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Abstract

Transparent materials do not ordinarily absorb visible or near-infrared light. However,

the intensity of a tightly focused femtosecond laser pulse is great enough that nonlinear

absorption of the laser energy takes place in transparent materials, leading to optical

breakdown and permanent material modification. Because the absorption process is

nonlinear, absorption and material modification are confined to the extremely small focal

volume.

Optical breakdown in transparent or semi-transparent biological tissues depends

on intensity rather than energy. As a result, focused femtosecond pulses induce optical

breakdown with significantly less pulse energy than is required with longer pulses. The

use of femtosecond pulses therefore minimizes the amount of energy deposited into the

targeted region of the sample, minimizing mechanical and thermal effects that lead to

collateral damage in adjacent tissues.

We demonstrate photodisruptive surgery in animal skin tissue and single cells

using 100-fs laser pulses. In mouse skin, we create surface incisions and subsurface

cavities with much less collateral damage to the surrounding tissue than is produced with

picosecond pulses. Using pulses with only a few nanojoules of energy obtained from an

unamplified femtosecond oscillator, we destroy single mitochondria in live cells without

affecting cell viability, providing insights into the structure of the mitochondrial network.

An apparatus is constructed to perform subcellular surgery and multiphoton 3D laser

scanning imaging simultaneously with a single laser and objective lens.
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Chapter 1

Introduction

Since its invention in the 1960s [1], the laser has steadily gained recognition as an

important tool in both basic scientific research and technology. Experiments with lasers

have enhanced understanding of how light interacts with matter; particularly in nonlinear

regimes; lasers were also used to permanently change the properties of materials. The

development of femtosecond pulsed lasers in the 1980s [2, 3] opened up additional

exciting possibilities in many fields. Today, femtosecond lasers are used to study

chemical reactions, probe material properties, image single molecules, and machine a

wide range of materials with great precision.

Femtosecond laser pulses are brief enough that they can be used to examine

processes too rapid to study with other instruments. The time course of bond-breaking in

chemical reactions and electron-electron, electron-phonon, and phonon-phonon

interactions in materials can be probed with femtosecond laser pulses. Focused

femtosecond laser pulses with moderate pulse energy generate high electric field

intensities, which is otherwise difficult to obtain. With such high intensity, extreme

nonequilibrium conditions are created. One example is the almost instantaneous
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generation of a large number of hot electrons in a material with cold ions. The high field

intensity of a femtosecond laser pulse can easily exceed the Coulomb potential (109

W/cm2) that binds electrons to the ionic core in atoms. As a result, valence electrons in

almost any material can be ionized through nonlinear mechanisms such as multiphoton

and avalanche ionization. Ionization causes optical breakdown, permanently modifying

the material [4].

In this thesis we present an experimental study of the interaction of femtosecond

laser pulses with transparent and semi-transparent biological tissues, such as skin and cell

cultures. We explore the potential of using femtosecond laser induced optical breakdown

to precisely manipulate tissue, cells and subcellular structures for medical and biological

research. The remainder of this thesis is organized as follows:

Chapter 2: Propagation of femtosecond laser pulses in transparent materials

This chapter briefly reviews the nonlinear optical interactions which govern how

materials respond to high intensity laser pulses. We describe both self-focusing

phenomena arising from the intensity-dependent index of refraction and mechanisms of

nonlinear ionization which lead to material modification. The different laser systems used

in the experiments are also described.

Chapter 3: Ultrashort laser pulses in turbid tissue

When a powerful femtosecond laser pulse is focused in a material, the high intensity

created at the focus causes nonlinear ionization that can vaporize material in the focal
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volume. In this chapter, we present experimental results on femtosecond laser disruption

of turbid tissues. The optical properties of skin tissue are briefly discussed, and a short

review of existing techniques for laser ablation of tissue, as well as their mechanisms, is

presented. We use a microscope objective lens to tightly focus the femtosecond laser

pulses both on the surface and in the bulk of skin tissues. Both removal of surface tissue

and incision through different tissue layers can be performed with higher precision than

other techniques. We also demonstrate that femtosecond laser pulses can be used to

create cavities in the bulk of a tissue without affecting the tissue surface. The size of the

cavity is determined by the laser energy deposited in the tissue. Applications of precise

tissue surgery with femtosecond laser pulses are described.

Chapter 4: Disruption of subcellular organelles in live cells

The high precision of material modification with femtosecond pulses permits us to target

subcellular organelles in fixed and live cells. Using fixed cell samples, we determine that

the energy threshold for femtosecond laser disruption of structures in cells is on the order

of nanojoules. At this energy, disruption of a single subcellular organelle, such as a

mitochondrion, can be carried out within a live cell without affecting cell viability. We

apply the femtosecond subcellular disruption technique to study mitochondrial

organization in bovine capillary endothelial (BCE) cells.
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Chapter 5: Multiphoton imaging and future directions

Disruption in live cells requires nanojoules of laser pulse energy, which is within the

energy range of a commercially available femtosecond laser oscillator. Furthermore, the

high repetition pulses from an oscillator can be used for multiphoton imaging. Combining

multiphoton imaging with laser photodisruption, therefore permits us to probe subcellular

structures and observe cellular responses with high resolution in three dimensions. We

use a femtosecond laser oscillator modified to produce a 25-MHz pulse train with pulse

energies up to 20 nJ. The high-repetition-rate pulse train can be used for multiphoton

imaging of cell samples; to disrupt target cellular structures, laser pulses can be switched

out using an acousto-optic modulator. Multiphoton imaging has several advantages over

conventional techniques such as epi-fluorescence and confocal microscopies. In this

chapter we describe the physical basis and technical advantages of multiphoton laser

scanning imaging, and explain how it can be combined with femtosecond laser disruption

using a single laser and microscope objective.

Chapter 6: Conclusion and outlook

A summary of the principles involved in photodisruption of biological materials is

presented. Despite extensive research on optical breakdown in transparent materials with

femtosecond laser pulses, many open questions remain. Because biological systems are

intrinsically complex, further studies are needed to better characterize laser-tissue

interactions. Nevertheless, femtosecond laser disruption is demonstrated to be a unique
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and useful tool for precise surgery at both the tissue and subcellular levels. Key results

presented in this thesis are reviewed and future experiments are suggested.
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Chapter 2

Propagation of ultrashort laser pulses in transparent

materials

Propagation of light in a medium is a complex process. Depending on the properties of

the incident light and the material, light can be affected by and can also modify the

material. Because of the ultra-short duration and the resulting high peak power of the

laser pulse we are using in this study, the material response to the incident laser light is

drastically different from our daily experience of light-matter interaction, where light is

produced by either the sun or a lamp. In this chapter, we briefly review some of the basic

physics principles that govern light-matter interaction. We will concentrate specifically

on transparent or nearly transparent materials that have low absorption in the visible to

near infrared range of the electromagnetic wave spectrum.

In the first two sections of this chapter, we exam how the propagation of a laser

pulse with moderate intensity gets affected by the medium and introduce nonlinear

processes such as self-focusing induced filamentation. When the intensity of the laser

pulse gets even higher, optical breakdown can occur and the material is modified by the
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laser light. In the third part of the chapter, we will look at mechanisms responsible for

such permanent modification in transparent materials. A brief overview of the lasers used

in this study will also be presented at the end.

2.1 Linear propagation

The propagation of an electromagnetic wave in a medium is governed by the Maxwell’s

equations (in SI units) [1-3]

,
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where 0ε  and µ0 are the permittivity and permeability of free space. Assuming there is no

free charge, no free current, and the material is nonmagnetic, we can reduce equation

(2.1) using (2.2)
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This is the most general form of the wave equation in optics. In conventional optics when

the electric field strength is small, the polarization vector P is a linear function of E(r,t)

),(~),( )1(
0 tt rErP χε= , (2.4)
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where )1(~χ  is the first order susceptibility tensor, a material dependent parameter. For an

isotropic medium, the linear susceptibility is defined as the scalar quantity )1(χ . This

further simplifies equation (2.4)

0
2

2

2

2
0 =
∂

∂
+×∇×∇

tc

n E
E , (2.5)

where n0 is the index of refraction

)1(
0 1 χ+=n .      (2.6)

2.2 Nonlinear propagation

The linear relation between P and E in equation (2.4) is only an approximation. At high

field strengths, it is no longer valid. The dependence of the polarization on the field

becomes nonlinear and is generally described as a power series of the electric field

...).~~~(
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In isotropic materials, the polarization vectors that are even powers of E have to vanish in

order to satisfy symmetry requirements. Equation (2.7) is thus reduced to
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    (2.8)

In general, the nonlinear susceptibility is a complex quantity relating the complex

amplitudes of the electric field and polarization. The magnitude of )n(~χ  quickly

decreases as the order n increases. For condensed matter, n)()1n( / χχ +  is of the order of

1/Eatom [3, 4], where Eatom is the binding field for the electron and is typically ~108 V/cm.
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Therefore for incident light field with low strength, higher order polarizations are often

neglected, and the observation of optical phenomena due to nonlinear polarizations

requires high intensity laser beams1.

2.2.1 The nonlinear index of refraction

In the case of weak nonlinearity, when the excitation field is far from any resonance, it is

sufficient to truncate the series in equation (2.8) and retain only the third-order term. The

field E  can be made up of several different frequency components, but as a

simplification, let us consider a monochromatic field

€ 

E(t) = Ecosωt .   (2.9)

Substituting Equation (2.9) into Equation (2.8) and retain only the second term P(3), the

third-order polarization, we get

€ 

P(3) =
1
4
χ (3)E3 cos3ωt +

3
4
χ (3)E3 cosωt . (2.10)

The first term in equation (2.10) describes a process called the third-harmonic

generation. The second term describes the nonlinear contribution to the polarization at the

same frequency of the incident field. The total polarization P at the incident frequency

can be expressed as

EEEPPP effχεχχε 0

2)3()1(
0

)3()1( )( =+=+= ,      (2.11)

where we have defined the effective susceptibility

2)3()1(

4

3
Eχχχ +=eff .          (2.12)

                                                  
1 The field strength of unfocused sun light is on the order of ~10 V/cm. Femtosecond laser pulses have peak
power of gigawatts and can easily reach a field strength of ~109 V/cm.
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Substituting equation (2.11) into the wave equation, we get the modified index of

refraction

.
2
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4

3
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0

2)3(
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n
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Rewriting equation (2.13) in terms of the time-averaged intensity of the optical field I, we

have

Innn 20 += ,      (2.14)

where

2

002

1
EcnI ε= ,        (2.15)
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2
00

)3(

2
4

3
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n

ε

χ
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Under high intensity laser irradiation, materials with a third-order susceptibility

will generate an intensity dependent contribution to the index of refraction, an effect

called the optical Kerr nonlinearity. The typical values of n2 for dielectric materials are

small but positive at frequency far from resonance, roughly 10–14–10–17 cm2/W. In our

study, we tightly focus femtosecond laser pulses in transparent or nearly transparent

dielectric materials, which generate high intensity at the focus (1013 W/cm2). The

intensity dependent index of refraction plays an important role in determining light

propagation in the material.
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2.2.2 Self-focusing

The intensity-dependent index of refraction gives rise to an optical phenomenon called

self-focusing. As illustrated in Figure 2.1, when a laser pulse with a gaussian transverse

intensity distribution is incident on a material with third-order nonlinearity, the intensity

profile produces a gaussian transverse refractive index distribution. The material at the

center of laser beam sees a higher intensity and produces a larger index of refraction than

the material at the wings of the beam. As a result, the material is turned effectively into a

positive lens, and tends to focus the incident laser beam. When an external focusing lens

is used, the final focus appears closer to the beam entrance than predicted by the focusing

lens only.



13

In the absence of self-focusing, a beam with finite cross section will also diffract

[3, 4]. Only when self-focusing is stronger than diffraction does the beam self-focus.

Consider the case when diffraction exactly balances self-focusing [3]. For the purpose of

simplification, let us look at a laser beam with a flattop intensity distribution (Figure 2.2),

which induces a n2I in the middle where the beam intensity is nonzero.

In order for a ray to remain within the laser beam, it has to experience total

internal reflection at the boundary between the two regions with different indices of

refraction. Total internal reflection will occur as long as θ, measured relative to the

interface, is less than the critical angle θ0 which is determined by the indices of refraction

of the two regions

nn

n

Δ+
=

0

0
0cos θ . (2.17)

Since Δn is small, equation (2.17) can be approximated by
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On the other hand, the typical magnitude of the diffraction angle of a laser beam at

wavelength λ is

dnd
0

61.0 λ
θ = .    (2.19)

Comparing equations (2.18) and (2.19) we notice that in order for total internal reflection,

thus self-focusing to occur

0
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261.0

n

n

dn

Δ
≤







 λ
.      (2.20)

This implies

.
186.0

20

2
2

nn
Id

λ
≥  (2.21)

Although the nonlinear index of refraction is an intensity dependent phenomenon,

it appears that self-focusing exhibits a power threshold Pcrit (i. e. Id 2 ) instead. This

critical power can be expressed as [5]

,
8

77.3

20

2
0

crit nn
P

π

λ
=    (2.22)

where λ0 is the incident laser wavelength. The typical values of Pcrit for condensed matter

are on the order of megawatts (Pcrit = 4.4 MW for water). For a collimated CW laser

beam, the resulting focus forms at a distance zsf measured from the front face of the

material (see Figure 2.1) [5]
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where 02 λπ=k  is the wavenumber and a0 is the input beam radius. When a focusing

lens of focal length f is used, self-focusing is reinforced by the external focusing. The

modified critical power '
critP  is [5]

  

€ 

Pcrit
' = [0.852 + 0.0219 + (0.367ka0

2 / f )2]2Pcrit .      (2.24)

The corresponding self-focusing distance '
sfz  can be obtained by applying the lens

transformation to zsf in (2.22) [6, 7]
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z
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sf +
=' .   (2.25)

The tendency of a laser beam above critical power to contract due to self-focusing

should eventually lead to a catastrophic collapse of the incident beam [5]. However, a

number of mechanisms also compete with the Kerr nonlinearity. Besides diffraction,

which limits the self-focal diameter to about one optical wavelength [8], the free

electrons generated due to the very high laser intensity achieved at the focus (especially

for short pulses) contribute negatively to the index of refraction and eventually stop self-

focusing [9]. The negative contribution to the index of refraction, Δne, by the electrons

can be estimated from the Drude model

,
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where Ne is the electron density, and ν is the electron collision frequency. An electron

plasma that has a density of ~1017 to 1018 cm–3 induces enough refractive index change to

cancel the Kerr effect n2I [9, 10].

