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ABSTRACT Mechanosensitivity in living biological tissue is a study area of increasing importance, but investigative tools are
often inadequate. We have developed a noncontact nanoscale method to apply quantified positive and negative force at defined
positions to the soft responsive surface of living cells. The method uses applied hydrostatic pressure (0.1–150 kPa) through a
pipette, while the pipette-sample separation is kept constant above the cell surface using ion conductance based distance
feedback. This prevents any surface contact, or contamination of the pipette, allowing repeated measurements. We show that we
can probe the local mechanical properties of living cells using increasing pressure, and hence measure the nanomechanical
properties of the cell membrane and the underlying cytoskeleton in a variety of cells (erythrocytes, epithelium, cardiomyocytes and
neurons). Because the cell surface can first be imaged without pressure, it is possible to relate the mechanical properties to the
local cell topography. This method is well suited to probe the nanomechanical properties and mechanosensitivity of living cells.

INTRODUCTION

Mechanosensitivity is universally found in biological system

(1), involving mechanosensitive ion channels (2–4), and

many membrane and intracellular molecules and structures,

including the cytoskeleton (5–7) and downstream intracel-

lular signals (8). In many cases the whole cell may be re-

garded as a mechanosensor, and cellular mechanosensitivity

is a study area of rapidly increasing importance (9). This

demands continued development of investigative tools ca-

pable of probing the mechanical properties of membranes

without damaging them, which is a challenge. Cells have a

soft membrane supported by an internal cytoskeleton, thus

the cell membrane is easily damaged if too large a force is

applied. Also, as cell structure is not homogeneous, the local

membrane mechanical properties will vary with the local site

of the probe and the variation in mechanical properties is very

likely to be related to cellular function.

The mechanical properties of cells have been measured

using four main methods: micropipette aspiration (10), op-

tical tweezers (11,12), microrheological methods based on

single particle tracking (13), and atomic force microscopy

(AFM) (14–23). However, AFM is the only method that has

been used to map the local mechanical properties of a range

of different cells on a nanoscale (14–23) and relate this to the

cell topography. The mapping requires direct contact be-

tween the probe and the cell surface, and the membrane can

adhere to the probe, which may contaminate the probe

making repetitive experiments impossible. Furthermore, it is

difficult to determine when the AFM probe first comes into

contact with the soft cell surface (24). Hence, it is difficult to

determine how much the cell is deformed during the mea-

surement and to measure the cell topography without any

deformation. To reduce the forces on the cell surface and to

have a probe of defined geometry a bead of 1–30 mm di-

ameter is often attached to the AFM cantilever (for example

see Lu et al. (17)). This, however, reduces the spatial reso-

lution. We present, to our knowledge, the basis of a new

method that can be carried out with submicrometer spatial

resolution and where the force is applied without there ever

being contact of the probe with the cell surface. We then

explore its use to measure the mechanical properties of a

range of cell types.
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Our method is based on scanning ion conductance mi-

croscopy (ICM), that uses a pipette as the probe (25–30). The

technique uses the ion current flowing through a pipette to

control the pipette-surface separation (31,32). With the pi-

pette in the bath, the ion current is limited initially by the

resistance of the pipette. However, as the pipette approaches

the surface, reducing the separation, the ion current reduces

further. This reduction is used for distance feed-back control,

and is set at ;1%, i.e., the current is 99% of its maximum

value. This means the pipette is controlled over the surface

at a separation of about one pipette inner radius. This sys-

tem has provided high resolution noncontact imaging of a

number of different living cells and has followed structural

rearrangements of the cell membrane (25–29) and followed

cardiac myocyte contraction (30).

No hydrostatic pressure is applied through the pipette

during imaging of topography, but a major facility of our

system is that pressure can conveniently be applied through

the same scanning pipette probe to study the mechanical

properties of the cell. Fig. 1 A, schematically outlines the

system and depicts the membrane deformation (Fig. 1 B)
during hydrostatic pressure changes (0.1–150 kPa) applied

via the pressure port to the cell surface. The deformation of

cell surface invokes the distance feedback control, adjusting

the pipette position to keep the reduction in ion current

constant. The pipette’s position, h, is thus a function of ap-

plied pressure and the mechanical properties of the local cell

surface underneath the pipette, and we can, noninvasively,

locally indent or evert the cell surface. First, we carried out

experiments on model samples of known mechanical prop-

erties to quantify the force exerted on the sample on the ap-

plication of pressure. We then validated our method by

applying it to a red blood cell and then applied it to epithelial

cells, cardiomyocytes, and neurons.

