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Introduction

Nonlinear optical microscopy (NLOM) represents today a very powerful tool for the study of
biological tissues. NLOM became a truly active field by the 1990s, when the availability of stable
laser sources, delivering ultra-short pulses (on the order of 10−12 − 10−13 s duration), allowed
the application in microscopy of different nonlinear contrast mechanisms. In fact, the use of
pulsed lasers is necessary, in order to reach high field intensities with relatively low average
powers, avoiding photo-damage of biological tissues.

Today, nonlinear microscopes can incorporate several imaging techniques on the same setup.
For instance, two-photon excited fluorescence (TPEF) and second harmonic generation (SHG)
can be simultaneously excited with a single-wavelength pulsed laser. Coherent Raman scatter-
ing techniques, such as coherent anti-Stokes Raman scattering (CARS) and stimulated Raman
scattering (SRS), employ two synchronized laser pulse trains at different wavelengths, in order
to stimulate the transitions between different vibrational levels of a molecule. These techniques
are said to be chemically specific, because they can probe the molecular content of a sample, by
driving chemical bonds into coherent oscillations.

The success of NLOM is also due to its intrinsic optical sectioning capability, which has
pushed the penetration depth inside biological tissues, reaching locations previously inaccessible
to linear microscopy. Moreover, in live tissues many cellular and extracellular components are
intrinsic nonlinear markers. Collagen type I, the most abundant component of the connective
tissue, is a strong emitter of SHG radiation. Different molecules, such as the NAD(H) and
flavine proteins, can be imaged by TPEF. CARS and SRS have been widely used to visualize
lipid droplets and cells, thanks to the strong Raman response of the CH2 antisymmetric stretch
vibration. Recently, different Raman lines have been recently used to differentiate DNA from
cellular proteins and lipids in SRS images of live cells.

This is very promising, in sight of the application of NLOM as a label-free histology method
for tissue inspection and diagnosis. In fact, the proliferation of cells, characterized by a very
high density of nuclei, is one of the criteria employed by histopathologists to differentiate a ma-
lignant tissue from a normal one. Collagen degradation and disordering is also linked to many
pathologies, and comparisons of NLOM images with conventionally stained histology slides have
shown a very high degree of correlation between the two techniques. Many research groups are
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Introduction

currently working on the combination of nonlinear imaging techniques for fast and label-free
inspection of tissues. The capability of performing in-vivo, label-free optical biopsy could have
a large impact in many clinical situations, especially during surgeries, where tumor margins
are not always identifiable by white light imaging, and their fast and precise identification is
necessary.

The development of portable, miniature endoscope probes, capable of performing in-vivo
nonlinear imaging of biological tissues, is a necessary condition for the translation of NLOM
into clinical routine. One of the main challenges is related to the transmission of the ultra-short
pulses with optical fibers. In classical single mode fibers, the pulses are affected by dispersive
and nonlinear effects, which are difficult to control and alter the temporal profile of the pulses,
generally reducing the efficiency in nonlinear signal excitation. Pre-compensation of these ef-
fects is possible, but it is generally effective in a narrow wavelength range, limiting the spectral
tunability of the probes. Moreover, a very strong four wave mixing (FWM) background is gener-
ated in silica fibers. This has been so far the main obstacle to the development of CARS miniature
and portable probes. Hence, the incorporation of multiple modalities in the same probe, which
is very important for nonlinear imaging, is not a trivial step.

The invention of photonic crystal fibers (PCFs) has brought to a revolution in the field of
ultra-short pulse transmission. These fibers are made of a micro-structured air-silica clad, sur-
rounding either a solid core or a hollow core (HC). The delivery of ultra-short pulses through
a HC reduces, by three orders of magnitude, the nonlinear effects experienced by the pulses,
which makes them very promising for nonlinear endoscopy. New HC fiber designs, such as the
Kagomé fiber, have greatly enhanced the width of the fiber transmission window. Moreover,
the temporal broadening of the pulses is negligible in Kagomé fibers, thanks to the low, nega-
tive values of the group velocity dispersion. The pulses are delivered with no distortions and a
negligible CARS signal is generated in such a fiber.

In this thesis, we used a Kagomé fiber designed for nonlinear endoscopy, for the development
of a miniature (4 mm diameter, 72 mm rigid length) and portable probe. The system is based on
a piezo-electric tube scanner and an achromatic miniature lens assembly, to perform imaging at
the distal end of the Kagomé fiber. This has allowed us, for the first time to our best knowledge,
to combine femtosecond TPEF, SHG and CARS imaging in such a compact endoscopic system.

This manuscript is organized as follows:

• Chapter 1: In this chapter we introduce NLOM and review the state-of-art in nonlinear
endoscopy. We present different nonlinear contrast mechanisms and compare the optical
properties of linear microscopy with those of NLOM. Then we discuss the practical aspects
for the implementation of a NLOM setup. We review some of the applications of NLOM
to bio-imaging, with a focus on multiphoton histopathology. The last part is a review of
the recent literature concerning the development of nonlinear miniature probes, with a
separate focus on TPEF/SHG and CARS endoscopes.
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• Chapter 2: We present here the theory of pulse propagation in optical fibers. We discuss
the effects of group velocity dispersion (GVD), self-phase modulation (SPM) and cross-
phase modulation (XPM) on short pulses. We introduce the Nonlinear Schrödinger Equa-
tion (NLSE), which defines the evolution of the electric field in optical fibers, and the
split-step Fourier method, which is used to obtain numerical solutions of the NLSE.