Femtosecond laser pulses have high peak power because of the short pulse

duration. Since self-focusing depends on pulse power instead of intensity, even without

any tight focusing femtosecond laser pulses of a few hundred of nanojoules have enough

power to cause self-focusing. When studying femtosecond laser interaction, it is therefore

necessary to take into consideration the effect of self-focusing.

2.2.3 Filamentation

The high intensity can be created by the self-focused laser beam at the focus can cause

damage in the material. It has been observed that the propagation of powerful laser beams

can produce filaments in air [11-13] and leave damage tracks in solids [14, 15]. Self-

focusing is believed to be the cause of these effects. Although self-focusing of intense

ultrashort laser pulses is not fully understood yet, we present two models in this section

that have been applied to explain the physical processes of filamentation, the self-

channeling model and the moving focus model. When we discuss our experimental

results of laser tissue surgery, we will be dealing with filamentation effects again. A

qualitative analysis will be provided based on one of the following models.
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2.2.3.1 Self-channeling of laser beam

The self-channeling mechanism was proposed by Braun et al. [1] to explain the

filamentation in air of powerful laser pulses. The authors suggest that as the laser beam

self-focuses, a high intensity is reached which causes ionization of the medium. The laser

beam is then stabilized against self-focusing due to the negative index of refraction

induced by the electron plasma that defocuses the beam as discussed in the previous

section. However, some theoretical calculations have demonstrated [5, 16] that self-

channeled propagation is unstable under perturbations and should occur only at precisely

the critical power.

2.2.3.2 The moving focus model

The moving focus model was later proposed as an alternative explanation for

filamentation [17]. The laser pulse is considered to be made up of a longitudinal stack of

infinitely thin transverse slices. Each slice propagates independently of the others and

self-focuses according to its power. As the power of each slice varies successively along

the pulse, the position of the focus moves, resulting in the so-called moving focus as

illustrated in Figure 2.3. The moving focus appears as a filament.
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The motion of the moving foci was indeed observed experimentally using an

imaging technique [15, 18]. Measurements of the energy in a filament at a point along the

filament done by Brodeur et al. revealed that less that 7% of the total pulse energy is

located within the diameter of a filament at any point [19]. This is in direct conflict with

the self-channeling theory, which assumes that all of the pulse energy is trapped in the

filament. The moving focus theory, on the other hand, is consistent with this observation

since the energy measured from only the few slices of the pulse that self-focuses to the

point where the measurement was performed.

2.3 Femtosecond laser induced optical breakdown

When the strength of the incident laser field is comparable to the Coulomb field that

binds the electron to its ionic core, the electron experiences a force of similar magnitude

to the atomic Coulomb force, and can be excited to a free state. Laser ionization of

electrons in gases has been studied extensively, from which the basic understanding of

the ionization processes were obtained [20-22]. In condensed matter, ionization and

subsequent plasma formation leads to a phenomenon called optical breakdown, which

can result in permanent material modification. In this section, we first review three

ionization processes that can take place during optical breakdown: multiphoton,

tunneling, and avalanche ionization. A discussion of material modification due to laser

induced ionization and plasma generation in transparent materials will also be presented.
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2.3.1 Multiphoton and tunneling ionization

Ionization in gases has been traditionally divided into two regimes, the multiphoton and

tunneling regime. In the multiphoton regime, although a single photon at the laser

irradiation wavelength does not have enough energy to excite the bound electron out of

the Coulomb potential, a number of photons can work simultaneously to promote the

bound electron to a free state as illustrated in Figure 2.4a. The tunneling ionization

picture describes the process in which the Coulomb potential is suppressed by the strong

incident field to allow the tunneling of a bound electron to a free state (see Figure 2.4b).

The physical mechanisms that govern optical breakdown in condensed matter are

basically the same as in gases. In solids, for example, the bound electron in the valence

band is excited through either multiphoton or tunneling to the conduction band and

becomes quasi-free.

Keldysh developed the theory that describes the ionization of electrons in

condensed matter by intense laser fields [23]. Which of the two mechanisms, multiphoton
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or tunneling, plays a more significant role in the ionization process in a material can be

theoretically predicted using the Keldysh parameter

Ie

Ecnm gap

2

00
2
0 εω

γ = , (2.27)

where ω0 is the frequency of the incident laser light, m  is the reduced mass of the

electron, and Egap is the band gap of the material. γ can be qualitatively viewed as the ratio

of the incident laser frequency and field strength. For relatively weak fields with high

frequencies (large γ), multiphoton ionization is more important since electrons have less

time to tunnel through the only moderately suppressed Coulomb potential than in the

small γ case (strong field with low frequency).

2.3.2 Avalanche ionization

In condensed matter, multiphoton or tunneling ionization alone can not explain the rapid

creation of free electrons and the subsequent plasma generation responsible for optical

breakdown for pulse durations greater than ~40 fs [24-26]. Instead, they only serve to

provide the initial free electrons for the avalanche process that follows. Once created, the

free electron can linearly absorb several photons from the laser field to gain enough

kinetic energy and impact-ionize another bound electron by collision (Figure 2.5). The

free electron plasma density increases exponentially due to this avalanche effect.
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2.3.3 Plasma absorption and material damage

As soon as the density of the plasma becomes appreciable, the incident laser light can be

efficiently absorbed by electrons via free-carrier absorption. This intense heating of the

electron plasma and the subsequent hydrodynamic expansion of the plasma cause

permanent material modification in condensed matter.

A free electron plasma of density N has a characteristic frequency ωp [3, 4]
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The complex dielectric function associated with such an electron gas is

€ 

ε ω( ) =1−
ω p
2

ω 2(1+ iυω)
   (2.29)



23

where ωp is the incident laser frequency, and ωp is the electron scattering frequency. The

optical refractive index n is

( )
2

1

2

2

2

1

1
1















+
−=+′==

ω
υω

ω
κε

i
inn p   (2.30)

Separating the real and imaginary parts, we obtain
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The reflectivity of the plasma R can be expressed in terms of the refractive index.

As the plasma frequency ωp approaches the laser frequency ω (ωp/ω approaches 1), R

increases dramatically as plotted in Figure 2.6. In the limiting case, for a collisionless

plasma (υ =0), equation (2.29) reduces to
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The index of refraction vanishes and R goes to unity when ωp = ω, suggesting that the

plasma at this density causes total reflection of the laser light. This density 
2

2
0

e

m
N

ωε
=

is called the critical density. For 800 nm light, the critical plasma density is ~1021/cm3.
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The imaginary part of the dielectric function, κ, is a measure of the absorption of

the plasma and determines the attenuation of the laser intensity at a given depth. The

plasma becomes highly absorptive as the plasma frequency approaches the laser

frequency. A significant fraction of the pulse energy has already been absorbed by the

time the plasma density reaches the critical value [27].

2.3.4 Discussion

Optical breakdown by femtosecond laser pulses is intrinsically different from that of

longer pulses. The high intensity of a femtosecond pulse guarantees the generation of

seed free electrons independent of the initial electron concentration in a material, whereas

impurity and defects are the source for such seed electrons for pulses longer than ~5

picoseconds [28]. Also, because of the short duration of the laser pulse, the energy

             a
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absorbed by the electron from the laser field does not have enough time to be transferred

to the lattice. Instead, the absorbed energy efficiently heats up the electrons and also

feeds the avalanche process. As a result, breakdown thresholds for femtosecond pulses

are more deterministic and less influenced by the material impurity.

Energy transfer between electrons and ions happens on a much longer time scale

relative to the pulse duration (on the order of picoseconds), but still before any significant

thermal diffusion takes place (microseconds). The expansion of the hot plasma then

follows after the energy transfer. Intense heating and rapid expansion of material in the

small focal volume cause ablation on the surface of the material and vaporization in the

bulk. Because of these features, the femtosecond laser is an ideal tool for highly localized

material modification. In the next few chapters, we will discuss in detail how

femtosecond laser induced optical breakdown can be used for precise surgery in

biological tissues and manipulation of subcellular structures in living cells.

2.4 Laser systems

Recent advances in the generation and amplification of ultrashort laser pulses have made

the femtosecond lasers nearly turnkey devices. A simple oscillator today produces pulses

with megawatt peak power and less than 10 fs in pulse duration. Amplified femtosecond

light sources routinely generate pulses with terawatt (1012) peak power. Experiments

presented in this study were performed primarily on a regenerative amplified

femtosecond laser system. Some of the results on subcellular surgery and multiphoton
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imaging were obtained using a standard femtosecond laser oscillator or a long-cavity

oscillator.

2.4.1 Regenerative femtosecond laser amplifier

Most standard femtosecond laser oscillators nowadays use titanium-doped sapphire

(Ti:sapphire) crystal as the active gain medium. Ti:sapphire has a wide gain bandwidth,

from 700 to 1100 nm, and a very high thermal conductivity and energy storage density

[29]. In addition, self-modelocking by the Kerr lens effect [29, 30] made the Ti:sapphire

laser oscillator the most common ultrafast light sources. The basic cavity follows a

simple X configuration (Figure 2.7a). It produces a pulse train at ~80 MHz repetition rate

and a pulse energy of ~5 nJ at a central wavelength of 800 nm.

In order to achieve higher pulse energy/peak power, a second stage amplifier is

needed. We use a regenerative amplifier for our study. The short pulse from an oscillator

is stretched with gratings [29, 30] to picoseconds to reduce its peak power and avoid

damage to the optics, and then injected into the amplifier. It completes ~20 roundtrips

inside the cavity to gain energy before being switched out by a Pockels cell. The output

pulse is then recompressed externally back to femtoseconds (using prisms or gratings).

Typical output pulses from our amplifier after compression are at 1KHz repetition rate,

with up to 300 µJ pulse energy and 100 fs pulse duration. A more detailed review of

femtosecond laser oscillators and regens can be found in references [29, 30].
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2.4.2 Long-cavity oscillator

An energy gain of ~105 can easily be achieved in an amplifier. However, the repetition

rate of the laser has to be reduced. In some studies, it may not be necessary to have such a

huge energy gain. Instead, a higher repetition rate pulse train (usually in MHz range) may

be more desirable in order to induce thermal effect by depositing energy at a faster rate or

to achieve real-time imaging with fast frame rate. As we will see in Chapter 4, for

subcellular surgery, only a few nanojoules are needed at the sample. We therefore

modified the standard Ti:sapphire femtosecond laser oscillator into a long-cavity

configuration that delivers enough pulse energy for cell surgery and still maintains a high

repetition rate.

The standard laser cavity is extended by 4 meters (see Figure 7b) by inserting a

one-to-one telescope. The longer cavity length allows more gain to build up in the crystal

between pulses, thus generating a higher energy per pulse. This long-cavity oscillator

produces 55-fs pulses at 25-MHz repetition rate with 20 nJ/pulse. In Chapter 5, we will

discuss in more detail the advantage of having a long-cavity laser for microsurgery in

cells.
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Chapter 3

Femtosecond laser surgery in turbid tissue

Laser induced breakdown and damage in biological materials at the tissue level are what

makes clinical laser surgery possible. In this chapter, we review laser surgery techniques

presently available in the framework of turbid tissue surgery. We present a description of

the current understanding of the physical events that can occur when the laser interacts

with tissue, and discuss some open questions regarding the subject. We present

experiments that investigate the potential of using femtosecond lasers for skin tissue

surgery. Using this technique, we demonstrate the creation of incisions, surface and

subsurface photodisruption cavities in skin tissues. Despite the high precision and other

unique abilities femtosecond lasers exhibit when used for tissue surgery, limitations exist

and will be discussed. Possible applications of femtosecond laser surgery are suggested.

3.1 Optical properties and light propagation in turbid tissues

Lasers were first used in surgical procedures in the early 1960s. Since then, there has

been a growing number of medical applications for lasers first in ophthalmology, and
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later in dermatology, neurology, dentistry, and other fields [1, 2]. A wide range of

biological tissues is being studied in these applications. The effective use of lasers in

tissue surgery requires an understanding of the fundamental interactions between the

incident laser light and biological tissues. Different tissue types have different intrinsic

optical properties that dictate these interactions. Choosing the right laser source for the

right surgical application therefore depends on the understanding the basic laser-tissue

interactions and specific tissue properties. We will be discussing mainly soft turbid

tissues, skin tissue in particular, in this chapter. The structure of the skin tissue needs to

be addressed before we discuss its optical properties and light-tissue interactions.

The skin is composed of two major tissue layers: the epidermis and the dermis

(Figure 3.1). The epidermis is the outer layer of the skin with varying composition from

the stratum corneum (the outermost layer) to the stratum germinativum (which separates

the dermis from the epidermis). The stratum corneum is low in water content

(approximately 10-20% by mass), and consists of cells rich in keratin, the protein which

oligomerizes into tough, durable protein fibers [3]. Deeper into the skin tissue, the water

content gradually increases to a maximum of 70-80% by mass. The epidermis also

contains melanocytes, which are cells that produce melanin (skin pigments) and are

responsible for determining the coloration of skin and hair. The dermis, lying below the

epidermis, consists mainly of water and a matrix of loose connective tissue composed of

fibrous proteins such as collagen, elastin, and reticulin. This matrix is traversed by a

vascular network rich in hemoglobin. The dermis also houses skin appendages such as

sweat glands and hair follicles [3].
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When skin tissue is exposed to light, three effects can occur that will perturb the

photon propagation, and hence affect light-tissue interaction. They are reflection,

absorption, and scattering. Only unreflected, unabsorbed or forward scattered photons are

able to reach and contribute to processes occurring in the tissue layer of interest.