MATERIALS AND METHODS

Scanning ICM microscopy

These experiments were carried out using a scanning ICM (Ionoscope

Limited, London, UK) as described previously (30). Briefly, the ICM uses a

pipette as a scanning probe arranged perpendicularly to the sample, mounted

on a three-axis piezo translation stage. The scanning ICM feedback control

system keeps the ion current through the pipette constant to approach and

scan over cells, while maintaining a constant separation distance of ap-

proximately the pipette internal radius from the cell surface. This is done by

modulating the pipette sample separation and using the resultant ac signal

normalized by the dc current for distance feedback control. The frequency of

the modulation used was 200 Hz, so the feedback is significantly faster than

the rate of pressure application in these experiments, ;0.1 Hz. The currents

in these experiments were in the range 0.5–10 nA. These currents flow be-

tween the electrodes in the pipette and in the bath. As we have shown pre-

viously, ion channel activity does not affect the distance feedback control,

because the current generated by an ion channel opening is several orders of

magnitude smaller than the current passing through the pipette. Likewise,

there is no voltage drop across the cell membrane that could trigger ion

channel activity (see Supplementary Material in Shevchuk et al. (29)). The

scanning ICM produces a 3D topographical image of the cell membrane

during scanning, and then the pipette can be moved accurately to an area or a

specific structure of interest. To apply hydrostatic pressure, the pipette was

mounted in a patch-clamp electrode holder (Harvard Apparatus, Kent, UK).

Positive or negative hydrostatic pressure can be locally supplied through the

pressure port of this holder via tubing and a syringe. In our initial experiments

the syringe was moved manually and the pressure was recorded using a

PM100D pressure manometer (World Precision Instruments, Stevenage,

UK). In later experiments the syringe was moved using a dc motor that al-

lowed more reproducible changes in applied pressure. The applied pressure

was digitally recorded along with corresponding changes in the pipette po-

sition that occur while ICM distance feedback followed the resulting local

movements of the cell surface. All experiments were carried out at 20�C.
The ICM nanopipettes were pulled from borosilicate glass capillaries

(Intrafil, 1.0 mm OD3 0.58 mm ID; Intracel Ltd, Hertz, UK), using a laser-

based electrode puller (P-2000, Sutter Instrument, Novato, CA). The half

cone angle of the pipettes was 1.5–3�. The preparation of the cells used in this
study is described in Supplementary Material, Data S1. The pipettes that

were used to carry out the mechanical stimulation to living cells had an

electrical resistance of 13–25 MV when submerged in the L15 medium.

Materials

Rectangular AFM cantilevers, 100 um long and 30 um wide were used for

calibrating the force exerted by the pipette (BioLever, Asylum Research,

Santa Barbara, CA). Their spring constants were measured using the thermal

noise method (33) as k¼ 5.46 0.5 nN mm�1. For the pressure experiments,

the cantilevers were oriented with the tip pointing away from the pipette. A

Triangular 320-mm Microlever Probe (Veeco Instruments, Cambridge, UK)

with a nominal spring constant of 0.01 Nm�1 was used for the experiment to

determine the dependence of the applied force with pipette radius.

Decane (Sigma-Aldrich, Steinheim, Germany) was dabbed on a clean

petri dish using a borosilicate glass capillary. NaCl phosphate buffer solution

FIGURE 1 Noncontact mechanical stimulation by the scanning ICM. (A)

Schematic diagram of the ICM. While the pipette scans the cell membrane,

the ICM feedback control system uses the ion current between the bath and

pipette electrodes to keep the pipette-surface distance, z0, constant. (B)

Positive or negative hydrostatic pressure is noninvasively applied to the cell

surface via the pressure port. Consequent deformation of the cell surface

invokes the distance feedback control to adjust the pipette position, to keep

z0 constant and the change in pipette position, h, is measured and recorded.
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(150 mM) containing 1 mM NaN3, 10 mM Na2HPO4, pH 7.2 was pipetted

into the dish, and small decane drops remained adhered to the dish surface.

Sodium dodecyl sulphate (BDH Laboratory Supplies, Poole, UK) was added

to achieve the desired concentrations.

Modeling

Theoretical calculations of the fluid flow through a nanopipette were carried

out using finite element modeling (FEM). The incompressible Navier-Stokes

equation was solved using COMSOL Multiphysics software (version 3.3,

FEMLAB GmbH, Goettingen) with the fluid dynamics module. The model

geometry was axially symmetric and consisted of the interior of a conical

pipette (axial length L ¼ 1 mm, half cone angle u ¼ 3�) and of the exterior

fluid volume above a flat sample surface (5 mm in axial and 5 mm in radial

direction). The boundary conditions were ‘‘normal flow’’ and ‘‘normal

pressure’’ at the pipette backside opening, ‘‘neutral’’ at the model borders at

the volume above the sample and ‘‘no-slip’’ at the pipette walls and on the

sample surface. The FEM mesh was refined three times, consisted of 14,912

triangular elements and 69,727 degrees of freedom, and was solved with the

direct (UMFPACK) linear solver (solving time ;20 s). The density of the

fluid was assumed as r ¼ 103 kg/m3 and the viscosity as h ¼ 10�3 Pa s.

RESULTS AND DISCUSSION

Calibration of force exerted via the pipette

First we calibrated the ICM using an AFM cantilever with

measured spring constant of 0.0054 Nm�1 using pipettes

with radii 100–1000 nm positioned at the tip of the cantilever.