• Chapter 3: We first review the different optical fibers existing today, and their applica-
tion to short pulse delivery in nonlinear endoscopy. We highlight the problems related
to the temporal and spectral broadening, and the FWM background generated in silica
fibers. The chapter is then dedicated to the characterization of a Kagomé fiber for short
pulse delivery. We show that spectral and temporal effects, after propagation in 1 m of
Kagomé fiber, are negligible even for pulses of 100 fs duration. This largely simplifies the
implementation of multimodal nonlinear endoscopes.

• Chapter 4: We discuss here the different components of the fiber-scan device developed
for nonlinear imaging. We study the mechanical aspects related to the resonant scan of
the optical fiber. We present the algorithm developed to control the scan, acquire the
signal and reconstruct the images. Then we introduce the Kagomé double clad (DC) fiber,
specifically designed for nonlinear endoscopy. Finally we introduce the custom designed
miniature lens system, based on four achromatic doublets, for efficient beam focusing on
the sample.

• Chapter 5: We show here the imaging results obtained with the Kagomé DC scanner,
whose development was described in Ch. 4. We characterize the system in terms of field-
of-view (FOV) and point spread function (PSF). We perform nonlinear imaging, activating
TPEF, SHG and CARS contrasts, both on test samples and unlabeled biological tissues
ex-vivo.

• Chapter 6: We report here the integration of the miniature imaging system in a portable
probe. We describe the procedure followed to seal the bead on the fiber core and present
the mechanical aspects of the integration. Then we characterize the probe imaging perfor-
mances and finally discuss the perspectives for future improvements in the probe.

• Chapter 7: In perspective of the implementation of SRS imaging in the endoscope probe,
we study here the effects related to the delivery of picosecond pulses through a Kagomé
fiber. We show that a wavelength dependent background is generated in the fiber, be-
cause of a coupling between nonlinear effects and fiber losses. We carry out numerical
simulations to estimate the order of magnitudes of such a background. We then perform
experiments to measure the effective background generated in the Kagomé fiber.
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Chapter 1

Nonlinear imaging: from microscopy

to endoscopy

This chapter is an introduction to nonlinear optical microscopy (NLOM) and endoscopy tech-
niques. We first introduce the different contrast mechanisms and discuss the benefits of NLOM
over linear microscopy. Then, we review the key technical aspects of nonlinear microscopes
and the applications of NLOM to biological tissue imaging. In the second part of the chapter
we present the current state of the art in the development of miniature probes for nonlinear
endoscopic imaging.

1.1 Nonlinear microscopy

Optical imaging techniques are based on the interaction between a light source and the sample.
While linear microscopy is based on phenomena such as linear absorption, scattering or index-
dependent phase differences, NLOM measures the nonlinear response of a sample to an intense
optical field ~E. A general description of nonlinear optical interactions can be done in terms of
the nonlinear polarization (dipole moment per unit volume), which is related to the nonlinear
susceptibility of the material. The material polarization P̃ (t) can be expanded as a Taylor series
of the electric field Ẽ(t) [95]:

P̃ (t) = ε0

[
χ(1)Ẽ(t) + χ(2)Ẽ2(t) + χ(3)Ẽ3(t) + · · ·

]
≡ P̃ (1)(t) + P̃ (2)(t) + P̃ (3)(t) + · · · (1.1)

Where χ(1) is the linear susceptibility, χ(2) is the second-order susceptibility and so on; P (1) the
linear polarization, P (2) the second-order polarization and so on. For the sake of simplicity, Ẽ
and P̃ are taken as scalar quantities, but a vectorial description is possible for a deeper analysis
[11]. Nonlinear optical interactions all occur because of the nonlinear polarization terms, as we
will see in the next sections.
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CHAPTER 1. FROM NONLINEAR MICROSCOPY TO ENDOSCOPY

The first observation of nonlinear optical phenomena was done in the decade when the laser
was invented. In just a few years, experimental evidence of two-photon excited fluorescence
(TPEF [68]), second harmonic generation (SHG [42]), stimulated Raman scattering (SRS [34]),
coherent anti-stokes Raman scattering (CARS [94]) was reported. However, the birth of modern
NLOM1 came with the combination of two-photon absorption and beam scanning techniques in
1990 [27]. That was the moment when advances in laser technology had made femtosecond
lasers commercially available on a large scale, prompting the diffusion of NLO microscopes. We
will now describe different nonlinear optical processes and their application in microscopy.

1.1.1 TPEF and SHG

TPE and SHG are both due to the simultaneous2 interaction of two photons with a molecule,
and can be both excited with a single laser source. However the nature of the processes is very
different: SHG is a parametric3, instantaneous process mediated by virtual states only; its radia-
tion is highly directional and coherent. In TPEF a part of the photon energy is lost to the sample
(through vibrational relaxations) and the molecule is excited to an energy eigenstate, which
leads to the emission lifetimes on the order of nanoseconds (10−9 s). The emitted fluorescence
light is incoherent, since it holds no phase relation with the exciting field. Moreover, while SHG
radiation is highly directional, fluorescence emitted from a homogeneous solution is isotropic.

Figure 1.1: Molecular energy diagrams for the processes of one and two-photon excited fluorescence and
second harmonic generation.