3.1.1 Reflection and refraction

When a beam of laser light is incident on the boundary of two different materials, a small

portion of it is reflected due to the difference in indices of refraction, in our case air and

the stratum corneum [4]. The reflectivity (R) is determined by the Fresnel equations and

depends on the angle of incidence, light polarization, and the indices of refraction of the

materials forming the boundary [5],
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Here light is incident from a medium with index of refraction ni at an angle qi  into a

medium with nt and a angle of refraction of qt determined according to Snell’s law. For

normal incidence in air (n = 1) on water (n = 1.33), R is about 2%. In the case of skin

tissue, the light reflection is diffuse rather than specular because of surface roughness.

Furthermore, the reflectivity from an interface is inversely related to the interface

roughness [6]. Photons reflected from a surface do not contribute to the total energy in

the laser-tissue interaction that produces surgical effects. Some of the photons that do

enter the tissue may also get scattered back to the tissue-air interface. If those photons

strike the interface at an angle greater than the total-reflection angle, they do not exit the

boundary. Instead, they tend to be trapped near the tissue surface contributing to the

subsurface fluence [7-9] and make it more complex to predict energy distribution of laser

light in the tissue during surgery.

3.1.2 Absorption

When the frequency of the incident light matches the natural electronic excitation

frequency of a molecule, strong absorption takes place. In biological tissues, absorption is

mainly caused by either water molecules or macromolecules such as proteins and

pigments [4]. Absorption in the infrared region of the spectrum can be primarily

attributed to water molecules, whereas proteins as well as pigments absorb more strongly

in the ultraviolet and visible range. Protein, in particular, usually has an absorption peak
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at about 280 nm. The typical absorption spectrum of water from UV to IR is plotted in

Figure 3.2. The most important biological absorbers in skin tissues are melanin and

hemoglobin [3, 4]. Melanin is the basic pigment of skin and its absorption coefficient

increases monotonically as the light frequency increases from the near-IR to UV [3, 4].

On the other hand, hemoglobin has absorptions peaks around 280 nm, 420 nm, 540 nm,

560 nm, and exhibits a sharp cut-off at approximately 600 nm. The effective absorption

coefficient αa, due to all of the absorbers, determines the exponential decay rate as light

propagates deeper into the tissue:

)exp(0 zII aα−= z: propagation depth

The typical absorption coefficient for human skin is about 2.7 cm–1 at 800 nm [4]. Since

neither water nor macromolecules present in skin tissue absorb strongly in the near

infrared range (roughly between 600 nm to 1200 nm), this spectral range is considered a

“therapeutic window”. Laser radiation in this window can penetrate deeper into

biological tissues with lower loss during treatment.
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Figure 3.2 Water absorption coefficient from UV to IR.
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3.1.3 Scattering

If the medium through which the light is passing has spatial or temporal variation in

electromagnetic properties such as the index of refraction, some of the light is scattered.

In general, the scattered photons have the same frequency as the incident photons. Their

phases, on the other hand, differ, causing dispersion when penetrating into denser

medium. Light scattering in tissue occurs at many levels from membranes to membrane

aggregates to collagen fibers to nuclei to cells, with structure sizes varying from less than

10 nm (membrane) to over 10 µm (cell). In the limit where the scatterer is much smaller

than the wavelength of the incident light, the Rayleigh scattering formalism predicts that

the scattering cross section is inversely proportional to the fourth power of the

wavelength [4]. When the size of the scatterer becomes comparable to the wavelength of

the incident light, scattering takes place mainly in the forward direction according to Mie

theory, and has a weaker dependence on wavelength compared to Rayleigh scattering [4].

Experiment has shown that, in biological tissue, scattering occurs preferably in the

forward direction, which fits Mie theory [10, 11]. However, it is also observed that

scattering shows a rather strong dependence on wavelength. For human skin, the

measured value for the scattering coefficient is about 237 cm–1 with 800 nm irradiation

[4].
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3.1.4 Lasers for turbid tissue surgery

Both the absorption and scattering properties of a turbid tissue (e. g. skin) determine how

photons propagate inside that medium. The total effective attenuation coefficient that

measures how deep the laser light can penetrate is expressed as [4]

( )( )gsa

eff
−+

=
13

1

αα
α (3.3)

where g  is the scattering anisotropy factor which depends on the tissue type, with g=1

denotes perfectly forward scattering and g=–1 perfectly backward scattering, with g

varying. The effective penetration depth of the incident light is

eff
tL α

1
= (3.4)

Because of tissue variation, it is difficult to determine the exact theoretical value

of the scattering and absorption coefficients. Generally, in the epidermal layer of skin

tissue, absorption dominates due to rich melanin content. Although the dermis also

contains certain pigments such as hemoglobin, scattering has a greater effect in the

dermis because of high concentrations of collagen fibers. Table 1 lists the approximate

penetration depth in tissue of different wavelength taking into consideration absorption

and scattering.

  Table 3.1: Laser penetration depth in tissue at different wavelengths [4].

Laser
Wavelength (nm)

248 514.5 830 1064 2100 2940 10600

Tissue Penetration
Depth (µm)

5 330 1300 1400 400 1 20
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Precise surgical effect is achieved when the right amount of laser energy is

deposited (by absorption) to the right tissue target and only to the target. Understanding

both the processes involved in delivering laser energy to a tissue target and the tissue

properties themselves are therefore crucial in choosing laser parameters appropriate for

the surgical application.

3.2 Laser-tissue surgery mechanisms

The effects light has on tissue depend not only on tissue properties but also on the

characteristics of the laser source. Besides laser wavelength some of the basic parameters

are power, irradiation time, and spot size for continuous wave (CW) lasers, and intensity,

pulse width, repetition rate, spot size, and number of pulses for pulsed lasers. The

spectrum of commercially available lasers for medical applications stretches from 193

nm to 10.6 mm. Both CW and pulse lasers with pulse durations ranging from

microseconds to femtoseconds are currently available in the UV, visible, and IR range.

Ever since the first application of laser surgery in ophthalmology, lasers have

been applied to a broad range of medical disciplines. Most of the applications belong to

the family of minimally invasive surgery, a term that describes non-contact, bloodless

surgical procedures. Despite the wide acceptance of the laser as a universal scalpel,

careful studies of laser surgery are still necessary. Laser-induced effects are manifold. An

effect which is essential for one treatment might be harmful for another. For instance,

heating of cancerous tissue by laser irradiation could lead to desired tumor necrosis.

Using the same laser parameters for retinal coagulation will burn the retina, resulting in
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irreversible blindness. Understanding the mechanisms that cause laser surgical effect is

therefore important for choosing the correct treatment. In the following sections we

compare four different types of mechanisms that could lead to surgical effects. The four

mechanisms are photochemical interaction, thermal interactions between lasers and

biological material, UV laser ablation, and plasma-induced ablation and disruption.

3.2.1 Photochemical interaction

It has long been known that light can induce chemical effects in macromolecules. In

current medicine, photochemical effects play a significant role in photodynamic therapy

[4]. In such a therapy, special light sensitive molecules can be injected into the patient’s

body. Light irradiation of specific wavelength then triggers selective photochemical

reactions, resulting in toxic reaction products cause irreversible destruction of target cell

structure for treatment purpose. Low intensity laser light (typically 1 W/cm2) in the

visible range and long exposure times are often used to stimulate chemical reaction

pathways [4]. Skin tissue surgery requires a much higher laser intensity. Hence,

photochemical interactions play a less important role in determining the effect of laser

irradiation on tissue. We will come back to this type of interaction again in the next

chapter where the intensity of femtosecond laser pulses used to manipulate subcellular

organelles is lower than when dealing with skin tissue, and so photochemical effects may

be more significant.
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3.2.2 Thermal interaction

Both CW and pulsed laser irradiation can cause local temperature changes in tissue

producing thermal effects after photon energy has been absorbed by protein, pigment, or

water molecules. Once heat is generated from absorption, it is transported to the

neighboring tissue mainly through conduction. Heat convection may also occur when

blood flow is significant. Different thermal effects can be achieved in biological tissues

including coagulation, vaporization (of water molecules in the tissue), carbonization, and

melting. Assuming a normal body temperature of 37 °C, there is no measurable physical

effect in tissue with a 5 °C temperature increase. When the tissue temperature reaches 42-

50 °C, hyperthermia occurs which is associated with membrane deformation and

chemical bond destruction. If the temperature is elevated for more than several minutes,

cells in tissue undergo necrosis. Beyond 50 °C, enzyme activity in tissue cells is reduced,

energy transfer slows down, and cell repair mechanisms are disabled. At 60°C, protein

denaturization occurs, leading to more immediate cell necrosis and tissue coagulation. If

the tissue temperature reaches 100 °C, vaporization of water content in tissue takes place,

which causes mechanical ruptures and possibly decomposition of the tissue. Above 100

°C tissue carbonizes. Melting occurs when tissue temperature rises above 300 °C. In

summary, exposing tissue to temperatures above 60 °C for more than six second causes

irreversible thermal damage [4]. It is therefore essential to minimize thermal effect during

laser irradiation.

To determine the temperature profile of the tissue after laser irradiation, we

examine the heat conduction process. Since the focus of this thesis is on femtosecond
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laser interaction with biological material, we consider only the situation where laser

energy is absorbed in a small focal volume, and we treat a single laser pulse as an

instantaneous point source of heat. The differential heat conduction equation in spherical

coordinates is [12]
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where κ is the diffusivity. Assuming a spherical symmetry in heat conduction, and a focal

volume of radius a where the laser energy is absorbed, equation (3.4) can be simplified to
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with boundary conditions

u = T0r, when t = 0, 0 ≤  r < a

u = 0, when t = 0, r > a

The solution of equation (3.5) is
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When a is small, the solution can be approximated as
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Figure 3.3 shows the temperature profile in water 1 ms after laser irradiation calculated

according to equation (3.7), from which we can estimate the size of the thermally affected

zone in skin tissue due to a 20-µJ laser pulse irradiation (with about 12 µJ reaching the

focus after scattering), which is what we use in our experiments. Assuming the worst
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case, where all of the absorbed energy at the focus (roughly 50% [30]) is converted to

thermal energy, the resulting thermally affected zone (area where the temperature is

greater than 60 °C) is ~17 µm. In most dermatology applications, laser pulses of energy

>10 mJ are used. At this energy level, the thermal damage zone can easily reach several

hundred micrometers in diameter.

Figure 3.3 Temperature profile in water near the laser focus of
a single focused 100-fs, 20-mJ pulse using a 0.6-NA objective
lens.

3.2.3 UV ablation

Another type of laser tissue interaction involves UV ablation. The laser photon energy in

this case exceeds many of the commonly found chemical bonds in biomolecules (Table

3.2). Once the photon energy is absorbed, it promotes the molecule to an excited state and

can eventually cause dissociation of the molecules. Because the photon energy is used to

break chemical bonds in this case instead of producing thermal effect, UV ablation has
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high precision and generally causes little collateral damage. However, the hazard

associated with UV ablation is that it is known to be harmful to cells. DNA molecules,

for example, absorb strongly in the UV, which can result in mutations and lead to genetic

diseases [4, 13]. Thus careful consideration needs to be given before applying UV

irradiation in tissue surgery.

Table 3.2 Dissociation energy of selected chemical bonds with
the corresponding wavelength [4].
Chemical bond Dissociation energy (eV) Wavelength (nm)

C=O 7.1 175
C=C 6.4 194
O−H 4.8 258
N−H 4.1 302
C−O 3.6 344
C−C 3.6 344
S−H 3.5 354
C−N 3.0 413
C−S 2.7 459

3.2.4 Plasma-induced ablation and disruption

When the laser intensity exceeds 1011 W/cm2 [4], laser-induced optical breakdown occurs

in biological tissue. The high concentration of photons can excite a large number of

electrons in the medium and generate a plasma which causes vaporization of the material.

Laser-induced plasma will then serve as an absorber of photon energy making it possible

to deposit laser energy in the tissue with a low absorption coefficient. Plasma absorption

is what leads to efficient tissue ablation.

When a short laser pulse (< 10 ns) is tightly focused into tissue, the laser intensity

in the focal volume is high enough to induce nonlinear absorption of laser energy by the
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tissue through multiphoton, tunneling, and avalanche ionization [14-21]. This nonlinear

absorption produces a micrometer-sized, highly-excited plasma in the focal volume. The

temperature of the laser-induced plasma can easily reach several thousand Kelvin during

the duration of the pulse. The movement of these energetic free electrons in the plasma

followed by the ions results in shock wave generation. The shock wave, once separated

from the plasma boundary, initially travels at supersonic velocity then slows down to the

speed of sound [4, 22-30]. The region of this supersonic propagation is referred to as the

shock zone. Ultimately, vaporized material at the focus forms a cavitation bubble, which

expands outward and then collapses under external pressure [23, 24, 27, 30, 31]. The time

scale of these processes was examined by studying photodisruption events in water, and

the results are plotted in Figure 3.4 [4].
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The threshold for plasma generation is generally higher for longer pulses because

the intensity depends on pulse duration. There is another factor that contributes to the

threshold increase in nanosecond pulses. The initiation of plasma depends on the

generation of seed free electrons in the first stage before subsequent electron avalanche

(see Chapter 2). For nanosecond pulses, the initial process of free electron generation is

believed to be thermionic emission, where electrons are released due to thermal

ionization [4, 32]. In contrast, the much higher intensity of the laser field generated by

picosecond and femtosecond laser pulses can cause multiphoton ionization, which

supplies the seed free electron needed to start plasma generation. As a result, a higher

threshold energy is required for nanosecond laser plasma generation compared to

femtosecond and picosecond lasers.