The pipette inner radius, ri, can be estimated from the formula

published previously (34);

Rpipette ¼ 1

pjritanu
; (1)

where Rpipette is the pipette resistance, u is the half cone angle
of the inner wall of the pipette and j is the conductance of the
solution. This formula assumes that the access resistance,

which depends on the pipette geometry, is zero. The access

resistance contribution to Rpipette was found to be ,4%,

so this assumption is valid. The formula was verified ex-

perimentally using scanning electron microscopy for small

pipettes or optical microscopy for the pipettes of large di-

ameters (data not shown). Increasing the hydrostatic pressure

applied to the pipette increases the force on the cantilever

so it bends, and we can monitor this by measuring the

corresponding change in pipette position, h, because the

distance feedback control adjusts the pipette position to keep

constant separation, z0, between the pipette and the cantilever
as shown in Fig. 1. Fig. 2 B shows the change in applied

pressure with time and the corresponding change in the

position of the tip of the cantilever. Control experiments over

a glass coverslip showed no detectable change in pipette

position with applied hydrostatic pressure (data not shown).

Because the control signal for ICM feedback is normalized

by the dc current, we also detected no change in pipette po-

sition over glass when increasing the applied voltage. When

the same experiment was carried out over the cantilever, we

also observed no change in position with voltage showing

that there are negligible forces exerted by the electro-osmotic

flow without the application of hydrostatic pressure (data

not shown). This was confirmed by the observation that

we obtained identical pressure-displacement curves (as the

one shown on Fig. 2 D) with positive and negative voltage

that reverses the direction of electro-osmotic flow (data not

shown).

FIGURE 2 Force calibration. (A) Schematic of

the calibration of the force exerted by the pipette on

a cantilever with the application of hydrostatic

pressure. (B) Graph of a triangular pressure pulse

(applied via the pipette) with time. Pressure bends

the cantilever tip (spring constant 0.0054 Nm�1),

and the system measures the pipette’s position, h.

(C) Linear relationship between the distance and

pressure, using pipette with 3.2 MV resistance for

z0 of 310 nm (steeper line) and 900 nm (flatter

line). (D) Plot of the pressure versus the exerted

force and the cantilever displacement using a 21

MV pipette. This shows a linear dependence like

in C and also that negative pressure bends the

cantilever in the opposite direction. (E) Calibration

curve of pressure/force versus the pipette resistance

and pipette radius for a fixed pipette-sample sepa-

ration of half the inner radius. (F) Plot of F/F0, the

ratio of the force on the cantilever to F0, the force

given by DP pr2i , as a function of the pipette-

surface separation maintained by the distance feed-

back control during the pressure ramps. The calculation

of the force and fluid flow from finite element mod-

eling are also shown for comparison (solid and

dashed line, respectively). For the modeling, ri ¼
1 mm, ro¼ 1.5 mm, u¼ 3�, Dp¼ 100 kPa, and h¼
1 mPa s.
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The relationship between the cantilever displacement and

applied pressure was linear, with no hysteresis (Fig. 2 C).
However as shown in Fig. 2 C the force exerted depended on

z0 and the exerted force increased when z0 was reduced. It is
also possible to apply negative pressure and deform the

cantilever in the opposite direction (Fig. 2 D). We made a

series of measurements with the same pipette. The pressure

was ramped and the deformation of the cantilever measured,

with the distance feedback maintaining different values of z0,
up to a separation where distance feedback control became

unreliable. We obtained the dependence for the force applied

to the cantilever with z0, the pipette-surface distance main-

tained by the distance feedback control, as shown in Fig. 2 F.

Modeling

To investigate the observed distance-dependence of the force

on the cantilever in Fig. 2 F we modeled the fluid dynamics

inside and just outside the pipette tip. The fluid flow through

the pipette can be calculated analytically. Based on the

Hagen-Poiseuille law the equation relating the flow I0 through
a pipette to the pressure drop DP over the pipette is:

Io ¼ 3ptanu

8h
r
3

i DP; (2)

where DP is the hydrostatic pressure difference applied

between the pipette backside opening and the bulk liquid,

ri is the inner opening radius of the pipette tip, u is the half

cone angle of the inner wall of the pipette, and h is the

viscosity of the fluid. Note that I0 is independent of pipette
length (for L � ri). For example, ri ¼ 1 mm, u ¼ 3�, h ¼
1 mPa s (water), and DP ¼ 100 kPa results in a flow of I0 ¼
6 3 10�12 m3/s ¼ 6 nL/s. For a nonzero flow through the

pipette, the pressure in the pipette decreases toward the tip.