1A CARS microscope was developed in 1982 by Duncan et al. [33], in a non-collinear geometry to achieve
phase matching. However this system lacked optical sectioning, a very important feature for NLOM.

2In the quantum world this means fractions of a femtosecond (< 10−15 s), because of Heisenberg uncertainty
relation between time and energy, that allows molecules to be in a virtual state (not an eigenstate of the molecule)
for such a time window.

3It means that the initial and final quantum states are the same: this imposes photon energy and momentum
conservation on the process, meaning that no energy is transferred to the material.
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1.1. NONLINEAR MICROSCOPY

Two-photon excitation Two-photon absorption (TPA) occurs when an atom or a molecule
is excited by the simultaneous absorption of two photons, whose combined energy matches the
energy gap between the ground state and the excited electronic state (Fig. 1.1). In the classical
description, TPEF is related to the imaginary part of the third-order susceptibility Im

{
χ(3)

}
. The

theoretical description of TPE from a quantum point of view was first done by Maria Goeppert-
Mayer, in her PhD thesis dissertation (1931) [54].

A molecule’s jump to an excited electronic state is mediated by a virtual state, where the
molecule stays for about 10−16 s. After excitation, the molecule relaxes to the vibrational ground
state (after approximately 10−12 s) and subsequently decay to the electronic ground state with
emission of a photon (10−9 s after excitation) [95]. The probability for a molecule to follow this
pathway after absorption is defined as the quantum yield.

The condition on the photon wavelengths for TPEF can be expressed as:

λOPE ≈
(

1

λA
+

1

λB

)−1

(1.2)

Where λOPE is the peak in the one-photon excitation (OPE) spectrum, λA and λB the excita-
tion photons wavelengths. When TPEF is performed with a single wavelength, this condition
becomes:

λA = λB ≈ 2λOPE (1.3)

This provides a useful rule of thumb for two-photon excitation: a molecule with an OPE peak at
wavelength λ̃ will be efficiently excited by photons having wavelength 2λ̃. In OPE fluorescence,
the emitted photon has a lower energy than the incident photon (λem > λexc), because some of
the energy is dissipated through vibrational relaxations (fig. 1.1).
It can be shown that the excitation probability, and therefore the TPEF intensity is proportional
to the square of the excitation light intensity Iexc:

ITPEF ∝ Iexc
2 (1.4)

which has fundamental implications for the optical properties TPEF microscopy (discussed in
section 1.1.3).

The transition probability for two-photon excitation is very low at ambient light conditions.
Hence, a very high photon flux is required for efficient excitation, which can be reached with
pulsed femtosecond lasers that are tightly focused using high NA objectives. A pulsed laser
enhances the TPE process by a factor 1/(τfR) as compared to a CW laser with the same average
power. For a pulse duration τ = 100 fs and a repetition rate fR = 100 MHz, the TPEF efficiency
is increased by a factor 105 [58].

TPEF microscopy has become very popular since its first demonstration [27], thanks to its
optical properties (see Sec. 1.1.3) and the widespread diffusion of Ti:Sa lasers. Moreover, one
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CHAPTER 1. FROM NONLINEAR MICROSCOPY TO ENDOSCOPY

big advantage of TPEF relies in the possibility to exploit the same fluorophores used in confocal
fluorescence microscopy. A wide variety of exogenous probes exist today: organic probes, ge-
netically expressed probes, quantum dots. Moreover, there exist many endogenous fluorophores
for TPEF (elastin, keratine, flavoproteines, NADH and NAD(P)H, neurotransmitters...), that are
naturally present in cells and tissues. Thanks to these molecules, it is possible to image live cells
without labeling them with exogenous probe that perturb the cell’s physiology.

Second harmonic generation The generation of a new field, at twice the frequency of the
incident field, is due to the nonlinear polarization term originating from the second order non-
linear susceptibility χ(2) [11]. Let us consider an electric field oscillating at frequency ω, that
can be written as:

Ẽ(t) = E · e−iωt + c.c. (1.5)

When the field is incident on a material with χ(2) 6= 0, a second order nonlinear polarization
term (Eq. (1.1)) is generated:

P̃ (2)(t) = 2ε0χ
(2)EE∗ +

(
ε0χ

(2)E2e−i2ωt + c.c.
)

(1.6)

The first term is stationary and is responsible for optical rectification (a constant field is created
in the material). The second term contains an oscillation at frequency 2ω and is responsible for
SHG.

In the quantum picture, SHG happens when two photons of the same energy ω are annihi-
lated to generate a photon with energy 2ω, as illustrated in Fig. 1.1. The process is mediated
by a virtual state and must not violate energy and momentum conservation, which imposes
two conditions on the characteristics of the generated photon. Energy conservation implies that
ωs = 2ωi, while from momentum conservation comes the phase matching condition:

~ks = 2~ki (1.7)

Here ωi and ωs are the frequencies of the incident and scattered photons, respectively, while ~ki

and ~ks are their wavevectors. In SHG microscopy this condition is usually relaxed, because tight
focusing of the excitation beam generates a wide distribution of ~k vectors in the field.
From Eq. (1.6) it appears that the SHG signal is proportional to the square of the excitation
power:

ISHG ∝
∣∣∣P̃ (2)(2ω)

∣∣∣2 ∝ I2
exc (1.8)

For symmetry reasons χ(2) can be nonzero only in media that do not possess inversion sym-
metry [11]. For instance, no SHG radiation is generated in isotropic media, because of their
centrosymmetric molecular structure. In random media, such as liquid solvents or amorphous
solids, there is no SHG radiation because the net contribution from the molecules is averaged to
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zero [95].