The absorption of the laser energy by the plasma, which determines the amount of

energy deposition, also depends on pulse duration [33, 34]. The free-electron density,

which determines the absorption coefficient, evolves over the duration of the pulse. For

nanosecond pulses, the electron density reaches a peak value early in the pulse, leading to

a large absorption coefficient. For picosecond pulses, maximum absorption is reached

much later in the pulse, resulting in a lower average absorption coefficient. The

absorption coefficient increases in the femtosecond regime due to an increased electron

density earlier in the pulse. Not all absorbed energy gets converted to cause mechanical

disruption however. The conversion efficiency decreases from more than 90% to about

50% as pulse duration decreases from 6 ns to 100 fs [30]. Consequently, a plasma

resulting from longer pulses has a higher energy and temperature causing more

mechanical disruption to tissue.
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Laser-induced plasma formation vaporizes tissue in the focal volume, providing

the surgical effect. However, the supersonic shock wave expansion, the expansion of the

cavitation bubble, as well as heat diffusion after thermal equilibration all cause unwanted

collateral damage to the surrounding tissue, limiting surgical precision [22, 29, 30, 35].

The size of the region affected by these mechanical (plasma and cavitation bubble

expansion) and thermal effects depends on the amount of laser energy that is deposited

into the sample. To minimize collateral damage the amount of energy deposited into the

sample must be minimized while still maintaining a sufficiently high laser intensity to

produce photodisruption through plasma formation.

3.3 Femtosecond laser photodisruption in skin tissue

Most surgical dermatology applications use continuous wave or pulsed lasers with a pulse

duration of nanoseconds or longer [1, 4]. In these applications, laser energy is linearly

absorbed by water or by natural or artificial (e.g., tattoo) pigments in the skin, disrupting

tissue by vaporizing tissue water content or destroying pigment molecules [4]. Because of

the high laser energy and average power used in these applications, however, tissue

surrounding the targeted region is affected by diffusion of thermal energy out of the

target region. Furthermore, because of strong linear absorption, unwanted energy

deposition can occur in any absorbing tissue outside the target region that is exposed to

the laser light. Both of these effects limit the surgical precision of the procedure. Here,

we investigate the possibility of using femtosecond laser pulses for precise disruption of

turbid tissues such as skin.
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Femtosecond pulses produce the least collateral damage in tissue compared to

picosecond and nanosecond pulses. It has been reported that in corneal tissue with lasers

pulses that have about 3–5 times the threshold energy, the shock zone and cavitation

bubble radii are 30 and 22 µm, respectively, for 150-fs laser pulses [35]. For 60-ps

pulses, on the other land, they are 100 and 130 µm, respectively [35]. In stratified human

epidermis tissue (MatTek Inc.), picosecond laser pulse irradiation causes significantly

more collateral damage both on the surface and inside the tissue bulk as shown in Figure

3.5 [36]. The collateral effects are even larger for the nanosecond photodisruptive lasers

that are currently used in clinical applications in ophthalmology [2, 29].

Another advantage of femtosecond laser-induced photodisruption for surgical

applications is the ability to work in any tissue, regardless of its absorption characteristics

[37, 38]. Because infrared femtosecond laser pulses can be nonlinearly absorbed in

virtually any tissue type, it is not necessary to match the laser wavelength with the

absorption characteristics of the tissue or pigment as with techniques based on linear

absorption [1]. In addition, even in the presence of weak linear absorption, nonlinear

absorption dominates for femtosecond pulses [37]. Thus a single, near-infrared

femtosecond laser system can be used to process a wide variety of tissue types and

pigments.
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Recently, femtosecond laser pulses have been used for surface ablation of both hard (e.g.,

teeth) [38-41] and soft (e.g., cornea) [36, 37, 39, 42, 43] tissues. It is generally found that

femtosecond pulses produce smoother ablation craters with less evidence of thermal and

mechanical stress to the surrounding material compared to picosecond or nanosecond

pulses. Producing bulk breakdown in turbid, or highly scattering, tissues is more difficult

than in optically transparent tissue, such as the cornea [36, 44]. Photons scattered out of

the beam path cannot participate in nonlinear absorption at the focus. As a result, higher

pulse energies are required to overcome the scattering losses and reach the threshold

intensity for photodisruption. This higher pulse energy, in turn, implies stronger nonlinear

propagation effects in the tissue, complicating the photodisruption process. Nevertheless,

many surgical procedures could benefit from the ability to disrupt the bulk of turbid

tissue without affecting the surface. In dermatology, for example, if photodisruption can

be achieved without rupturing the epidermis, the risk of infection is greatly reduced.

In this section, we present studies of femtosecond laser-induced photodisruption

in mouse and pig skin tissues. We investigate both surface disruption and sub-surface

cavity formation. We find that femtosecond laser pulses create precise incisions through

different layers of skin tissue with only minimal collateral damage. We also demonstrate

photodisruption of bulk skin tissue with precision at the cellular level and with no

damage to the surface above the targeted region. Finally, we discuss the effects of self-

focusing of intense femtosecond laser pulses in biological samples.
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3.3.2 Experimental setup and procedures

All experiments were performed using a home-built amplified femtosecond Ti:Sapphire

laser system delivering 100-fs pulses of 800-nm wavelength and pulse energy up to 300

µJ at a 1-kHz repetition rate. The tissue samples were mounted on an x-y translation

stage. Collimated femtosecond laser pulses are focused into the tissue using a 0.6

numerical aperture (NA) microscope objective (Figure 3.6), which is secured on a

separate stage allowing the laser focus to be moved in the z-direction.

To make an incision in the surface of the tissue, we focused the laser on the tissue

surface and translated the sample perpendicular to the incident direction of the laser

beam, while continuously irradiating with the 1-kHz pulse train. We created subsurface
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cavities by focusing the laser beam at a fixed depth below the tissue surface and

irradiating with the desired number of laser pulses. Parameters such as the laser energy,

the sample translation speed, the depth at which the laser is focused, and the number of

incident pulses were varied in our studies. For easy identification of photodisrupted

regions in the sample, we produced “reference markers” using high-energy laser pulses,

which create large damaged areas that can easily be located with an optical microscope.

The incisions and subsurface cavities were then produced at a fixed distance of 200 mm

away from the markers and from each other.

3.3.3 Sample preparation and processing experimental procedure

We investigated femtosecond laser photodisruption in fresh mouse skin and frozen pig

skin. Any hair was shaved off the skin prior to use. Tissue samples were irradiated by

femtosecond pulses within one hour after extraction and were kept cooled and moist in

saline solution until the beginning of the experiments. The laser irradiation process takes

about 10 minutes, during which the top surface of the tissue sample is exposed to air at

room temperature.

Immediately after laser irradiation, the samples were fixed in Carnoy solution

[45], dehydrated in a series of graded ethanol baths, and sliced into 6-mm sections using

a microtome. The sample sections were stained with haematoxylin and eosin dyes and

imaged under a white-light microscope [45]. Under the microscope, the nuclei appear in

blue-black, the cytoplasm in varying shades of pink, and the muscle fibers in deep

pinkish red. Pictures of the laser-irradiated sample slices were recorded on a digital color

CCD camera.
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3.3.4 Results and discussion

3.3.4.1 Precise incision

Figure 3.7 shows a cross-sectional view of an incision in mouse skin produced using 100-

fs, 20-µJ laser pulses focused by a 0.6-NA microscope objective. The sample was

translated along an axis perpendicular to the figure, at a speed of 5 mm/s, first with the

laser focus at the tissue surface, then at 100 mm and 200 mm beneath the surface. The

different layers visible in the image, going from top to bottom, correspond to the

epidermis, the dermis, fatty tissue, and muscle cells [45]. The incision is over 100 mm

deep, reaching well into the fatty tissue layer, and is less than 5 mm in width. The

photodisrupted region is uniform and has clearly defined edges with virtually no visible

collateral damage. The tissue in the surrounding area is unaffected.
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3.3.4.2 Subsurface disruption

When focused inside the bulk of the skin rather than at the surface, femtosecond laser

pulses produce small subsurface cavities. Figure 3.8 shows two such structures about 25

mm beneath the surface of mouse skin. Each of the cavities was created using a single

100-fs, 20-mJ laser pulse focused using a 0.6 NA objective. The cavities have smooth

edges and show little sign of collateral damage. The diameter of these structures is about

10 mm, similar to the size of a single cell. By varying the pulse energy, the size of the

sub-surface cavities can be controlled. Figure 3.9 shows that with 30 µJ of pulse energy

the cavities are 40 µm in diameter, while with 5 µJ they are just 4 µm in diameter. At

even lower energy the features are so small that they are likely to be altered by the

sectioning and therefore difficult to observe.

In previous work, we demonstrated that in a stratified human skin model, 200-ps

pulses can also produce subsurface cavities [36]. Those cavities, however, are larger in

size and show significantly more collateral damage than the cavities produced by

femtosecond pulses [36]. In the present study we were unable to create subsurface

cavities in mouse skin with 200-ps laser pulses. Since mouse skin tissue scatters much

more significantly than the stratified human skin model, pulses with higher energy have

to be used to compensate for scattering lose in order to produce disruption. As a result,

instead of seeing subsurface disruption, we find that the damage always extend up to the

tissue surface rupturing it in the process as the laser intensity is already high before

reaching the focus.



100 µm

Figure 3.8 Subsurface cavities (marked by arrows), 25 µm beneath the surface of 
mouse skin, produced using single 100-fs, 20-µJ laser pulses focused by a 
0.6-NA microscope objective. There is no observable damage to the surface of 
the tissue above the cavities, and collateral damage to the surrounding tissue is 
negligible.

100 µm (a)

Figure 3.9 Subsurface cavities in mouse skin produced by single 100-fs pulses 
focused by a 0.6-NA microscope objective. The laser energies are (a) 30 µJ and 
(b) 5 µJ.
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3.3.4.3 Subsurface filamentation and the effect of self-focusing

There is a limit to how deep beneath the surface photodisruption can be achieved in

turbid tissue. In mouse skin, we were unable to create subsurface cavities deeper than

about 100 mm beneath the surface using 100-fs pulses focused with a 0.60-NA objective.

When the laser is focused deeper into the sample, we no longer observe well-defined

subsurface cavities. Instead we see thin lines of bulk damage, tens of micrometers long

that reach roughly 100 mm into the skin tissue as shown in Figure 3.10. At low pulse

energies and with a low number of pulses irradiating a single spot, these structures are

hard to resolve. However the lines become more pronounced when thousands of pulses

are incident on a single spot (see Figure 3.11). We believe these lines of damage are the

result of self-focusing of the laser pulse in the tissue.

Self-focusing results from the intensity dependence of the refractive index

observed in all materials at high laser intensity [46-48]. The transverse intensity profile of

the laser pulse results in a spatially-varying refractive index. As a result, the laser beam

experiences an effective lens when propagating through the material, and the pulse is

focused more tightly than predicted on the basis of the external focusing optics alone.



50 µm

Figure 3.10 Lines of damage in pig skin produced by a single 100-fs, 30-µJ 
laser pulse focused by a 0.6-NA microscope objective. The laser is focused 
300-µm beneath the skin surface and does not result in the formation of a 
subsurface cavity.

50 µm

Figure 3.12 Lines of damage in mouse skin produced by 3000 100-fs, 3-µJ 
laser pulses focused by a 0.6-NA microscope objective. The laser is focused 
300 µm beneath the skin surface.
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Although the magnitude of the refractive index change is intensity-dependent, the

strength of the self-focusing “lens” depends only on the laser power [46-48]. Basically, a

larger diameter beam produces a longer focal-length lens than a smaller beam with the

same power, but the focusing angle (the numerical aperture) is the same in both cases.

The power required for a collimated laser beam to overcome diffraction and focus at

infinity is called the critical power Pcrit [46-48]. If the laser power exceeds this critical

power, self-focusing effects become important [20]. The critical power depends on laser

and material parameters, and is about 4.4 MW for femtosecond pulses in water [49], the

main component of tissue. The peak power of the laser pulses used in our experiments

exceeds this critical power by one to two orders of magnitude, and so we expect self-

focusing to play an important role in the pulse propagation.

Based on the moving focus model, different temporal slices of the pulse self-focus

independently of each other, with the strength of the self-focusing determined by the

power in each slice [46]. The slice near the temporal peak of the pulse has the highest

power, so it is focused most strongly, forming a focus the closest to the beam entrance

(see Figure 2.3 in Chapter 2). The leading and trailing wings of the pulse have less power

and therefore self-focus more weakly, forming a focus further away from the beam

entrance. Slices in between fall somewhere in the middle and form a filament [46]. This

“moving focus model” can account for the lines of tissue damage shown in Figures 3.10

and 3.11.

Because the laser intensity is high in the filament, nonlinear ionization leads to the

formation of a plasma. The plasma contributes negatively to the index of refraction,

counteracting self-focusing and limiting the diameter of the filament [50]. The plasma
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density formed in the filament is not high enough to initiate vaporization and shock wave

or cavitation bubble formation [51], but this low density plasma can still cause tissue

damage via other mechanisms, such as photochemical damage to proteins or other

structures in the tissue [52-56]. Because it takes about 100 µm of propagation in a

material for self-focusing to form a filament, the lines of damage are only formed when

the external laser focus is placed more than 100 µm into the sample [57]. Multiple lines

of damage are created because the peak power of the laser exceeds the critical power by

such a large factor that self-focusing causes the beam to break up spatially, with self-

focusing filaments forming around higher intensity spots in the beam (either intrinsic to

the laser beam or produced by refraction through the rough sample surface) [58].