To obtain the force exerted onto a flat, undeformable

sample, like the cantilever, as a function of tip-surface sep-

aration, z0, we modeled the fluid flow in the pipette and in the

tip region in vicinity to the surface with finite element

modeling (FEM). The pipette is taken as tapered with a half

cone angle u ¼ 3�, an inner opening radius ri ¼ 1 mm, an

outer radius ro¼ 1.5 ri and a length of 1 mm. At the backside

opening of the pipette a pressure of 100 kPa is applied. The

walls of the pipette and the sample surface are defined as

‘‘no-slip’’, which means fluid velocity is zero there. From the

FEM model we obtain the distribution of the hydrodynamic

pressure (Fig. 3 B). The hydrodynamic pressure at the sample

surface varies both laterally and with the pipette vertical

position. For example, with z0 ¼ 0.5 mm the maximum

pressure on the sample surface is �50 kPa, about half of the

applied pressure. Laterally, it is about constant for jrj, ri and
decreases approximately linearly to almost zero at jrj ¼ ro.
The flow is laminar and the distribution of the flow velocity is

shown in Fig. 3 A. The pipette length modeled here is more

than sufficient, because the dominant viscous effects occur in

the lower narrow tip of the pipette. Also, the size of the outer

fluid domain modeled is sufficiently large, because the

pressure and fluid velocity drop quickly at increasing dis-

tances from the contact region (Fig. 3).

The flow at the pipette is dominated by viscous forces

(corresponding to low Reynolds numbers). Therefore, the

acting forces can be obtained directly from the axially sym-

metric pressure distribution P(r) (Fig. 3 B). Thus, the total

normal force on a flat, undeformable sample surface can be

obtained by integration over the radius r:

F ¼ 2p

Z N

0

PðrÞ rdr: (3)

From several FEM calculations with varying z0 we obtained
the force exerted on the cantilever (Fig. 2 F, solid line) and
the fluid flow (Fig. 2 F, dashed line) as a function of pipette-
surface distance. The force becomes maximal when ap-

proaching zero distance (z0 / 0) because the flow becomes

infinitesimally small and no pressure drops over the pipette

due to viscous friction at its walls. At small pipette-surface

distances the total force is larger than simply pressure

multiplied by pipette opening area F0 ¼ DP pr2i ¼ 0.31 mN,
because of nonzero pressure underneath the pipette walls at

ri , jrj , ro. As the pipette-surface distance increases, fluid
flow increases, and because the pressure drop over the pipette

rises proportionally to the flow (Eq. 2), the pressure reaching

the tip and therefore the force exerted on the sample surface

decreases. At large pipette-sample-distances (z0 / N), the

flow I approaches the saturation value I0 ¼ 6 nl/s given by

Eq. 1. Note that the force does not approach zero for z0/N
but remains at �1% of F0 due to inertial effects as the

Reynolds number is small but nevertheless larger than zero.

This calculation matches the experimental data on the can-

tilever very well as shown in Fig. 2 F.
We can also use this model to estimate the shear stress

(shear force per unit area) exerted on the surface. The shear

stress is given by the viscosity,h, multiplied by the derivative

with respect to z of the velocity component tangential to the

surface, dvr/dz:

FIGURE 3 Finite element modeling. Pressure distribution (A) and abso-

lute value of fluid velocity (B) of viscous fluid flow through a pipette in close

proximity to a flat sample surface (ri ¼ 1 mm, ro ¼ 1.5 mm, u ¼ 3�, z0 ¼ 0.5

mm, h ¼ 1 mPa s, DP ¼ 100 kPa).
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F=A ¼ h dvr=dz: (4)

From the calculated velocity field (Fig. 3 A) it can be seen that
the shear stress is zero centrally below the pipette. It is

maximal at r¼ ri where dvr/dz¼12 s�1, yielding a maximum

shear stress of 12 nN/mm2.

Force generated on a deformable surface

We next carried out experiments on oil droplets of decane, as

a model of a cell surface that can be deformed on application

of pressure. This surface has a known surface tension of 0.05

N m�1 giving a spring constant, k0 of 0.062 N m�1 (35) al-

lowing us to directly quantify the force we exert on a soft

deformable surface using the pipette and how this depends on

the pipette-sample separation, z0. Typical data are shown in

Fig. 4 B, again showing a linear dependence of deformation

with applied pressure. Assuming the force applied by the

pipette is given by DP pr2i ; the data in Fig. 4 B can be used

to determine the apparent spring constant of the surface,

k. Similarly to the case of the cantilever we observed that

smaller pipette-sample-separations, z0, result in larger sample

deformations/deflections and larger values of k/k0 (Fig. 4 C).
When k/k0 equal one, the applied force must actually be equal

to DP pr2i : This occurred at greater separations from the

surface than for the AFM cantilever; 0.4 ri for the cantilever
(Fig. 2 F) compared with ;1.1 ri for the oil droplet (Fig.

4 C). Presumably this is because deformation of the droplet

decreases the flow and hence increases the pressure at the

surface. This experiment shows that, when the pipette is con-

trolled above the surface with a separation z0 of 1.1ri, the
force developed at the surface is equal to DP pr2i ; and if a

different separation is used, then the data in Fig. 4 C can

be used to determine a correction factor. Note that above a

critical force the dimple formed in the surface of the oil

droplet collapses due to the force applied via the pipette, as

shown previously (36). This occurs approximately when the

dimple has a radius of r0 so the pressure required is 2g/r0.
This collapse means that it is not possible to apply pressure

ramps when the pipette is too close to the surface and limits

measurements to larger separations and also limits the max-

imum pressure that can be applied.