SHG microscopy is particularly interesting for live cells and tissues imaging [153]. Certain
biological structures are strong SHG scatterers, such as type I collagen, which is an essential
component of the connective tissue [152]. SHG has been also used to image myosin heads in
muscle [113] and microtubules [30]. The reader can find a review of the application of SHG to
tissue imaging and disease diagnosis in [15].

1.1.2 Vibrational Imaging

The recent development of Coherent Raman imaging techniques has enabled video-rate in-vivo
vibrational imaging of tissues. We speak of molecular vibrations when the atoms, held together
by molecular bonds, oscillate in a synchronized and periodic fashion. A vibrational mode can
be described as a simple one-dimensional harmonic oscillator, after an appropriate coordinate
transformation. Each chemical bond has characteristic resonant frequencies, that depend on
which atoms participate in the bond and on the environmental conditions. This provides a
distinctive signature for molecular bonds, that can be used to investigate the chemical content
of a sample. The vibrational spectrum of a sample can be probed by IR absorption or Raman
scattering.

Spontaneous Raman and IR absorption spectroscopy

IR absorption spectroscopy is based on the direct absorption of infrared light (in the wavelength
range 3-30 µm) that excite molecular vibrations. Fourier transform IR microscopy has been used
for chemical imaging of histological slices (see [37]). However this technique holds two major
drawbacks: low spatial resolution, due to the long excitation wavelength, and strong absorption
of light by water, that limits live-cell imaging and penetration in tissues.

Raman spectroscopy typically uses shorter-wavelength visible light for excitation, which is
beneficial for cells and tissue analysis (as reviewed in [102]). Spontaneous Raman scattering
is a form of inelastic light scattering, that involves an energy exchange between a photon and
a molecule, mediated by a molecular vibrational states. If we consider a molecular vibration,
whose resonant frequency is ΩR, and an incident photon of frequency ω, a Raman scattered
photon can have a frequency ω − ΩR (Stokes photon) or ω + ΩR (anti-Stokes photon). The
situation is described in Fig. 1.2. The anti-Stokes radiation is typically much smaller than the
Stokes one, since at room temperature most of the molecules are in the vibrational ground
state. In fact, both the Stokes and anti-Stokes radiations are very small, with only one out of 105

photons being Raman scattered.
While Raman microscopes exist since the 1970s, their speed is limited to few milliseconds

per pixel because of the extremely small Raman cross sections (10−14 smaller than fluorescence
cross sections). The frame rate of such microscope is on the order of tens of minutes per image
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Figure 1.2: Energy diagrams describing spontaneous Raman scattering processes and comparison between
the energy of Raman and Rayleigh scattered photons.

[108], which makes them too slow for live cell dynamics or surgery guidance applications.

Coherent Raman scattering (CRS) methods, such as CARS and SRS, overcome the frame rate
limitations of spontaneous Raman scattering by boosting the weak Raman signal.

Coherent Raman Scattering

The first implementation of modern CARS microscopy dates back to the end of the 1990s, when
Zumbusch et al. performed fs-CARS imaging in a collinear geometry using a high NA objective
to focus on the sample [154], which relaxed the phase matching condition and significantly
improved the axial resolution (as compared to existing CARS microscopes).

In CARS and SRS microscopy two excitation fields are typically used to generate a coherent
Raman signal. A laser beam, called pump (ωP), is synchronized and overlapped with a lower-
frequency beam, called Stokes (ωS). When the frequency difference between pump and Stokes
matches the energy of a vibrational mode ΩR, four major CRS processes take place, generating
fields at frequencies:

ωP + ΩR = 2ωP − ωS = ωAS (CARS) (1.9)

ωP − ΩR = ωS (Stimulated Raman Loss, SRL) (1.10)

ωS + ΩR = ωP (Stimulated Raman Gain, SRG) (1.11)

ωS − ΩR = 2ωS − ωP = ωCS (Coherent Stokes Raman Scattering, CSRS) (1.12)

The origin of these new fields lies in the nonlinear polarization induced by interaction of the
pump and Stokes field with the material’s nonlinear susceptibility χ(3) [20]. The first and the
last one are parametric processes (the energy of the molecule does not change after interaction),
that generate new frequency components. SRG and SRL belong to the process of SRS, where
the newly generated fields interfere with the incident fields, leading to a depletion in the pump
beam (SRL) and a gain in the Stokes beam (SRG) [20].
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Figure 1.3: Energy diagrams describing Stimulated Raman Scattering, Coherent anti-Stokes Raman
Scattering and Four Wave Mixing.

CRS imaging is generally done with femtosecond or picosecond pulses, that ensure high
peak powers for efficient activation of the processes. However, while fs-CARS gives higher signal
levels, the spectral resolution is limited by the broad spectrum of the pulses. The use of pulses
with a duration of few picoseconds only can ensure a vibrational resolution better than 10 cm−1.
A strategy to gain spectral resolution with broadband fs pulses is the so-called spectral focusing
[57].