The filaments in the Figures 3.10 and 3.11 appear to be roughly 50 to 100 mm

long, starting near the surface and reaching as deep as ~120 mm into the skin tissue. We

can check the experimental results against theoretical predictions. Using equations (2.22)

– (2.25) in Chapter 2, we estimated the length of the filaments and how deep they will

reach in skin tissue at the experimental laser and focusing conditions. Using the critical

self-focusing power Pcrit of water we find that for 100 fs, 20 mJ pulses, the resulting

filaments should be about 360 mm in length and start a couple of hundred nanometers

from the sample surface. The observed results are of the same order of magnitude,

although the deviations are far from negligible. The discrepancy arises from the fact that

skin tissue is inhomogeneous and has complex scattering and absorption properties.

Further study is needed to understand the self-focusing processes in inhomogeneous

materials, and to better predict the outcome for given laser and material parameters.
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Our observation of collateral tissue damage due to self-focusing is of relevance to

corneal refractive surgery procedures currently under development. In these procedures,

femtosecond pulses are focused through up to 1 mm of corneal tissue to vaporize tissue

via photodisruption [35, 59]. Because the cornea is transparent and laser energy is not lost

due to scattering, the laser power necessary to induce photodisruption is lower than in

turbid tissue. The typical power used in the corneal surgeries, however, still exceeds the

critical power for self-focusing by almost an order of magnitude [35, 59], so self-focusing

occurs and thus the importance of collateral damage to the cornea due to filaments

formed by self-focusing needs to be addressed.

3.4 Conclusion

We studied photodisruption in turbid animal tissues using femtosecond laser pulses. We

demonstrated that femtosecond lasers can achieve precise surgical effects both on the

surface and in the bulk of turbid tissues with minimal collateral damage. When focused

on the surface, these pulses produce precise, high aspect-ratio incisions in skin tissue,

which may have applications for surgical incisions or for enhancing transdermal drug

delivery. We also demonstrated photodisrution of bulk mouse skin, creating subsurface

cavities without affecting the surface. This technique could also be used for subsurface

skin surgery such as tattoo and port wine stain removal. We find that self-focusing plays

an important role in photodisruption of bulk, highly scattering samples. When the laser

focus is positioned more than 100 micrometers inside the skin bulk, the laser pulse

produce collateral damage due to filamentation rather than subsurface cavities, placing a
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limit on how deep in the bulk of turbid tissue material can be vaporized using

femtosecond pulses.
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Chapter 4

Disruption of subcellular organelles inside live cells

As shown in the previous chapter, the high precision that can be achieved with

femtosecond lasers in tissue surgery suggests that it is possible to apply this surgical tool

in cellular or even sub-cellular surgery. In this chapter, we discuss using femtosecond

laser pulses to destroy discrete organelles in cells and present applications of using this

technique to address biological questions.

4.1 Introduction

Complex behaviors of cells — mitosis, growth, motility, metabolism, differentiation, and

apoptosis — are due to a combination of processes occurring in spatially distinct

subcellular domains.  To study these behaviors one needs to structurally modify or

remove these functional domains within single living cells with spatial discrimination on

the nanometer scale. Conventional dissection tools such as microneedles, however, are

invasive, have spatial resolution limitations on the order of tens of micrometers and

usually disturb the physical relationships between structures. Hence, in order to study
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cellular processes, it is necessary to develop a precise subcellular surgery technique that

provides submicrometer resolution, minimal alteration to cellular environment, and that

can be applied to live biological samples. In this paper, we report on a novel nanosurgery

technique using near-infrared femtosecond laser pulses to manipulate subcellular

structures inside live cells with 300-nm resolution. Using this technique we demonstrate

the cleaving of actin fiber bundles and vaporization of individual mitochondria without

compromising cell viability. Our nanosurgery technique provides a direct, non-contact

method for manipulating or removing individual intracellular organelles or chromosome

sections in live cells. The technique opens the door to precise studies of organelle

function and cellular processes by allowing observation of cell behavior after the

perturbation or removal of an individual organelle.

The use of lasers in biological research and surgery has greatly increased over the

past decade [1, 2]. Laser radiation affects tissue in a number of different ways: through

heating, bondbreaking, and ablation or vaporization. While vaporization is limited to the

focal volume, which can be made of submicrometer size, heating and indirect mechanical

stresses caused by the laser excitation result in unwanted side effects on a much larger

scale. Because living cells are restricted to a rather narrow range of temperatures, even

relatively little heating can cause cell necrosis, limiting the total amount of energy that

can be deposited in the sample. We must therefore adjust the laser parameters such that

unwanted side effects are minimized.

The temperature rise in a cell due to the absorption of laser irradiation can readily

be calculated. Because cells consist mainly of water, we can use measured values of the

intensity threshold for laser induced plasma generation in water [3-5] to determine the
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minimum energy required to cause optical breakdown in a cell under various focusing

conditions and for different laser pulse durations. Using these energy values and

assuming the cell to be in an aqueous medium, we numerically solved the heat diffusion

equation to find the maximum temperature rise in the cell at the radius R = 1 mm and the

radius of the volume around the focus that is transiently heated by more than 10 K (as

well as the duration of this transient heating). The results for six pulse durations and four

focusing conditions are summarized in Table 4.1 and Figure 4.1.

The larger the numerical aperature (NA) of the objective, the tighter the focusing

is and the lower the energy required to reach the intensity threshold. Also, the shorter the

pulse duration, the higher the intensity is for a given pulse energy. Therefore, the

threshold intensity is reached with the least amount of energy for short pulse durations

under tight focusing. This can clearly be seen in Figure 4.1, which shows that the

maximum temperature just outside the focal volume is lowest for 100 fs pulses focused

with a 1.4 NA objective. These pulses also minimize the time and region exposed to

heating of more than 10 K (Table 1). Another important point that can be seen from

Figure 1 is that the energy required for breakdown is less than 2 nJ for subpicosecond

pulses, a pulse energy that can be generated without amplification, greatly simplifying the

laser requirements. As the data in Table 4.1 show, for 100 fs laser pulses the increase in

temperature just outside the focal volume is only 26 K. Furthermore only a 1.4 µm sized

region is transiently heated by more than 10 K (for a mere 2 µs). In contrast, for pulses of

longer pulse duration much larger regions are heated for significantly longer periods of

time.
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Table 4.1 Threshold intensities Ith for plasma generation in water as a function of
pulse duration [3-5] corresponding energy threshold at 1.4 NA and parameters
describing the resultant heating in an aqueous medium: ΔTmax, the peak
temperature at the radius R = 1 mm, Ro, the radius out to which the temperature
rises by more than 10 K, and to, the time duration for which the temperature rise
within a radius Ro is more than 10 K.

Pulse duration Ith (1015 W/m2) Eth (nJ)

(1.4 NA)

ΔTmax (K)

(R = 1 mm)

Ro (µm)

(T > 10 K)

to (µs)

(T > 10 K)

76 ns 0.23 1900 35000 15 260

6 ns 0.3 230 4300 7.6 65

30 ps 3.8 14 260 3.1 11

3 ps 8.5 3.8 71 1.9 4.2

300 fs 47.6 1.8 34 1.5 2.5

100 fs 111 1.4 26.5 1.4 2.1
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In addition to the thermal effects caused by the laser induced plasma, we also

need to consider mechanical effects on the material surrounding the focal volume.  After

excitation, the plasma expands supersonically into the surrounding tissue and launches a

pressure wave as the laser-induced plasma expansion slows to acoustic velocity [4-10]. In

addition, the vaporized material at the focus forms a cavitation bubble that expands

outward and then collapses under external pressure [4, 6, 8, 11]. The size of the region

affected by these mechanical effects, called the ‘shock zone’, increases with the energy

deposited by the laser pulse. For 1-mJ pulses of nanosecond duration, the size of the

shock zone is about half a millimeter [7]. For shorter pulse durations (and consequently

lower pulses energies), the shock zone is much smaller: at 40 ps and 8 µJ it is on the

order of 100 µm [7] and at 100 fs and 1 µJ it is only 11 µm [10]. For the 100-fs pulses of

2 nJ used in this paper, we estimate the shock zone to be less than 1 µm.

As the above results show collateral thermal and mechanical effects are

minimized for subpicosecond pulses. When such pulses are tightly focused into

biological tissue, the laser intensity at the focal volume causes nonlinear absorption of

laser energy through multiphoton, tunneling, and avalanche ionization [12-16]. This

nonlinear absorption produces a submicrometer-sized, highly-excited plasma, vaporizing

material in the focal volume and providing the surgical effect. Because the absorption is

nonlinear, laser energy is only absorbed at the focus inside the material where the laser

intensity is high. So, in addition to minimizing unwanted collateral effects,

subpicosecond pulses offer two additional advantages. First, they do not require any

linear absorption at the laser wavelength and so any region within the medium can be

targeted regardless of the wavelength of the laser. Secondly, by placing the focus beneath
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the surface of the sample, material within the bulk of the sample can be vaporized,

forming sub-surface cavities, without affecting the surface itself [17-24].

Figure 4.2 shows a schematic diagram of the nanosurgery setup.  A femtosecond

Ti:sapphire laser system delivers 100-fs pulses at 800 nm with a pulse energy of 2–5 nJ at

a 1-kHz repetition rate. A mechanical shutter in the beam path allows us to control the

number of pulses that irradiate the sample. The sample is mounted on a temperature-

controlled stage, placed on top of a computer-controlled x-y translation stage.  We focus

the collimated femtosecond laser beam into the sample using a 1.4 NA oil immersion

microscope objective, which is mounted on a separate stage allowing the laser focus to be

moved in the z-direction. In order to monitor the sample and position the subcellular

target at the focus of the femtosecond laser beam, we use the same objective to obtain an

epi-fluorescence microscope image of the sample cell. The epi-fluorescence microscope

allows us to observe the photodisruption in situ and to monitor the resulting cell response

in real-time. We used this setup to disrupt individual actin fiber bundles and single

mitochondria inside cells.
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4.2 Optical imaging of cells

Optical imaging techniques enable direct visualization of sub-cellular organelles of

interest, and also allow real-time observation of both morphological and biochemical

responses after laser irradiation. Among some of the most widely used imaging methods

in biological research, fluorescence microscopy is probably the most widely used.

Although we also use other techniques such as white-light, phase contrast, and

differential image contrast (DIC) in our study, only epi-fluorescent microscopy and

confocal scanning microscopy will be discussed here.
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4.2.1 Epi-fluorescent imaging

Fluorescence denotes the process where an electron in a molecule or atom absorbs energy

(usually in the form of a photon) and is promoted from its ground to the excited state;

after losing some of its vibrational energy and/or going through non-radiative conversion

to a lower excited state, the electron returns to the ground state and emits a photon. The

fluorescence is therefore usually red-shifted. Figure 4.3 shows the electron energy

diagram of the fluorophore in this process. Because of the energy difference between the

absorbed and emitted photon, background-free detection can be achieved by choosing the

right combination of filters and a dichroic mirror. However, besides the obvious

requirement of having the right excitation wavelength for the fluorophore, the signal in

fluorescent imaging can be very low. Hence an efficient detection system is crucial to

reduce signal loss.
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A fluorescent microscope consists of an excitation light source (usually an

incoherent white light source such as a mercury arc lamp), focusing lens, objective lens,

dichroic mirror, excitation and emission filters, and an imaging lens (for direct viewing)

or a CCD camera [25]. Epi-fluorescent refers to an arrangement where fluorescently

emitted photons are collected on the same side as the incident excitation light (Figure

4.2). The theoretical resolution limit of an imaging system is determined by the 3-

dimensional point spread function (PSF), the intensity variation of the image of an ideal

point source through a lens. Using diffraction theory, one can calculate the diffraction

pattern of a point source. The resolution of an imaging system refers to the smallest

separation between two points that can be resolved. It is determined by the radius of the

Airy disk [26], the diffraction of a circular aperture, and can be expressed as a function of

the excitation wavelength l0 and the numerical aperture of the focusing lens as:

NA
rairy

061.0
λ

= (4.1)

where NA is defined as

αsinnNA = (4.2)

and a is half of the focusing cone angle.

A fluorescent signal can be generated from certain existing molecules in cells

(vitamin A, collagen fibers, chlorophylls) or from artificially introduced chemicals. The

excitation and emission spectra of fluorescence in fluorescein isothiocyanate (FITC) and

tetramethylrhodamine isothiocyanate (TRITC), two common chemical fluorophores for

fluorescent microscopy used in biological research, are shown in Figure 4.4. There are a

number of fluorescence techniques used in biology for sample preparation. We will be

discussing two of them, immunofluorescence and fluorescent proteins, in more detail
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later in the next section. Figure 4.5 is the epi-fluorescent microscopy image of a 3T3

fibroblast cell with actin fiber stained using Alexa Fluor 488 Phalloidin (Molecular

Probes).

4.2.2 Confocal laser scanning microscopy

Confocal laser scanning microscopy exhibits a number of advantages over conventional

optical microscopy. The most important feature stems from the fact that out of focus blur
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due to photon scattering and fluorescence generated outside the focal plane is largely

eliminated from confocal images, making direct non-invasive sectioning of fixed and live

biological specimens possible. Three dimensional images of thick transparent samples

such as cells and tissues can then be generated by combining the images of successive

sections.

In conventional fluorescence microscopy, excitation light illuminates the entire

field of view of a sample. Fluorophores throughout the depth of the sample may be

excited and fluoresce. As a result, the collected signal comes from not only the focal

plane, but also regions above and below, contributing to the final image as out-of-focus

blur. The maximum sample thickness is about 10 µm in order to have acceptable image

contrast and sharpness [25].