Repeated experiments (n ¼ 14) on decane oil droplets,

with the value of z0 kept at 1.1 ri,. gave a mean value for the

spring constant of 0.065 6 0.040 N m�1. The mean value is

close to the value measured by AFM (35) showing the ac-

curacy of the method. The major source of the variation is

probably variation in the shape of the pipette tip, so that the

inner pipette radius is not exactly inversely proportional to

the pipette resistance as stated by Eq. 1. Because the appli-

cation of pressure is under computer control it is also possible

to systematically change the rate of pressure application.

Experiments on decane showed no variation in the measured

surface tension with rate of pressure application from 1.4–

10.9 kPa s�1 (data not shown).

We then measured the spring constant of a decane oil

droplet in the presence of 10 mM of the surfactant sodium

dodecyl sulfate (SDS), which will reduce the spring constant,

k0, to 0.012 N m�1 (35). Representative results show the

same linear dependence as in the absence of SDS (Fig. 4 B).
As shown in Fig. 4 C the functional dependence of the ap-

parent spring constant with pipette-sample separation, z0, was
similar in the presence and absence of SDS. These are the

same within the experimental error in estimating the pipette

inner radius from the pipette resistance. Importantly in both

cases we find that the apparent spring constant at the normal

control distance of an inner radius is close to the measured

value. These results show that over a deformable surface the

pipette only needs to be an inner radius away from the surface

before the full pressure is developed at the surface, so that the

applied force is then equal to DP pr2i : The main error in the

application of this equation is the estimate of the pipette ra-

dius from the pipette resistance.

Pressure response of red blood cells

Having established the quantitative relationship between

pressure applied to the pipette and the force exerted for pi-

pettes of different resistances, we then measured the me-

chanical response of a red blood cell, as diagrammed in Fig.

FIGURE 4 (A) Schematic of the experiment. (B)
Representative data from an experiment measuring

the deformation of the oil droplet with pressure at

different values of z0 in the absence and in the

presence of 10 mM SDS. (C) Ratio of the apparent

spring constant, k, to the real spring constant, k0,
when pressure is applied to a pipette at different

normalized separations n, z0/ri, from the surface of

a decane droplet. The experiment was carried out

under salt solution with and without 10 mM SDS

and ri was 0.75 mm. k is calculated assuming the

force exerted on the droplet is given by DP pr2i : It

is not possible to make measurements with a sepa-

ration smaller than a pipette radius due to collapse

of the dimple in the surface of the oil droplet.
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5 A. The mechanical response of red blood cells has been

measured by AFM, allowing direct comparison with our re-

sults. Fig. 5 B shows a typical experiment where a pressure

ramp is applied to the cell, via the pipette, and the deforma-

tion this produces was measured by monitoring the position

of the pipette. This was done under distance-feedback control

so that constant separation, z0, is maintained between the

pipette and cell surface during the experiment and the cell

cannot contact the pipette. The cell deforms linearly with

applied pressure. It returns to prepressure position, on pres-

sure reduction (data not shown) and hysteresis was observed

in many cases. Fig. 5 C plots pressure versus deformation.

Because we are controlling at the pipette inner radius over a

soft deformable surface we assume that the full pressure, DP,
is developed at the surface over a circular region of radius ri,
as we found on the oil droplets. Johnson (37) has shown that

for uniform pressure, DP, applied over a circular region of

radius ri on a flat, semi-infinite elastic half space the vertical

displacements h(r) are given by:

hðrÞ ¼ 4ð1� v2ÞriDP
pE

Eðr=riÞ ðr, riÞ; (5)

where n is the Poisson ratio and E is the modulus of elasticity

(Young’s modulus) and E(r/ri) is the complete elliptic in-

tegral of the second kind evaluated at r/ri. The displacement

at the center of the region is 2(1 � n2) ri DP/E whereas it

is smaller at the edge, 4(1 � n2) ri DP/(pE). The average

displacement of the circular region, havg, assumed to be the

distance measured by the pipette, is given by

havg ¼ 16ð1� n
2ÞriDP=ð3pEÞ: (6)

Thus the gradient of pressure versus distance, which should

be a straight line, can be used to calculate E. Assuming

an incompressible material and small strains then n is 0.5.

Therefore the example in Fig. 5 B gives an apparent Young’s

modulus of 4.2 kPa. This is referred to as an apparent

Young’s modulus because the assumption of a homogeneous

elastic planar substrate is clearly not the case for a cell. The

average of 20 measurements gives an apparent Young’s

modulus of 4.4 6 0.6 kPa (n ¼ 20), in good agreement with

the literature values of 4.9 6 0.5 kPa (19) and 4 kPa (38).

This result validates the use of this method for the noncontact

measurement of mechanical properties of cells.

Mechanical properties of epithelial cells

We then studied the mechanical properties of a range of

different cells. The response of the cell depends on both the

rate of application of force and the extent of deformation. In

all these experiments we used slow pressure ramps, around

0.1 Hz so that the probe velocity is around 0.1 mm s�1, so as

to obtain high signal/noise data and allow comparison be-

tween different cells and because, under these conditions,

cells have shown to be most elastic (17,39). Higher rates of

force application generally lead to increased viscoelastic

behavior. This means that initial deformation of the cell was

carried out under rates of deformation that allow comparison

with AFM studies reported previously.

