1
ot

; ð5aÞ

tc ¼
g
l
; ð5bÞ

where g is the coefficient of surface viscosity of the cell
membrane, t is time, and tc is the characteristic time for

relaxation.

On the basis of this equation, Hochmuth et al. [12]

proposed a simple expression to calculate the recovery

characteristic time tc

ðk21 � 1Þðk21;max þ 1Þ
ðk21 þ 1Þðk21;max � 1Þ

¼ exp

�
� t
tc

�
; ð5cÞ

where k1;max is the initial (maximum) value of the stretch

ratio of the red cell. Fig. 9 shows the corresponding best

fit to the experimental data on relaxation using Eq. (5c).
Using relaxation data from eight different experiments,

the characteristic time is estimated to be tc ¼ 0:19� 0:06
s, which is slightly higher than the value of 0.10–0.13 s

estimated from micropipette aspiration experiments.

Taking estimated membrane shear modulus l to be
Fig. 9. Best fit to the experimental relaxation data. Using relaxation

data from eight different experiments, the characteristic time was es-

timated to be tc ¼ 0:19� 0:06 s using Eq. (5c).
approximately 13 lN/m, the corresponding membrane

viscosity, g, calculated from Eq. (5b) and Fig. 9 is about

1.7–3.3 (lN/m) s, which compares well with the litera-

ture values of 0.6–2.7 (lN/m) s found using micropipette

experiments [24]. We also performed three-dimensional
computational simulations of the loading response by

incorporating the viscoelastic term on the right hand

side of Eq. (5a). Taking tc ¼ 0:19 s and an estimated

stretch rate on the order of _k1 ¼ 0:3 s�1 in the current

study, the error caused by ignoring membrane viscosity

during the loading stage is found to be negligibly small.

Thus the results in Fig. 8 appear to capture reasonably

the overall large deformation loading response of the
cell membrane even though the viscoelastic factor is not

considered there.
5. Discussion

We have reported the experimental results of large

deformation induced by direct stretching using the op-
tical tweezers. The new experimental and computational

tools developed in this work collectively provide a

powerful framework with which possible effects of such

factors as disease state, cholesterol, drugs, and envi-

ronment (for example, cigarette smoke, pollution) on

large deformation of cells can be explored for diagnos-

tics and treatment. In this context, it is of interest to note

that experimental studies using optical tweezers have
also been performed recently to measure red cell mem-

brane elasticity after controlled exposure to the malaria

parasite, Plasmodium falciparum [29]. These studies have

shown the feasibility of accurately and systematically

measuring the changes in membrane deformation ca-

pability as a function of time of infestation of the red

blood cell with the parasites. They also point to the

opportunities for establishing possible direct connec-
tions between the deformation characteristics of living

cells and the progression of diseases. It is widely con-

sidered [16] that proteins exported from the parasites

interact with the red blood cell membrane skeleton and

alter its physical properties which, in turn, result in the

progression of the disease. Our preliminary experiments

[29] reveal that the changes in the elastic properties of

the red blood cell membrane can be monitored in a
controlled manner by recourse to the optical tweezers

technique outlined here for probing both small and large

deformation characteristics. The ability of the optical

tweezers technique to allow for full control on the extent

of deformation of cell membrane gives it an added sig-

nificant advantage over existing methods. This versatil-

ity of the optical tweezers which allows the application

of not only varying loads but also multiple point loading
(through the use of multiple traps) makes it an attractive

technique for investigating the deformation of biological

cells.
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The change in the axial diameter plotted in Fig. 8

shows considerable scatter, which may be attributed to

several factors. The life span of a red blood cell in the

body is about 120 days; different samples tested may be

at different stages of their life span. Exact locations at
which the beads are attached to the cell, which cannot be

precisely controlled, and finite contact areas may affect

the cell response. Small variations in the initial size and

shape of the erythrocyte may also contribute to the

observed scatter.

The discussion here on the deformation characteris-

tics of the red blood cell membrane has been based on

continuum formulations. It should be noted that ap-
proaches involving coarse-grained molecular models of

the cell membrane spectrin network have also been

employed to study the large deformation characteristics

of red blood cells. Computations have been carried out

using Monte Carlo simulations on a biconcave-shaped

spectrin cytoskeleton network [30,31]. Such simulations

were performed in conjunction with the micropipette

aspiration experiments where the modulus values were
found to be consistent with the experimentally extracted

ones of 6–9 lN/m. More recently, spectrin-network level

computational models [32] simulating the deformation

of spectrin nodes that surround the cytosol of the red

blood cell have also been performed to determine di-

ameter changes under unidirectional stretching induced

by optical tweezers. These models reveal effective

membrane shear modulus value of approximately 20
lN/m [32].
6. Conclusions

1. Direct stretching of a human red blood cell under

large deformation has been demonstrated using laser

tweezers for biological cells. The maximum stretching
force imposed on the cell was in excess of 400 pN,

nearly an order of magnitude higher than that

achieved previously for deforming the red blood cell

using laser tweezers.

2. Three-dimensional finite element model of the actual

biconcave shape of a human red blood cell were con-

structed and comprehensive computational studies

were performed using the newly constructed model.
The three-dimensional biconcave model matches the

experimental results in both axial and transverse di-

rections for direct stretching of the blood cell. The

spherical model employed in earlier studies [2,3] on

small deformation of red blood cells was shown to

be able to fit only one direction well.

3. Systematic experiments of the relaxation response of

the red blood cell following large deformation stretch
by optical tweezers have also been performed. The

characteristic relaxation time from such experiments

was estimated using a simple viscoelastic model and
was shown to be in the range 0.13–0.26 s, compared

to the value of 0.10–0.13 s extracted from the micro-

pipette aspiration method.

4. Taking the literature values of the bending modulus

to be 1–9� 10�19 Nm, the contribution from the
bending modulus to the overall deformation is found

to be nearly negligible, especially at large strains.

5. The large deformation elastic response of the cell was

determined in the present work using several different

constitutive models. When the three-dimensional

computational simulations of cell deformation, which

take into account the biconcave shape, a volume-

preserving fluid medium (cytosol) in the cell interior,
and realistic contact conditions for the beads used

in the optical tweezers, are used in conjunction with

a hyperelastic constitutive model, the membrane

shear modulus values are found to be in the range

11–18 lN/m at average strains typical of large defor-

mation while initial shear modulus values in the

range 19–30 lN/m. The literature values of 4–10

lN/m at comparable strain levels are extracted pri-
marily from micropipette aspiration experiments,

which entail a very different stress state and boundary

conditions compared to the present method.
Supplementary material

Videoimages of blood cell deformation during the

optical trap experiment as well as movies of three-di-

mensional computational simulations of the experi-
ments can be seen by accessing the website in the

supplementary material provided along with the elec-

tronic archive of the companion paper [20].
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