In order to overcome this limitation, a pinhole is placed in front of the detector in

a confocal microscope, allowing only the fluorescent signal generated from one spot in

the sample to pass through by spatially blocking the rest. The principle of this pinhole

function is illustrated in Figure 4.6. Laser sources are often used for excitation. The laser

focus is imaged as one pixel onto a two-dimensional detector array or a single photo

multiplier tube. A 2-D image frame is then built pixel by pixel by scanning the laser

beam. The lateral resolution limit of confocal laser scanning imaging is similar to an epi-

fluorescence imaging. The axial resolution z, on the other hand, is greatly improved [25-

27]

€ 

z ~ nλ /(NA)2    (4.3)

For a 1.4 NA oil objective, the lateral resolution is about 200 nm, and the axial resolution

is roughly 400 nm.
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4.3 Fluorescence methods

Since it is necessary to identify the organelles inside cells before targeting them with

femtosecond laser pulses, fluorescence staining methods with high specificity are needed.

Furthermore, since cell responses are often observed over a long period of time under the

fluorescence microscope, it is important to use fluorophores with a slow bleaching rate.

Two methods are used to fluorescently tag specific subcellular organelles in the

experiments, immunofluorescence and fluorescent proteins.
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4.3.1 Immuofluorescence

The immunofluorescence technique makes use of a specific reaction between an antibody

and an antigen [27]. Antibodies are immunoglobulins that defend human or animal

bodies against foreign compounds (antigens). Binding of the antibody to the antigen

neutralizes the antigen. Because an antibody is only produced when the body recognizes

an invading antigen, a certain antibody only interacts with a specific antigen.

Furthermore, antibodies can be covalently labeled with fluorophores without inhibiting

their immunological specificity, i.e., biological function [27]. The immunofluorescence

technique also has limitations. One is that many of the fluorophore-antibody conjugates

are not permeant or have very low permeability to live cells. This means these conjugates

can be used only with chemically fixed cells or cells with a compromised membrane.

Another limitation comes from the fact that fluorophores tend to photobleach, which

makes signal detection a challenge when experimental observation over a long period of

time is required.

In fixed 3T3 fibroblast cells, we selectively label actin fibers in the cellular

cytoskeleton using Alexa Fluor 488 Phalloidin or Alexa Fluor 546 Phalloidin from

Molecular Probes (Figure 4.5). Phalloidin is isolated from poisonous mushrooms and

binds to F-actin (filamentous actin) in the cytoskeleton. Alexa Fluor 488 and 546 have

absorption and emission spectra similar to FITC and TRITC. They are also more stable to

photobleaching, water soluble, pH-insensitive and have stronger absorption. We use

standard FITC and TRITC filter sets (Figure 4.7) from Chroma Inc. in our fluorescence

microscope.
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4.3.2 Fluorescent protein

In order to get around the limitations that the immunofluorescence technique has with

live cell samples, we selectively label subcellular organelles in live bovine capillary

endothelial cells (BCE) with transfected fluorescent proteins. Figure 7 shows the image

of a BCE cell with yellow fluorescent protein (YFP) transfected mitochondria.
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Green fluorescent protein (GFP) was originally discovered in jellyfish, and the

biochemical and physical properties of purified GFP have been studied extensively ever

since. Once the primary genetic sequence of GFP was understood, scientists were able to

explore mutations in regions of the sequence adjacent to the fluorophore; this led to

discovery of a number of GFP variants with brighter fluorescence or shifted absorption

and emission spectra [28]. GFP and its variants have now been successfully used as

specific multicolor fluorescent subcellular probes for gene expression studies, in vivo and

in vitro, as tracers for cells within complex tissues, and as sensors of alterations in

extracellular and intracellular micro-environments. Figure 8 shows the spectra of GFP

and four other structurally engineered fluorescent proteins based on GFP.
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Figure 4.9 Absorption and emission spectra of fluorescent proteins.

Various strategies have been developed to optimize the expression of GFP in cells

or organisms. Fusion of GFP to a protein under study was first demonstrated in 1994

[29]. The GFP gene is usually fused to the N- or C-terminus of the protein of interest, and

viruses are used to deliver the fusion construct into mammalian cells, a process known as

transfection [28]. The transfection of a viral vector for fluorescent protein gene

transcription in cells occur rapidly, usually within 2-4 days after transfection. The level of

protein expression is relatively high due to the strong viral promoter controlling the
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expression of the foreign protein and active replication of the viral RNA for more

templates for protein production [30].

4.4 Results and discussion

Using chemically fixed cell samples, we characterize the effects of femtosecond laser

disruption in cells, and determine the energy threshold for disruption. We also target

individual organelles in live cells, and observe cellular response to laser irradiation.

4.4.1 Photodisruption in fixed cells

To demonstrate the ability to locally vaporize organelles inside a cell, we first used fixed

3T3 fibroblast cells and disrupted the actin fibers in the cell cytoskeleton. Cells were

cultured under 5% CO2 on Petri dishes (Falcon) in Dulbecco's Modified Eagle's Medium

(DMEM, Gibco) containing 10% fetal bovine serum, 2 mM glutamine, 100 µg/ml

streptomycin, and 100 µg/ml penicillin. Cells were dissociated from culture plates with

trypsin/EDTA and washed in DMEM containing 1% w/v BSA (BSA/DMEM). Before

photodisruption, the cells were washed in phosphate buffered saline (PBS) with calcium,

and then fixed in 4% paraformaldahyde in PBS. The cells were then permeated in wash

buffer, PBS containing 0.2% Triton X-100 and 0.1% bovine serum, for 5 minutes. The

cells were stained with Alexa Fluor 488 Phalloidin at a concentration of 1:100 in wash

buffer for 15 minutes.
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We first compare the effects of continuous wave (CW) and femtosecond laser

irradiation on target cells. The unmode-locked CW laser beam from the long cavity

Ti:sapphire laser system (see Chapter 2) was focused inside a fixed fibroblast cell sample

for a period of 5 s. The average power of the laser beam was 75 mW. No apparent

photodisruption or bleaching was detected (Figure 10a). When we mode-locked the laser

at the same average power (corresponding to ~3 nJ/pulse), and allowed the femtosecond

laser pulses to irradiate the same area in the cell, photodisruption occurred immediately

(Figure 10b). This test proves the principle that energy absorption of near infrared laser

radiation in biomaterials is a nonlinear process which depends strongly on laser intensity.
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The femtosecond laser pulses from the amplified Ti:Sapphire laser system were

focused on target fibers inside the fixed cell and the sample was translated

perpendicularly to the laser propagation direction while being continuously irradiated

with the 1-kHz pulse train to cleave fibers and create channels. Cavities were produced

by allowing a desired number of laser pulses to irradiate a fixed spot inside the cell, thus

vaporizing materials in region roughly the same diameter as a single actin fiber bundle.

Laser scanning confocal microscopy images of the cell were captured before and after

laser photodisruption to characterize disruption effects. Actin fibers were cleanly severed

along the path of the femtosecond laser irradiation. The varying widths of the disruption

area reveal the precise control of the size of the ablated domains as the pulse energy

varied from 2 to 5 nJ (Fig. 11a). The side view of the same cell reveals the internal

control of the disruption region in the z-plane (Fig. 11b).  The area of disruption can be

confined to an interior region without affecting areas in the cell outside the focus. We

also performed atomic force microscopy on another fixed 3T3 fibroblast cell, on the

surface of which channels were produced using 2-nanojoule femtosecond laser pulses.

The width of the channels is roughly 300 nm. Thus disruption spatial selectivity is

possible inside a cell.
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We rely on fluorescent microscopy to identify laser irradiation effects, and

associate the disappearance of fluorescence signal in microscopy as an indication of laser

photodisruption, i.e., vaporization/destruction of cellular material. However, it is

important to ensure that the disappearance of fluorescence signal is not due to

photobleaching of fluorophores. Photobleaching occurs when excited fluorophores

undergo irreversible destruction under high-intensity illumination conditions, reducing

fluorescence emission. A number of photochemical pathways have been suggested that

could cause fluorophore photobleaching. They all involve the excited electron crossing

from a singlet state to a triplet excited state. Hence, intense femtosecond laser pulses can

cause photobleaching to the fluorophore. To pinpoint the cause of the disappearance of
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fluorescent signal and verify that femtosecond laser irradiation can lead to localized

vaporization/destruction of cellular material, we performed a second staining after laser

irradiation with another actin-binding fluorophore, Alexa Fluor 546 Pholloidin. Alexa

546 has an emission peak in the red that can be easily distinguished from the previous

stain, Alexa Fluor 488. Femtosecond laser pulses at 2 nJ (the lowest energy level used in

the previous photodisruption study in fixed cells) clearly produce channels in the cell

when viewed with the Alexa 488 filter set (Figure 12a). Although they appear to have a

smaller width (Figure 12b), the channels nonetheless remain under the Alexa 546 filter,

indicating the destruction of actin due to the femtosecond laser irradiation. As a result, it

is safe to conclude that the subsurface channels and cavities we observe in fixed cells are

produced by femtosecond laser disruption of cellular material.

We also determined the femtosecond laser disruption threshold of actin fibers in

cells using this method. With 1.5 nJ femtosecond laser pulses, actin fibers are cleaved
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due to photodisruption in fixed fibroblast cells (Figure 13a and 3b). When we lower the

laser pulse energy to 1 nJ, photobleaching effects dominate with only barely noticeable

disruption remaining after the second staining. Below this energy, no photodisruption of

F-actin in the cell cytoskeleton is observed, indicating that 1.5 nJ is the threshold for

photodisruption of actin fibers with 100-fs, 800-ns laser pulses.

4.4.2 Photodisruption in live cells

In live bovine capillary endothelial cells, we target single mitochondria with femtosecond

laser pulses. BCE cells were cultured under 10% CO2 content in standard medium (see

previous section). For long-term experiments in air, cells were cultured in CO2-

independent media (Gibco) with 10 µg/ml high-density lipoprotein, 5 µg/ml transferrin,

and 5 ng/ml basic fibroblast growth factor. A fusion construct containing the gene for

enhanced yellow fluorescent protein (EYFP) and the mitochondrial targeting sequence
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from human cytochrome C oxidase (pEYFP-Mito; Clonetech) was transfected into BCE

cells using the Effectene (Qiagen) technique. Single mitochondria were targeted for

photodisruption. A group of mitochondria in a single cell (Figure 14a) were visualized

and one was targeted with the femtosecond laser pulses of 2 nJ of energy. After the

disruption, only the untargeted mitochondria remain (Figure 14b). We notice almost no

structural alterations to the adjacent mitochondria separated by only hundreds of

nanometers (Figure 14c). Transfected mitochondria in the cell continue to fluoresce

during an observation period of one and a half hours showing no sign of morphological

change to the organelles or conformational change to the protein that could lead to loss of

fluorescence signal.

Cell membrane integrity was tested after mitochondrion ablation to prove that

photodisruption occurrs inside the cell without rupturing the cell membrane. Rhodamine-
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conjugated ethidium bromide, which is plasma membrane impermeable and binds to

nucleic acid, was used to examine membrane integrity. Before laser irradiation, ethidium

bromide (Molecular Probes) is added to the CO2-independent cell culture media in which

cells are suspended at 10  mM before laser irradiation. We selectively disrupted one

mitochondrion using femtosecond laser pulses with 2 nJ of energy (Figure 15ab). The

ethidium bromide remains on the periphery of the cell after disruption suggesting that

local disruption in nanodomains of a cell does not compromise membrane integrity or

lead immediately to cell necrosis. The focus of the laser pulses was then translated

toward the cell membrane. When the laser focus comes into contact with the membrane,

the nucleus of the cell immediately increases ten fold in fluorescent intensity as the

ethidium bromide rapidly diffuses into the cell (Fig. 15c).
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4.4.3 Discussion

It is often believed that a critical free electron density of 1021 cm–3 has to be reached in

simple materials, such as glass, before the plasma becomes dense enough to be able

absorb a significant fraction of the laser energy to cause femtosecond laser-induced

optical breakdown. Numerical simulation and experimental observation yield an optical

breakdown intensity threshold of ~1013 W/cm2 in water for 100 fs laser pulses [5, 31].



92

The measured energy threshold at which we observe actin vaporization/destruction is

about 1.5 nJ, corresponding to an intensity threshold of 0.9×1013 W/cm2 assuming a

diffraction-limited focus spot size. Near this threshold, we believe the shock wave

propagation due to plasma expansion (the dominating mechanical effect in laser-induced

material modification [8, 32]) discussed in the introduction and in the previous chapter is

less important. It is simply because most of the laser pulse has just enough energy to free

the bound electron during the avalanche process. These free electrons do not have enough

kinetic energy to generate a significant shock wave. Hence, the high precision subcellular

surgery can be achieved.

Near or below the energy level at which significant mechanical effects are

achieved, photochemical effects may play an important role in determining subcellular

surgery results. It has been shown that the formation of two highly reactive oxygen

species OH* and H2O2 following ionization can lead to damage in cellular materials [33-

36]. Another observation indicated that low energy electrons of less 15 eV could cause

fragmentation of small molecules. Boudaiffa et al. [37] reported DNA strand breaking

associated with low-energy electrons. Results of disruption in biomaterials using

femtosecond laser pulses with energy below breakdown threshold [38] could be due to

these photochemical effects.

4.5 Application: Probing mitochondrial organization in single cells

A number of existing techniques to spatially manipulate cells have subcellular resolution,

but all have severe limitations.  Commercially available UV microscissors use a near-
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ultraviolet (337 nm) nanosecond laser pulse to dissect tissue with a resolution of about 1

µm. Because most cell components linearly absorb strongly in the near-ultraviolet,

however, any components in the light path outside the focal plane also absorb the

radiation, making it impossible to disrupt subcellular organelles in live cells without

compromising the cell membrane. Chromophore-assisted laser inactivation (CALI) has

been used in protein function studies, providing both spatial and molecular specificity

[39]. A specific protein is targeted by binding a visible light absorbing dye to the protein.