First, we studied the mechanical properties of epithelial

cells because these cells are required to resist mechanical

forces. A6 toad epithelium kidney cells were grown on filters

in a confluent layer (Fig. 6 A). A typical plot for mechanical

probing of these cells is shown in Fig. 6 B. The live cell

appears soft initially, at low applied pressure, and then is

more resistant as the size of the deformation increases. We

found that the cell shows hysteresis—the return to its original

position is slower and typically took up to 10 min and was

observed to return to its original position in at least 30 cases.

The data can be analyzed in an identical way to the red blood

cell to obtain the apparent Young’s moduli. We found that

the cell has an initial apparent Young’s modulus of 4.5 kPa,

increasing to 7.8 kPa after deformations of 750 nm (Fig. 6D).
These values are in agreement with previous reports onMadin-

Darby canine kidney epithelial cells where the Young’s

modulus was 5–7 kPa (40).

High resolution scanning ion conductance microscopy

(SICM) imaging of A6 cells (27) shows that fixation leads to

reductions in the cell height. At the same time, the lateral

dimensions of the cells change very little due to the attach-

ment of the cells to the surface and adjacent cells. We found

that the pipette moves down by ;2.5 mm when the A6 cells

are fixed (Fig. 6 C), confirming that the cell has shrunk

vertically. Fixation also makes the cell significantly harder.

The mechanical behavior of the fixed cell is also very dif-

ferent. A fixed cell has an initial high apparent Young’s

modulus of 800 kPa at small displacements, which then

decreases to 80 kPa at larger displacements (Fig. 6 E),
suggesting some breakdown or yielding of a mechanical

FIGURE 5 Red blood cell response to pressure. (A)

Schematic diagram of the calibration of the force exerted

by the pipette on a red blood cell. (B) Plot of applied

pressure and resulting cell deformation with time. Only data

with increasing pressure are shown. The cell deforms linearly

as pressure is applied. (Inset) Phase contrast image of the red

blood cell. The black-dot in the center is the position of the

tip of a 21 MV resistance pipette. (C) Plot of pressure versus
distance, from the experiment in B.
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structure. Fixation clearly results in the cell surface shrinking

and becoming more rigid, as flexible structures are locked in

place as illustrated in Fig. 3 F. A similar hardening of red

blood cells (15) and kidney cells (41) with fixation has been

found with AFM. In live cells the mechanical response of the

cell membrane shows a relatively low Young’s modulus for

small indentations. With further indentation the Young’s

modulus increases possibly due to the membrane interacting

more strongly with the underlying cytoskeleton. A prominent

hysteresis (Fig. 6 D) is probably due to the slow breaking of

the interactions between the plasma membrane and under-

lying cytoskeleton that may well involve an active cellular

process over the 10 min recovery period.

There are independent data supporting this suggestion.

The stiffness of kidney epithelial cells has been studied as the

osmolarity of the solution is changed (41). Hypertonic so-

lution led to the cell shrinking in size and the Young’s mo-

dulus increasing as the cell membrane collapsed onto the

cytoskeleton. Hypotonic solution led to the cell swelling and

the Young’s modulus decreasing due to detachment of the

cell membrane from the cytoskeleton. Furthermore, Pesen

and Hoh (22) have also interpreted their mechanical mea-

surements of endothelial cells as a soft region of a few hun-

dred nanometers over an intertwined fine and coarse cortical

mesh that is consistent with the model presented here.

Mechanical properties of cardiomyocytes

We then studied rat cardiomyocytes under conditions where

there were no spontaneous contractions (see Data S1 for de-

tails). With zero applied pressure, we have previously pro-

duced SICM images showing that cardiomyocytes have

repetitive scalloped topographic features (42), as shown in

Fig. 7, A and B. On application of pressure, the cell indents

with clear differences between the first 200 nm of deforma-

tion and the following larger indentations (Fig. 7, C and D).
The average of 10 experiments shows that the initial apparent

Young’s modulus is 1.4 kPa and a later apparent Young’s

modulus of 3.0 kPa (Fig. 7 E). Note that the scallop region is
still relatively flat with a vertical dimension of ;0.2 mm
compared with a lateral dimension of 2 mm, so the two dif-

ferent apparent Young’s moduli are probably related to the

internal structure of the cell. The initial deformation may also

involve the mitochondria just under the cell membrane.

These values obtained are lower than those previously re-

ported for rat cardiomyocytes, around 30 kPa (18). This may

reflect differences in the tip size used, the state of the cells

because more physiological conditions were used in this

study, and the loading rates. In previous work the lowest

probe velocity used was 0.6 mms�1 whereas in our studies it

is significantly slower.