CARS microscopy CARS microscopy exploits the radiation due to the nonlinear polarization
term at the anti-Stokes frequency ωAS = 2ωP − ωS [9]:

P̃
(3)
AS(ωAS) = 3ε0χ

(3)
AS(ωAS)EP

2ES
∗e−ikASz (1.13)

where EP and ES are the pump and Stokes fields amplitudes, and kAS is the anti-Stokes field
wavevector. The intensity of the anti-Stokes field, after a propagation distance L, is [9]:

IAS(L) ∝
∣∣∣χ(3)(ωAS)

∣∣∣2 IP
2ISsinc

2

(
δkL

2

)
(1.14)

where δ~k = 2 ~kP − ~kS − ~kAS. The CARS signal scales linearly with the Stokes beam power
and quadratically with the pump beam power, and is maximum for δ~k = ~0, which is the phase
matching condition. Like in SHG microscopy, this condition is relaxed by using high NA objec-
tives [154]. The χ(3) tensor in Eq. (1.14) consists of two parts, a resonant and a non-resonant
one:

χ(3) = χ
(3)
R + χ

(3)
NR (1.15)
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Where the non-resonant term χ
(3)
NR can be taken as a real and constant quantity [90, 88]. If we

introduce χ(3) into Eq. (1.14), we obtain:

IAS ∝ |χ(3)
R + χ

(3)
NR|

2 (1.16)

∝ |χ(3)
R |

2 + |χ(3)
NR|

2 + 2 ·Re
{
χ

(3)
R χ

(3)
NR

∗
·
}

(1.17)

∝ |χ(3)
R |

2 + |χ(3)
NR|

2 + 2χ
(3)
NR ·Re

{
χ

(3)
R

}
(1.18)

This means that the CARS signal comes from the sum of three different contributions of the
nonlinear susceptibility:

• The resonant term, containing the spectral information on the vibrational mode of interest.
It can be associated to the spontaneous Raman spectrum.

• The non-resonant term, which is frequency independent.

• The crossed term, proportional to the real part of χ(3)
R .

The non-resonant term is at the origin of a spectrally flat Four Wave Mixing (FWM, Fig. 1.3)
background, that limits the contrast in vibrational imaging. The last term is responsible for
distortions of CARS spectra with respect to the spontaneous Raman ones, because of a spectral
interference between the resonant and the cross-term. As a result the CARS peak is blue-shifted
as compared to the spontaneous Raman one. Quantitative analysis of CARS images is also made
more difficult by the quadratic dependence on the molecular concentration [20].

Different techniques for FWM background suppression have been demonstrated, based on
polarization control [19], time-resolved CARS [138], heterodyne detection [114], frequency
modulation [48]. SRS microscopy has emerged as a coherent Raman imaging technique free of
the nonresonant background that affects CARS microscopy.

SRS microscopy SRS microscopy is based on the detection of the intensity change in the
pump beam (SRL) or in the Stokes beam (SRG) after interaction with a sample. This energy
change is due to the interference between the newly generated nonlinear fields, at frequencies
ωP and ωS, and the exciting fields. The nonlinear polarization of the medium at ωP and ωS is
[9]:

P (ωP) = 6ε0χ
(3)
R (ωP) |ES|2EPe

i(kPz) (1.19)

P (ωS) = 6ε0χ
(3)
R (ωS) |EP|2ESe

i(kSz) (1.20)

with χ(3)
R (ωP) = χ

(3)
R (ωS)∗. From these equations one can calculate the fields Ẽ(3)

P and Ẽ(3)
S that

are generated and interfere with the exciting fields. The intensities at the frequencies of interest
are then:

IP ∝ |EP|2 − 2
∣∣∣EPEP

(3)
∣∣∣ (1.21)
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IS ∝ |ES|2 + 2
∣∣∣ESES

(3)
∣∣∣ (1.22)

Where EP
(3) and ES

(3) are the amplitudes of the fields generated by the third-order polarization
terms. From this equations one can see that the pump field experiences a depletion (SRL), while
the Stokes field experiences a gain (SRG). It can be shown [11] that this intensity variations
follow:

ISRL ∝ ISRG ∝ IP · IS (1.23)

In SRS microscopy, one typically detects intensity variations on the order of ∆I/I ≈ 10−5−10−6.
To do so, a high-frequency amplitude modulation scheme, with locked-in detection, has to be
used [21].

The SRS signal is proportional to the imaginary part of the nonlinear susceptibility Im
{
χ(3)

}
,

which implies that SRS is free of the nonresonant background that affects CARS imaging and
provides spectral profiles nearly identical to spontaneous Raman spectra [20]. Moreover, the
dependence on the molecular concentration is linear, which facilitates quantitative analysis of
SRS images [21].

The first demonstration of SRS microscopy was reported by Ploetz et al. in 2007. Polymer
beads were imaged with a broadband low repetition rate laser source and µJ pulse energies
[112]. One year later, the implementation of an SRS microscope with MHz modulation of a
picosecond pulse beam was reported by the Freudiger et al. [43]. Since then, SRS microscopy
has been implemented by several groups in combination with other NLOM techniques.