Upon irraditation with visible light, the dye generates free radicals that damage the bound

protein. The effects of CALI, however, are short-term and recovery of protein function

occurs within hours to days. In nanosecond laser microsurgery, tightly focused

nanosecond laser pulses with 300–500 nJ of energy at 532-nm are used to damage

subcellular structures such as the centrosome [40, 41]. The pulses do not cause physical

ablation but denature the protein molecules in and around the laser focus. However,

cellular structures vary in sensitivity to the nanosecond 532-nm laser irradiation and

pulses that are energetic enough to affect one organelle can damage many other structures

in the beam path.

The nanosurgery technique using femtosecond laser pulses presented here

provides an attractive method to photodisrupt subcellular domains within live single cells

with high spatial selectivity. Structures outside the small focal region remain intact, and

cell viability is preserved. We believe that the technique will be useful in studies of cell

dynamics, chemotaxis, cell polarity, spatially regulated signaling, drug screening and

other phenomena involving intracellular compartments and sub-cellular heterogeneity.

We investigated mitochondrial connectivity, to study whether these energy-generating
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organelles form a physically continuous network similar to the endoplasmic reticulum or

exist as independent functional units.

Recent studies of the structural organization of mitochondria and their signaling

role in living cells have produced conflicting reports. Some suggest that these energy-

generating organelles form a physically continuous network similar to the endoplasmic

reticulum [42, 43], while others suggest that mitochondria are organized as structurally

independent functional units [44, 45] that are linked by cytoskeletal filaments [46, 47].

We studied the connectivity of mitochondria by selectively damaging a single

mitochondrion and examining the effect on its neighbors. If each mitochondrion is

physically isolated from the others, then damage to one should not compromise the

structural integrity of its neighbors.

Femtosecond laser pulses of 2 nJ energy were focused on one of a closely

clustered group of mitochondria in a living bovine capillary endothelial cell (Fig. 16a).

After damaging the target mitochondrion, only the surrounding mitochondria could be

visualized (Fig. 16b). We carefully examined the spatial distribution of the mitochondria

in the cell by overlaying cell images before and after laser irradiation. No significant

alterations in the shape or position of adjacent mitochondria could be detected, even

though they were separated by only hundreds of nanometers (Fig. 16c). We continued to

observe the cell after the removal of the mitochondrion, and detect no recovery of

fluorescence (Figure 16d) that could indicate fast protein diffusion through a tubular

network. Using this approach, we conclusively demonstrate that mitochondria exist as

isolated organelles within mammalian cells, thus providing direct structural evidence in

support of recent physiological studies [44, 45].
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Figure 4.16 Epi-fluorescence  microscope image of a live BCE cell (a) and (b) before
laser irradiation, (c) after 2 nJ femtosecond laser pulses disrupted a single mitochondria at
point A, and (d) measurement of fluorescence intensities at four points in the cell.

When the intensity and effective radius of irradiation are increased by using

higher energy pulses at 4 nJ, the surrounding mitochondria are slightly displaced after
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irradiation (Figure 17), probably due to disruption of nearby (unstained) microtubule

scaffolds which orient the mitochondria [48].

4.6 Conclusion

We showed that femtosecond laser disruption provides a means to selectively vaporize,

and hence physically excise molecular structures with nanometer resolution within the

cytoplasm of living cells. Importantly, laser disruption of organelles within the cytoplasm

does not disrupt overlying cell membranes or compromise cell viability. The femtosecond

nanoscissor presented in this chapter may be useful in future studies on the role of

discrete subcellular microdomains, specialized organelles, and supramolecular scaffolds

in the control of complex cellular behaviors, such as growth, motility, polarity, mitosis,

and spatially regulated signaling, which similarly involve contributions from multiple

intracellular structural components and subcellular heterogeneity.
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Chapter 5

Multiphoton Imaging

Because the pulse energy required for precise photodisruption in cells is only on the order

of a couple of nanojoules, it is possible to perform disruption using a high repetition rate

femtosecond laser oscillator system. Furthermore, with only a small number of the pulses

needed for photodisruption, the rest of the pulse train can be used to image cell samples

in real-time with high resolution in a multiphoton microscopy configuration. In this

chapter we discuss the principle of multiphoton microscopy and the technical details of

constructing a multiphoton microscope in combination with a femtosecond laser

nanosurgery apparatus.

5.1 Multiphoton laser scanning microscopy principles

The necessity for a three-dimensional imaging technique comes from the fact that many

biological processes occur inside a cell and below layers of tissue. An in vivo study of a

system requires minimal effects on the system’s physiological and functional behaviors

in order to fully understand these processes. Among existing 3-D imaging methods,



102

optical imaging provides resolution of a single micrometer or less, does relatively little

harm to biological tissue, and is capable of following fast dynamic processes in biological

samples on the millisecond timescale [1]. Multiphoton laser-scanning microscopy was

first demonstrated by Denk et al. It has unique advantages over conventional single

photon imaging systems and is suitable for both in vivo and in vitro imaging of biological

samples.

5.1.1 Multiphoton vs. single photon imaging

Single photon fluorescence imaging, including confocal laser scanning microscopy, relies

on the absorption and emission of fluorescent molecules inside a specimen. A single

photon with a wavelength within the absorption band of the fluorophore promotes the

molecule to an excited state. After thermal equilibration, the fluorophore relaxes back to

the ground state and emits a red-shifted photon. The probability of fluorescent signal

generated from a given axial plane depends on the density of the excitation photons

available, i.e. the light intensity, and the number of fluorophores in the plane. In a plane

closer to the focus, although excitation photon intensity increases in the smaller cross-

sectional area, the fluorophore number decreases by the same amount. Thus for a given

fluorophore, the fluorescence probability is constant from any given axial plane

regardless of the focusing of the incident beam. Consequently, fluorescent photons are

generated with an equal probability throughout the entire axial extent of the incident

beam as illustrated in Figure 5.1a.
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The fluorescence generated from planes outside the focal plane contributes to the

background noise, decreasing axial resolution and the signal-to-noise ratio. Furthermore,

photobleaching resulting from the single photon absorption process occurs everywhere in

the excitation light path, reducing fluorescence signal over time. One of the methods used

to increase axial resolution is the addition of a confocal pinhole in front of the detector.

The pinhole preferentially passes fluorescent light generated near the focus. However,

because a large number of photons is blocked by the pinhole, more intense excitation

sources such as lasers are often used to make up for the generally low signal level. Hence,

photobleaching is unavoidable. In general, confocal microscopy works well with

optically thin samples, in which scattering is relatively less important. In thick samples,

on the other hand, scattering increases substantially. A greater number of fluorescence

photons from the focal volume are deflected from their original trajectories, are blocked

by the confocal pinhole, and do not contribute to the imaging. Similarly, an increasing



104

portion of the fluorescence from outside the focus deviates from its path and may pass

through the pinhole, reducing the signal-to-noise ratio.

Multiphoton imaging is based on the same fluorescence principle. However,

instead of using a single photon to excite the fluorophore, the energy of multiple photons

at a longer wavelength than the fluorophore excitation wavelength are absorbed

simultaneously by the molecule. Figure 5.2 schematically illustrates such a process. The

probability of multiphoton absorption thus scales with the nth power of the incident laser

intensity where n is the number of photons needed to bridge the energy gap between the

ground and excited states of the fluorescent molecule. This nonlinearity of the absorption

process provides the intrinsic mechanism for high axial resolution, and hence optical

sectioning capability, since absorption only occurs in a small focal volume where the

laser intensity is high.
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It is also this small absorption volume that provides a solution to some of the

problems confocal laser scanning microscopes face. Firstly, because the absorption is

limited only to the focal volume, out-of-focus bleaching of fluorophores is greatly

avoided. Secondly, since the fluorescence is only generated within the focus at any given

time, no spatial filter is needed on the detection side. All the photons that reach the

detector (e.g ., a photomultiplier tube) can be collected and assigned to a pixel

corresponding to the position of the focus. This detection scheme means that a higher

collection efficiency can be achieved, and is easier to align than a confocal setup.

Because the absorption depends strongly on excitation light intensity, it is

necessary to choose a laser source that provides a high enough intensity to generate a

significant multiphoton fluorescence signal. At the same time, a relatively low average

power must be maintained in order to avoid thermal damage to the sample. The

femtosecond laser pulses from a Ti:sapphaire laser oscillator are well suited for use in

two-photon imaging because of their high intensity and low average power [2, 3]. The

near infrared wavelength of a Ti:sapphire laser is especially desirable for imaging

biological samples as infrared light is much less destructive compared to UV or near-UV

excitation wavelength used in some confocal microscopes.

5.1.2 Resolution in multiphoton imaging

The 3-D resolution of a microscope is ordinarily determined by the volume to which a

point light source is imaged (the point spread function). In a laser-scanning imaging

system based on the multiphoton absorption principle with no aperture, this volume is
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exactly the excitation volume [4, 5]. The lateral and axial resolutions should then be

related to the longitudinal and transverse intensity profiles of the incident laser beam.

Because the absorption depends on the n th power of the excitation intensity in

multiphoton imaging, the multiphoton excitation volume should be smaller compared to

the volume of which fluorescence is detected in a conventional single photon laser

scanning confocal microscope [4, 5]. This suggests that multiphoton imaging has a better

resolution than the traditional confocal microscopy, but in reality the enhancement is

counterbalanced by the need to use a much longer wavelength for excitation.

Since femtosecond laser sources are usually used in multiphoton microscopes, the

intensity distribution is that of a focused Gaussian shaped laser beam. The lateral

resolution can then be expressed as the beam waist at the focus obtained using the

paraxial approximation of the Fresnel diffraction theory:
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where λ0 is the excitation laser wavelength, f is the focal length of the lens, and ω is the

beam waist before the focusing lens. Since f/ω is just the cotangent of the focusing angle

α, Equation 5.1 can be rewritten as a function of sinα, which is just the numerical

aperture (NA) of the lens in air,
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For a 1.4 NA oil immersion objective (0.92 NA in air), equation (5.2) suggests that the

ideal resolution r is ~213 nm when using 800 nm laser excitation.

The axial resolution is limited by the axial extend of the excitation light near the

focus and depends on the confocal parameter of the focused beam:
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When a 1.4 NA oil immersion objective is used, zconfocal will be less than 100 nm.

In reality, the resolution is much worse than this prediction because the paraxial

approximation is no longer valid for very high NA. It is believed that zconfocal starts to

plateau at about 0.8 NA. As a result, the expected lateral resolution and the depth

discrimination of a multiphoton laser scanning microscope with a 1.4 NA oil immersion

objective are similar to that of a confocal laser scanning microscope, and are on the order

of a few hundred nanometers.

5.1.3 Discussion

Single photon fluorescence microscopy has been used for over a century [7]. The linear

absorption (single photon absorption) process, which the microscopy is based on, has

been extensively studied for even longer. Nowadays, there exits hundreds of fluorophores

well characterized and understood for the purpose of single photon fluorescence

microscopy. Multiphoton fluorescence imaging was first proposed in 1978 [6], and two-

photon laser scanning microscopy was demonstrated by Denk et al. in 1990 [1]. Since the

basic principles of multiphoton imaging are different from the traditional single photon

imaging, it is necessary to look at some of the issues unique to multiphoton imaging such

as the absorption cross-section of fluorophores and possible photodamage and bleaching

effects.
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5.1.3.1 Multiphoton absorption cross section and excitation spectra of fluorphores

Let us first compare the signal levels from one- and two-photon microscopes. The

number of fluorescence photon collected F  (photon per second per molecule) in

fluorescence microscopy depends on the fluorescence quantum efficiency (η) of the

fluorophore, the collection efficiency of the detector (φ) and the number of excitation

photons absorbed (Nabs).

(5.4)

The collection efficiency of the detector should be independent of the excitation process

(single or multiphoton). The fluorescence quantum efficiency should also remain

constant if we assume that it is the same excitation state that is reached in both processes.

The number of absorbed photons at a wavelength, on the other hand, is proportional to

the excitation intensity I for one-photon and I2 for two-photon absorption, and the

absorption cross section, δ(λ) which also depends on the process, of the molecule, will

therefore vary for different processes. To achieve the brightest imaging result, it is

therefore necessary to use fluorophores with large absorption cross sections and also

choose the excitation source at a wavelength corresponding to the highest absorption

cross section. Furthermore, in quantitative imaging, one needs to know the value of δ in

order to relate the signal level to specific experimental parameters.

The one-photon absorption properties of many fluorophores have been carefully

studied. From these properties, unfortunately, no quantitative predictions can be made

about the two-photon absorption characteristics simply because the two processes are

intrinsically different quantum mechanically [7]. The quantum-mechanical selection rules
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for two-photon absorption differ from those for the one-photon process [8-10]. In fact, for

isolated atoms, a one-photon transition is strictly forbidden for two-photon transitions and

vice versa. Of course, for complex dye molecules, this exclusion usually does not hold

due to the reduced symmetry and vibration effects in the molecules [11]. It is nonetheless

important to gain some insight on the basic behaviors of the fluorophores in order to

choose the best excitation source and fluorophore for the best images.

Many experiments were carried out in the 1990s to better understand the behavior

of fluorophores under two-photon excitation, especially those widely used in biological

studies,. Because of the nature of this higher order process, the two-photon absorption

cross section for a fluorophore is usually much smaller than that for the one-photon

process. The typical value of the one-photon absorption cross section for commonly used

fluorophores (including autofluorescent proteins) is ~10–16 cm2/photon [12]. The

absorption cross section is on the order of 10–50 cm4 s/photon [12-14] for a two-photon

process. This means that the two-photon fluorescence signal is intrinsically small

compared to one-photon fluorescence even when a high-intensity excitation source is

used, which makes it a challenge for signal detection in two-photon imaging. However,

because of the recent recognition of the advantages and an increasing popularity of two-

photon fluorescence imaging in life science, a great deal of effort has been put into

synthesizing fluorescent molecules with large two-photon absorption cross sections [15].