We have shown previously that ICM can be used to mea-

sure cardiomyocyte contraction (30). Here we have shown

that pressure applied via the pipette can mechanically stim-

ulate contraction of the cardiomyocyte that can be detected

by both optical microscopy and ICM (Movie S1). The

method seems to have potential to probe mechanosensitivity

in detail, without cell contact, by applying controlled forces,

and will be studied in more detail in a future study. This

method would build on our previous work where we stimu-

lated neurons, without contact, by application of pressure

(43). We now know and can control the magnitude of the

FIGURE 6 Epithelial cell response to applied pressure. (A) Schematic diagram. (B) Plot of applied pressure and resulting deformation distance with time. (C)
Same experiment on the same cell as in B but with the cell now fixed. The data are presented on the same scale for comparison. (D) Pressure-deformation curves

for the live cell experiment in B. (E) Pressure-deformation curves for the fixed cell experiment in C. (F) Schematic diagram showing changes with fixation.
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applied force. This work could be extended to map the lo-

cations of mechanosensitive ion channels, in a similar fashion

to that used to map ATP dependent K1 channels (44). The

probe would apply local pressure (instead of K1) while

scanning the cell surface. A second patch pipette measures

changes in whole cell currents as the probe scans over and

activates a mechanosensitive channel. AFM probes have been

used previously to activate cells by local application of force

and detection of activation by measurement of increased in-

tracellular calcium (45). Our method, however, has the ad-

vantage that the force is applied without contact with the cell

surface, allowing the whole cell surface to be scanned.

Pressure response of neurons

We applied our method to a ‘‘softer’’ cell, by probing the

body of cultured rat dorsal root ganglion (DRG) sensory

neurons using both positive pressure (Fig. 8 A) and negative

pressure (mild suction) (Fig. 8 B). Fig. 8C shows the pressure

versus distance curves with two different linear gradients.

The softer initial gradient, shown by the thin dotted line,

gives an apparent Young’s modulus, E1, of 0.5 kPa whereas

the later, harder gradient gives an apparent Young’s modulus,

E2, of 6.9 kPa. Negative pressure gives a similar soft apparent

Young’s modulus, E�, of 0.4 kPa. We then carried out the

same experiment at four different positions on the cell surface

as shown in Fig. 8 D. Fig. 8 E shows the result of 20 such

experiments. The apparent Young’s moduli with suction was

the same as the initial apparent Young’s modulus measured

with positive pressure, within experimental error. At larger

deformations, a second higher apparent Young’s modulus

was measured. The initial value we have measured is in good

agreement with that measured by AFM on neurons, around

0.48 kPa at the lowest loading rates used. These experiments

also showed that the Poisson ratio was close to 0.5 (17).

However, the AFM experiments used only small deforma-

tions that were limited to a fraction of the radius of the bead

attached to the AFM cantilever (;3 mm). Therefore, the

higher Young’s modulus was not observed. Our interpreta-

tion of the two different apparent Young’s moduli obtained

by the ICM technique is that with an indentation of about a

micrometer, resistance increases when the membrane en-

counters additional interactions with the underlying cyto-

skeleton and/or the nucleus. As shown schematically in Fig.

8 F, there appears a submembrane space of about a micrometer

where there are few interactions between the cell membrane

and cytoskeleton that gives rise to the initial low apparent

Young’s modulus. The apparent Young’s modulus then in-

creases by about an order of magnitude as the cell is de-

formed to a greater extent. There can be a contribution to the

measured Young’s modulus from the harder underlying

substrate (46,47). This should result in a smooth increase in

apparent Young’s modulus with deformation, unlike the

sudden change we observe here. Furthermore, the sudden

order of magnitude increase we observe occurs at deforma-

tions of only 10–20% of the initial cell height and was much

greater than predicted if it was due to a substrate contribution

alone (46,47). This sudden large increase in Young’s mo-

dulus is caused when the underlying cytoskeleton or the

nucleus is encountered. Further experiments are clearly re-

quired to test this interpretation but we note that a great deal

of the studies of cell structure have been carried out on fixed

cells where the shrinkage of the membrane would make any

submembrane space undetectable.

FIGURE 7 Mechanical properties of rat cardio-

myocytes. (A) A phase contrast image of the used

rat cardiomyocyte with diagrammed pipette. (B)

ICM image of the dotted-square region of cardio-

myocyte marked in the phase contrast image A.
Repetitive topographic scallop features are locally

probed to measure their mechanical properties. (C)

Plot of applied pressure and resulting cardiomyo-

cyte deformation with time. (D) Plot of pressure

versus deformation, from experiment in C. The

curves have two linear gradients (1 and 2). (E)

Young’s modulus (elastic modulus) E1 and E2 of

the two components (1 and 2) in D. Bars ¼mean6
SD of 10 experiments.
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These results indicate that our method can exert suffi-

ciently small forces to resolve the mechanical properties of

the different mechanical elements that make up the cell. This

has an advantage over other methods, such as AFM, that

require contact with the cell surface to exert force, and hence

there must always be a significant, albeit small, initial force

applied at the start of measurement and therefore the soft cell

surface may be predeformed before the start of the mea-

surement. As we have shown in this work, larger deforma-

tions are possible, without contact with the cell, allowing us

to probe the underlying cytoskeleton. In addition, because the

pipette never touches the cell surface, it does not get con-

taminated, and repeated experiments are possible at different

positions on the cell surface in one experiment. Typically,

one pipette can be used for at least several hours before it

needs replacing, due to fouling as detected by a change in

pipette resistance. In future work, we can use this method to

explore the cellular response in more detail by changing the

rate of applied pressure and the use of drugs to prevent actin

polymerization or depolymerize the already formed actin

cytoskeleton. This work can be straightforwardly extended to

mapping of the mechanical properties by carrying out a series

of point measurements at different positions or scanning the

cell first with no applied pressure, and then with fixed pres-

sure applied to the pipette, and subtracting the two images.