1.1.3 A comparison between linear and nonlinear imaging

The optical properties of nonlinear imaging techniques have important consequences when it
comes to biological tissue imaging, which make them preferable over linear techniques. To
understand what are the implications of nonlinear excitation, let us consider the case of fluo-
rescence microscopy. In one-photon excitation (OPE) fluorescence, there is a linear dependency
between the emission and excitation intensities, whereas in TPEF the dependency is quadratic.
This has a fundamental implication from an optical point of view. In fact, for OPE fluorescence,
the total emitted intensity is constant on each plane perpendicular to the optical axis (Fig. 1.4).
This limits the resolution and the contrast of the images, which lack optical sectioning in z. This
is solved in confocal microscopy by means of a pinhole, placed before the detector, that rejects
out-of-focus light. In nonlinear microscopy, as a consequence of the nonlinear signal depen-
dence on the excitation power, the emitted intensity decreases as 1/z2 (for a Iexc

2 dependence)
as we move away from the focus (Fig. 1.4). Then the fluorescence emission is limited to a small
region near the focus (with an extension of few micrometers in the axial direction). This is the
reason why TPEF and all the other NLOM techniques are said to be intrinsically confocal.

The implications are quite important for imaging in scattering media. NLOM has allowed
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Figure 1.4: The fluorescence emission from an homogenous solution. In the case of one photon excitation,
the integrated emission is constant on each plane perpendicular to the optical axis. For two photon
excitation the fluorescence emission from out-of-focus planes decreases as 1/z2.

to reach penetration depths in biological tissues that were previously inaccessible to optical
microscopy (several hundreds of micrometers deep) [58]. Confocal microscopy can overcome
some of the effects of scattering, since the detector pinhole rejects fluorescence from off-focus
locations. However, this includes the photons that are emitted at the focus, but scattered on
their way out of the tissue. Since these photons do not reach the detector, confocal microscopy
becomes unacceptably wasteful deep in tissues, which results in very limited penetration depths
[28]. Moreover, scanning a single section excites the entire specimen, increasing the risk of
photo-damage. The situation changes in TPEF, as illustrated in Fig. 1.5. The NIR excitation
light is less sensitive to scattering than the visible light used for one photon fluorescence. When
exciting through a scattering medium, the balistic photons that are deviated from their original
trajectory do not generate signal, since the intensity is too weak. In the case of emission, scatter-
ing causes photons to appear as coming from a wider FOV but, as compared to the non-scattering
case, a larger fraction will be in the angular acceptance cone of the objective. The fluorescence
light that is generated and back-scattered by the tissue is not filtered by any pinhole and can be
detected, provided that it lies in the FOV of the detector and in the angular acceptance cone of
the objective. For these reasons, the photon losses are less important in TPEF, allowing deeper
imaging in tissues.

Concerning CARS and SRS, we have discussed how they can increase the Raman signal by
some orders of magnitude, enabling video-rate vibrational imaging of biological tissues.
A big advantage of nonlinear imaging techniques is that the different NLOM modalities can be
implemented on the same microscope set-up, provided that the right laser source is used and a
sufficient number of detectors is available. Performing multimodal imaging, with the different
contrasts all accessed simultaneously, gives important and complementary informations on the
different components of a tissue.
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Figure 1.5: Two-photon fluorescence excitation and collection in the case of scattering and non-scattering
medium. The NIR excitation light is not intense enough out of the focus to generate signal. The
fluorescence light that is generated and back-scattered by the tissue is not filtered by any pinhole and can
be detected, provided that it is in the field-of-view (FOV) of the detector and in the angular acceptance
cone of the objective. Image taken from [58].

1.1.4 Practical implementation of NLOM

NLOM imaging is usually performed with one or more laser beams that are focused and scanned
over the sample. A nonlinear microscope is composed of few fundamental units:

• A laser source delivering short pulses for the activation of the nonlinear contrasts.

• A scanning unit to move the excitation beams over the sample and perform imaging.

• Microscope objectives to focus the beams on the sample and collect the signal.

• Light detectors to measure the nonlinear signal generated at each point of the sample
during the scan.

A multimodal microscope, incorporating TPEF, SHG, CARS and SRS modalities is shown in
Fig. 1.6. One typical laser configuration is the following: a picosecond or femtosecond4 pulsed
laser with high repetition rate (≈ 100 MHz) is frequency doubled and used to pump an Optical
Parametric Oscillator (OPO)5. The OPO is a tunable laser light source that uses a nonlinear crys-
tal to convert an input photon to two lower-energy photons (called signal and idler), through the
process of Optical Parametric Amplification (OPA). The output wavelength is tuned by acting on
the crystal to change the phase matching condition, generally by mechanical or thermal adjust-
ment. The beams generated by the OPO are temporally synchronized with the pump laser. They
are then spatially combined using a dichroic mirror, which reflects wavelengths on one side of

4For CARS microscopy, ps pulses give better spectral resolution, but the higher peak power of fs pulses is
beneficial for efficient signal activation of other nonlinear modalities.

5Other configurations exist: the OPO may be pumped by fiber lasers, and all-fiber laser systems have been
used as well.
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Figure 1.6: A nonlinear microscope, based on two OPOs for excitation. An acoustic-optic modulator
(AOM) modulates the amplitude of one beam for SRS imaging. Several detectors are used to measure
the different nonlinear interactions.
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the cut-off frequency and transmits the other ones. Temporal overlap of the pulses is usually
achieved with a mechanical delay line (moveable mirrors). The two beams are then sent to a
pair of galvanometric mirrors, which deflects the beams in two lateral directions. The size of
the beams is typically enlarged with a beam expander, in order to overfill the objective’s back
aperture, and exploit the whole NA of the focusing lens. The deflection of the beams from the
scanning mirror results in a lateral translation of the focal spot on the sample plane. An image
is obtained by measuring the instantaneous response of the sample to the excitation beams, that
are focused and moved in a raster pattern. The pixel dwell time is typically on the order of
few µs, which results in image acquisition times of tens to hundreds of milliseconds, depend-
ing on the image size. The signal generated is either back-collected by the focusing objective
(epi-detection, necessary for thick tissues), or collected by another objective lens placed in the
forward direction. Dichroic mirrors and optical filters are used to separate the signal of inter-
est from the excitation light. Single point detectors, such as photomultiplier tubes (PMTs) or
avalanche photodiodes (APDs), are typically used for photon detection. The signal acquired at
each "pixel" is used to reconstruct the image via software.