Another complication brought to light by the two-photon absorption cross section

measurements is that the “twice-the-wavelength” rule (that the two-photon absorption

peaks at twice the wavelength of the one-photon absorption maximum) is not always

right. Instead, it has been observed that the two-photon absorption spectra for
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fluorophores (which follow the behavior of their absorption cross section) often exhibit a

peak wavelength blue shifted relative to twice their one-photon absorption. For example

for fluorescein, the wavelength corresponding to twice the one-photon absorption

wawelength should be about 1000 nm. It has been shown that two-photon absorption

peaks at 760 and 800 nm. Although the exact quantum-mechanical basis of this

phenomenon is not yet understood, it has been suggested that the shift occurs because

some higher excited singlet states can be reached with greater probability by two-photon

than one-photon excitation [16, 17]. The absorption cross section at the blue-shifted

wavelength is then higher than at exactly twice the one-photon peak. Because of this

complication, one has to be careful in choosing the two-photon excitation wavelength

when using fluorophores even when their one-photon absorption properties are well-

known.

5.1.3.2 Multiphoton bleaching and damage of fluorophores

Two other important issues associated with all fluorescence imaging in biological

research are photobleaching of the fluorophore and photodamaging of the sample. Again,

because multiphoton microscopy is relatively new, the exact effects of bleaching and

damaging due to multiphoton excitation are not yet fully understood. However, there are

still a number of experimental observations that offer some insight.

Because of the low absorption cross section, two-photon fluorescence imaging

requires high intensity laser excitation of the fluorophore in order to generate appreciable

signal. This high intensity can also lead to a higher photobleaching rate within the focal
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volume. In fact, it is well known that many standard fluorophores exhibit significantly

reduced photochemical lifetimes when subjected to two-photon excitation [18]. Also,

unlike in one-photon excitation where the fluorophore bleaching rate increases linearly

with excitation intensity, the bleaching rate for two-photon fluorescence often exhibits an

increase proportional to I2 [18]. This result suggests that the mechanism that leads to

photobleaching in two-photon fluorescence is significantly different from the one-photon

process. Further investigation is needed to better understand of the physical principles

that govern the multiphoton bleaching, and to reduce any unnecessary bleaching during

experiments.

In laser scanning fluorescence microscopy, continuous wave (CW) or high-

repetition rate pulsed lasers are often used for excitation to achieve a fast frame rate. One

consequence of having a large number of pulses constantly irradiating a biological

sample is the heating and thermal damage of the sample due to absorption of the laser

energy by water or other molecules. For multiphoton imaging, it is necessary to use short

pulsed lasers instead of a CW sources because high intensity can be achieved with a

femtosecond laser at a much lower average power compared to a CW source. The

appropriate intensity/energy level should be determined in order to obtain a good

fluorescence signal and avoid bleaching and heating the sample. The typical level of

pulse energy in imaging thin samples such as cell cultures is on the order of picojoules

per pulse. Of course the choice of the exact excitation pulse energy depends on the

sample and the fluorophore used.
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5.2 Multiphoton microscope setup

Multiphoton laser scanning microscopes are now commercially available. Generally,

such a setup consists of an excitation light source, scanning device, focusing and

translation apparatus, and detection system. We have constructed a multiphoton laser

scanning microscope in our lab for the purpose of combining imaging and subcellular

surgery into one complete system. The schematic diagram of the system is illustrated in

Figure 5.3. In this section, we will discuss the technical details of the microscope design,

and illustrate at the end how subcellular surgery can be achieved with the same set up.
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5.2.1 Laser source

As mentioned in the previous section, the excitation light source for a multiphoton

microscope has to meet three requirements. Firstly, it has to have a wide wavelength

tunability in order to excite different fluorophores. Secondly, it has to be able to achieve a

high intensity with relatively low average power in order to generate enough fluorescence

signal from fluorophores with a small absorption cross section and avoid sample heating.

Thirdly, the laser has to operate at high repetition rate or CW in order to produce image

frames at a fast rate. A Ti:sapphire laser oscillator satisfies all three requirements. The

short duration of the pulse guarantees a large pulse power, hence high intensity, but the

average power is low. The laser runs at a MHz repetition rate, fast enough to generate

images at video-rate1. And it has a tunable range from 700 to 1000 nm which covers most

of the commonly used fluorophores in biology.

We used a modified Ti:sapphire long-cavity laser oscillator (Figure 5.3a) as

described in Chapter 2 for multiphoton imaging. The laser produces 20-nJ, 55-fs pulses at

25-MHz repetition rate. Compared to a standard Ti:sapphire oscillator, we gain energy

per pulse but lose repetition rate. We also insert an acoustic optical modulator (AOM) in

the laser beam path. The AOM allows us to switch out a desired number of pulses from

the 25 MHz pulse train by applying a high voltage. The extra pulse energy and the ability

                                                  
1 To image an area of 512 by 512 pixels at video rate (30 frames/second), one needs > 8 million laser pulses
per second (assuming one pulse per pixel).
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to switch out pulses are needed to perform subcellular surgery in our study as will be seen

in the last part of this section.

5.2.2 Imaging and scanning system

The layout of the scanning and imaging part of the microscope is shown in Figure 5.3b.

The excitation light enters the focusing objective via an epi-fluorescence path. The

galvanometer-driven x-y scanning device (Cambridge Technology Inc.) scans the laser

beams. A dichroic mirror (CVI Inc.) that reflects wavelengths lower than 630 nm is used

to direct the fluorescence to the detector.

The design of the scanning scheme is the heart of the microscope. The laser beam

needs to completely fill the back aperture of the objective in order to achieve the highest

numerical aperture the objective is designed for and create the smallest focal volume. The

scanning system also has to produce a true, distortion-free image. The essential idea is to

be able to move the focus of the laser beam on a plane only by changing the angle at

which the beam enters the back aperture of the objective without actually shifting the

beam position on the back aperture, and hence affecting the degree of filling (see Figure

5.4a).
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To satisfy this requirement, we place a telescope that consists of two lenses in

front of the objective (Figure 5.4). The telescope serves two purposes. The mirrors in a

scanner are usually small in size. The laser beam incidents on the scanner therefore can

not be very large. By selecting the right focal length for the lenses in the telescope, the

diameter of the laser beam can be expanded or contracted so that it completely fills the
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back aperture of the objective. The same telescope also relay-images the laser beam from

the scanner to the back aperture of the objective with the pivot point of the scanner

imaged exactly to the center of the back aperture of the objective. The principle of the

scanning system is illustrated in Figure 5.4. The scanner rotates around a pivot point O.

The collimated laser beam hits the scanner with the beam center on this pivot point.

Depending on the rotation of the scanner, the beam is reflected at a different angle and

enters the telescope at a different part of the lens. After the telescope, the beam is re-

collimated. When it enters the back aperture of the objective, the center of the beam

remains at the center of the back aperture, and the incident angle is determined by the

angle of the scanning mirrors. The degree of filling is therefore unchanged, and the beam

is focused to a spot on the focal plane. The size of the image area is determined by the

angle of rotation of the scanner. The position of each element in the scanning system and

the focal lengths of the lenses as indicated in Figure 5.4 and obey the following relations:
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5.2.3 Detection

There are two detection schemes in multiphoton imaging which we will call the imaging

and raster-scanning modes. In the imaging mode, which is what we are using in our

system at the moment, the fluorescence signal is focused onto a 2-D detector such as a

CCD camera. An image frame is generated when the entire image area is covered by the

scanner. The frame rate is determined by how fast an area of interest can be scanned.
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With a commercially available scanning device and a MHz repetition rate laser, it is

possible to achieve video-rate imaging of an area 100 x 100 µm. The advantage of this

detection scheme is that the instrumentation requirement is relatively simple, as no

special post-processing program is needed. But because of the low signal level, the 2-D

detector (CCD) must be very sensitive. Also, when dealing with thick samples,

fluorescence photons can be scattered out of the focal volume and introduce blurring in

the image.

An image can also be generated in the raster-scanning mode, in which a photon

detector such as photomultipler tuber (PMT) or photodiode is used. Again, the

fluorescence photons are focused onto the detector. The signal collected within a time

interval that correspond to the time the laser beam is focused on one spot of the sample is

recorded and assigned to one pixel of the final image corresponding to the position of the

focus at that time. An image frame is then built up pixel by pixel and reconstructed at the

end by computer. The advantage of this detection scheme is that all of the fluorescence

photons, even if they are subsequently scattered, can be collected and attributed to the

exact focal spot. The drawback is then the need for a computer hardware and software

system to keep track of where the scanned focal spot is and relate the measured signal to

that spot for image reconstruction at the end.

5.2.4 Combining multiphoton imaging with subcellular surgery

Subcellular surgery in living cells requires femtosecond laser pulses with energy on the

order of a nanojoule (see Chapter 4). To perform surgery, the switched pulse has to be
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focused onto the cell sample. Therefore, we insert a polarizing beam splitter cube in front

of the objective lens (see Figure 5.3). The polarizing cube allows light in one polarization

to go through and reflects the light in the orthogonal direction. The multiphoton imaging

system uses most of the pulses from the long-cavity oscillator, which is p polarized and

passes through the polarizing cube. When it is necessary to perform subcellular surgery,

we take the switched pulse from the AOM, change its polarization direction to s and

recombine it with the imaging beam through the polarizing cube. Both beams are focused

through the same objective lens and imaging and surgery are achieved simultaneously.

5.3 System performance and discussion

We have tested the performance of our multiphoton imaging system by imaging

fluorescent microspheres that are commercially available (Molecular Probes). Figure 5.5

shows an image of 2-µm microspheres taken with the microscope. The intensity profile

of one microsphere in the inset has a FWHM (full width half maximum) of 2 µm.
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Multiphoton imaging with the help of autofluorescent proteins will enable us to follow

dynamic processes in cells in 3-D. For example, fluorescence photobleaching recovery,

which is used to observe 3-D molecular diffusion in cells, can be done on a multiphoton

microscope. Comparing to a confocal micoscope on which the experiments are currently

done, the fluorescence bleaching volume is better estimated in a multiphoton microscope

since the excitation (bleaching) occurs only in the focal volume [19]. Multiphoton

microscopy can also be used to study membrane dynamics of embryos during cell fusion

and measure actin dynamics [20, 21]
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The advantage of multiphoton imaging becomes more pronounced when dealing

with thick and/or scattering samples. The excitation wavelength used in multiphoton

fluorescence imaging is longer (near infrared) than that of a confocal microscope (visible

to near-UV). This results in less scattering and deeper penetration in tissue (see Chapter

3) for multiphoton imaging. The ability to resolve structures deep in the bulk of the tissue

(> 200 µm) is now used to image blood flow in individual capillaries in rat cerebral

By combining multiphoton imaging and subcellular laser surgery, we can

physically perturb or remove structures in living cells that are involved in cellular

processes being studied. With this technique, it is possible to investigate cell dynamics,

repair mechanisms, spatially regulated signaling and other phenomena involving

intracellular structures and subcellular heterogeneity.

5.4 Summary

In this chapter, we have briefly discussed the principles of multiphoton microscopy. With

all the advantages we have highlighted, multiphoton imaging will become more

important to biological research. Many improvements have already been made in the past

few years. However, it is still a relatively new technique and more study needs to be done

to ensure further advances.

cortex [22, 23].
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Chapter 6

Summary and outlook

The advances in ultrashort laser technology have made femtosecond lasers robust enough

to be introduced into many research fields including clinical and biological studies. Laser

tissue interaction has remained an active area of research since the invention of the laser

in the 1960s. The understanding of basic principles of intense femtosecond laser pulse

interaction with biological tissue is the key to initiate new applications and promote

better technologies of using femtosecond lasers in medicine and biology.  In this chapter,

we review briefly the results presented in this thesis, and discuss possible future works.

We focused our discussion of the fundamental physical principles of light-matter

interaction on the nonlinear effects such as intensity-dependent index of refraction and

photoionization. Femtosecond laser induced surgical effects are the results of these

nonlinear processes.

In our study of laser skin tissue surgery, we tightly focus the femtosecond laser

pulses using a microscope objective lens on the surface and inside the bulk of skin

tissues. Ablation at the tissue surface and incision through different tissue layers can be

produced with higher precision than other techniques. We also demonstrate that



125

femtosecond laser pulses can be used to create cavities inside the bulk of a tissue without

affecting the tissue surface. The size of the cavity is determined by the laser energy

deposited in the tissue.

With the high precision of femtosecond pulses, we can also target subcellular

organelles in fixed and live cells. Using fixed cell samples, we determined that the energy

threshold for femtosecond laser disruption of structures in cells is on the order of

nanojoules. Single mitochondria within a live cell were disrupted at this energy without

affecting cell viability.

Complex cell behaviors are the result of a combination of processes occurring in

spatially distinct cellular domains. Using femtosecond subcellular surgery technique, one

can study these behaviors by structurally modifying or removing the functional domains

within single living cells. We investigated the organization of the mitochondrial network

in the BCE cells, and observed that mitochondria function on a individual level instead of

behaving as part of a network of connected organelles.

The ability to follow cellular dynamics in 3-D with high resolution is essential to

biological research. By combining multiphoton imaging with subcellular surgery into one

integrated system, we will be able to directly probe subcellular structural domains and

observe cell response in real-time. This technique will be useful in studies of cell

dynamics, chemotaxis, cell polarity, spatially regulated signaling, drug screening and

other phenomena involving intracellular compartments and subcellular heterogeneity.