Mapping and characterization of mechanosensitive ion

channels is also possible without contact with the cell. We

have shown that the force exerted by the pipette, when con-

trolled at the inner radius from the surface is given byDPpr2i ;
so that the method relies on an accurate estimate of the pipette

radius. This formula will be valid only on flat regions of the

cell surface, as studied here. However, on convoluted regions

the assumption that the force developed at the cell surface is

equal to DP pr2i and that Eq. 6 can be used to determine the

apparent Young’s modulus may be inaccurate. The future

extension of the FEM simulations to a soft deformable sur-

face of different shapes would be a great help in determining

how the exerted force depends on the sample topography and

how this in turn modifies Eq. 6. Because the SICM can di-

rectly determine the undeformed cell topography, before the

application of pressure, it should then be possible to correct

for cell topography and more accurately determine both the

applied force and the Young’s modulus. However, whenever

the surface topographic features are much smaller than the

pipette-surface distance, their influence is small because the

velocity of the fluid approaches zero at the surface. Thus

small surface features do not alter the fluid flow and therefore

do not affect the vertical force that is exerted on the surface.

One last point is that the dependence of the applied force on

the square of the pipette inner radius sets a limit to the pos-

sible resolution of any mechanical maps of the cell surface

because there is a limit to the pressure that can be applied via

the pipette. This limit is in the range of 100–300 nm de-

pending on the mechanical properties of the cell.

We have studied three distinct classes of cells—epithelial

cells, cardiomyocytes, and neurons—and found that on ap-

plying increasing force to the cell surface, the calculated

initial modulus of elasticity (apparent Young’s modulus) is

smaller than that measured for larger indentation. Moreover,

the pressure/indentation distance curves show hysteresis and

the recovery takes place on a timescale that may well involve

active processes and remodeling of the cell surface. These

results suggest that parts of the cell membrane are not at-

tached strongly to the underlying cytoskeleton, and these

interactions increase with larger indentations. It is unlikely

that this effect is due to glycocalyx on the cell surface because

the surface of these cells is easily accessible to the patch

pipette and we have carried out single channel recording on

these cells previously (42,44,48). The presence of the sub-

membrane space may provide an additional general mecha-

nism for the cell to detect and respond to small mechanical

forces, for example like those related to changes of osmo-

larity. In our previous study of the mechanisms of aldoster-

one action (49), we suggested that redistribution of the cell

FIGURE 8 Pressure response of DRG neurons.

(A) Schematic diagram of experiments to measure

the mechanical response of a DRG neuron with

positive pressure applied and by applying negative

pressure (suction) as shown in B. (C) Representative
plot of pressure versus deformation for the exper-

iments in A and B. The curves show Young’s mod-

ulus with E� ¼ 0.4 kPa, for the negative pressure,

and with two linear components with different

gradients E1 ¼ 0.5 kPa and E2 ¼ 6.9 kPa for the

positive pressure. (D) Pressure-deformation exper-

iments with increasing pressure carried out at four

different positions on the neuron body showing the

reproducibility of the experiment. (E) Histograms of

20 experiments comparing the Young’s modulus

E-, E1, and E2. Error bars ¼ 1 SD. (F) Schematic

diagram showing the presence of a submembrane

space above the cytoskeleton that explains the

different values of Young’s modulus for E1 and E2.
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volume caused by the observed lateral contraction results in

apical swelling that, in turn, disrupts the epithelial sodium

channel’s interaction with the F-actin cytoskeleton. This

would open the channels, increasing sodium transport. Our

current observation of a submembrane space supports this

hypothesis, and may represent a general mechanism for os-

moregulation. In addition the presence of this ‘‘soft’’ sub-

membrane space may explain some of the difficulties with

imaging of the surface of living cells using the force-based

methods of the AFM.

CONCLUSION

We have presented, to our knowledge, a new noncontact

method of applying controlled force to soft living cell sur-

faces. It is based on the application of positive and negative

pressure via a pipette and measuring the resulting surface

deformation. The method can probe the mechanical proper-

ties of living cells on the nanoscale at defined positions on the

cell surface. We have shown that it can exert sufficiently

small forces to resolve different mechanical elements of the

cell, and that the measured mechanical properties can be re-

lated to the cell topography because the cell surface can be

imaged first using no pressure. This work can be straight-

forwardly extended to noncontact mapping of both the me-

chanical properties of the cell and mechanosensitive ion

channels. This method therefore seems well suited to probe

quantitatively the nanomechanical properties of living cells.
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