Today, the majority of CARS microscopes are built in-house in research laboratories and
imaging facilities. However some commercial systems for NLOM are now available: the first
CARS microscopes were introduced on the market by Olympus (USA) in 2009 and Leica Mi-
crosystems (Germany) in 2010. APE GmbH (Berlin, Germany) developed the picoEmerald laser-
OPO system for SRS and CARS microscopy, which can be easily integrated in any microscope
setup.

1.1.5 Biomedical applications

Multiphoton microscopy is a powerful tool for the inspection of biological tissues, since it allows
label-free imaging with sub-cellular resolution and molecular specificity. One promising field of
application is that of cancer detection. The current protocol in clinics relies on the extraction
of tissues via biopsy and the preparation in thin slices for histological examination. However,
biopsies are not free of risk, especially when performed in neurological tissues, where they can
cause damage. Moreover, the preparation of histology samples is a time demanding procedure.
The conventional procedure, consisting of fixation and staining with hematoxylin & eosin (H&E),
requires several hours before the extracted tissue can be examined by the pathologist. During
surgery, tumor margins have to be detected as soon as possible, and a faster staining procedure
can be followed, which takes approximately 30 minutes. In fact, tumors are not often detectable
by white light examination, and failures in complete removal are one of the main causes of
disease recurrence in patients.

NLOM techniques could potentially improve the protocol, offering a real-time, label-free
diagnostic method. For this reason, several research works are carried out today in the direction
of what is often called multiphoton histopathology. The goal is to prove NLOM capable of
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retrieving the same degree of information on the morphology and the molecular composition of
a tissue, as the one offered by conventional histology methods. In fact, histological diagnosis
is generally based on the morphological observation of disease progression in a tissue. The
disorganization of the connective tissue, together with an increased nuclear density due to the
proliferation of cancer cells, are generally indicators of a diseased tissue. Performing label-free
optical histology with NLOM would carry huge benefits, especially in those situations where
a fast and precise identification of tumor margins is required. For the very same reason, the
development of miniature and portable nonlinear endoscope probes is a crucial step for the
future translation of NLOM in clinics. The rest of this section is dedicated to the application of
multiphoton microscopy to tissue examination and inspection.

Multiphoton microscopy in tissues TPEF and SHG can rely on different endogenous
sources of signal in biological tissues. Different components, both inside cells and in the ex-
tracellular matrix, can be imaged because of their nonlinear optical response. Inside cells, the
main sources of fluorescence are NAD(P)H, flavins, retinol and tryptophan. In the extracellular
matrix, elastin and collagen are responsible for TPEF and SHG emission [152]. Lipid imaging
has been a primary focus for CARS and SRS microscopy, because of the strong Raman response
given by the abundant C−H bonds found in such structures [21]. For instance, lipids play an
important role in atherosclerosis the most common cardiovascular disease, where the arterial
walls are thickened by the accumulation of fatty deposits [81, 69, 96]. As we will see, recent
works have highlighted the possibility to image DNA in live cells using SRS microscopy [91],
which adds a very important information for histology. The interested reader can find more
about the biological applications of CRS imaging in a recent review [14].

Disease diagnostics Many studies have highlighted the correlation between disease progres-
sion and a reduction in SHG signal, due to the lower collagen content and reduced ordering of
the collagen structure [152, 49, 149]. Collagen reorganization at the tumor-stromal interface
was used to detect cancer in mammary glands, using three-dimensional informations on the or-
ganization of the mammary stroma, which were not available in conventional histology [115].
The density reduction and disordering of collagen fibrils in breast, bone and skin cancers was
also indicated as a potential diagnostic tool [60].

TPEF and SHG have been applied to the detection of ovarian cancer in fresh, unstained and
unfixed human tissues, comparing it with conventional histology imaging. The results showed
a high degree of correlation between the two techniques [146]. The spectroscopic analysis
of endogeneous fluorescence excitation and emission has given promising results in real-time
cancer detection in the gastrointestinal tract [56], in lungs [74] and colon [62].

Coherent Raman imaging has been applied in different studies, in combination with TPEF
and SHG, to study the morphological features of diseased tissues. As an example, Freudiger et al.
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Figure 1.7: Comparison between TPEF/SHG imaging and histology visualization of a human colon tissue.
SHG imaging highlights the collagen fibers in the extracellular matrix, while the TPEF response is given
by proteins in the tissue. Image courtesy of Barbara Sarri and Rafael Canonge (Institut Fresnel).
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exploited the CH2 and CH3 vibrations of lipids and proteins, as well as two-photon absorption
of hemoglobin, to differentiate between normal and diseased tissue [44]. CARS imaging has
revealed the mechanism behind the link in lipid accumulation and tumor progression, through
the release of fatty acids that modify the physiology of tumor cells. Moreover, circulating tu-
mor cells also show an excessive accumulation of lipid droplets, which could be exploited for
detection of early-stage metastasis [80].

In TPEF/SHG images, certain important nuclear informations are missing, such as the nu-
cleoli size and shape, chromatin condensation, and localization. In this sense, SRS microscopy
could complement TPEF and SHG microscopy for histological analysis. A recent study has shown
the capability of SRS microscopy to image the cells nuclei in live animals and fresh human tis-
sues [91]. Three optimal Raman peaks were identified for cellular lipids (2854 cm−1), proteins
(2931 cm−1) and DNA (2956 cm−1). The SRS response of C-H bonds was used to retrieve
the distribution of DNA in the tissue, retrieving it from the strong background of proteins and
lipids by means of a linear decomposition method. This allowed authors to image chromosomes
dynamics during cell division and present an optical histology method for human skin cancer
diagnosis. SRS has been succesfully applied to image human and mouse brain tissues [65].

Figure 1.8: SRS microscopy allows the direct visualization of cells nuclei, a very important information
for histological analysis. Taken from [91].

The authors of this work exploited the lipid and protein Raman resonances to discern between
healthy and tumor-infiltrated tissues. The results were compared with histology H&E images
and found a strong correlation for the detection of glioma infiltration. A combination of nonlin-
ear microscopy, infrared, and Raman microspectroscopy was also used for brain tumor analysis
[97].

Skin cancers have also been studied with multiphoton microscopy: König have used CARS
in combination with TPEF and SHG to perform optical biopsy of human skin [75], while Mittal
et al. applied SRS to identify squamous cell carcinoma in human skin [98].

Application of multiphoton microscopy is not limited to cancer detection, but has been used
for different pathologies, such as different neurodegenerative diseases. Recent studies have been
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carried out on the application of multiphoton imaging, including CARS, to image the progres-
sion of Alzheimer-related amyloid plaques [85, 70]. CARS microscopy is suitable to visualize
myelin sheaths, dielectric materials that surround the axons of nerve cells and play a fundamen-
tal role for signal conduction. Myelin degradation plays an important role in neurodegenerative
diseases, such as, such as Experimental Autoimmune Encephalomyelitis (EAE) and Multiple
Sclerosis. Lipids contribute with 70 to 85% the dry mass of myelin sheaths. Axonal myelin was
first imaged with CARS microscopy in live animals by Wang and coworkers [139]. Polarization-
resolved CARS microscopy has been used, in combination with TPEF and SHG, to study the role
and the morphological progression of demyelination and axon disorganization in such neurode-
generative pathologies [49].

1.2 Nonlinear endoscopy

The development of nonlinear endoscope probes is a crucial step for the translation of nonlinear
imaging techniques into clinical routine. Several research groups have been working on the
development of such probes in recent years, facing both mechanical and physical challenges. A
nonlinear endoscope probe would ideally be a portable, light and miniaturized device, capable
of reproducing, as close as possible, the performances of a nonlinear microscope. The design of
nonlinear probes should ideally combine the following features:

• Small size, on the order of few millimeters in diameter.

• Flexibility and portability.

• Low electric voltage and current operation.

• Multimodality: simultaneous access to different contrast mechanisms (TPEF, SHG, CARS,
SRS...).

• Large field of view (FOV).

• High spatial resolution.

• High frame rate (acquired images per second).

Such a probe would easily be integrated within current endoscopic technologies used in clinics.
Forward viewing endoscopes are routinely employed for diagnostics (endoscopes) or guidance
during surgery (laparoscopes). Colonscopes and gastroscopes are used for inspection of the gas-
trointestinal tract, while bronchoscopes are flexible endoscopes commonly used to inspect lungs.
The working channels diameters in these endoscopes can be as large as 4.2 mm (colonscopes),
3.8 mm (gastroscopes) [137] or 3 mm (the BF-1T180 bronchoscope from Olympus).
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An important issue in nonlinear endoscopy is represented by the delivery of ultra-short
pulses. The theory of pulse propagation in optical fibers, and the implications for nonlinear
endoscopes, will be treated in the next two chapters. However, we can here introduce the two
most immediate issues. The first one is the temporal broadening of femtosecond pulses, due to
group velocity dispersion (GVD) and self-phase modulation (SPM), which reduces the excita-
tion efficiency and therefore the sensitivity of the probes. In order to reduce the risk of photo-
damage, efficient signal excitation has to be obtained with short pulse durations on the sample.
Label-free TPEF and SHG in-vivo endoscopy has been recently demonstrated with miniature and
portable probes [12, 32], thanks to the pre-compensation of propagation effects. The second
problem concerns CARS endoscopy, because of a strong FWM background generated when the
excitation beams propagate in solid core fibers [5]. This FWM background has hampered the
development of miniature CARS probes so far.

Hereafter, we will discuss the different implementations of nonlinear micro-endoscopes,
based on different beam scan techniques. Then we will review the advances and results of
TPEF/SHG endoscopes in biological tissue imaging. The last part will discuss the efforts and
state of the art in the development of miniaturized CARS endoscopes.

1.2.1 Remote imaging techniques

Different techniques can be employed to scan the excitation beams over a sample placed at
the distal end6 of an optical fiber. We can divide them in two classes: one relies on scanning
elements placed at the distal end of a single-mode fiber, such as MEMS7 mirrors or piezo-electric
elements. In these systems the collection efficiency is usually enhanced by addition in the fiber
of a double clad (DC) surrounding the delivery core. The other imaging approach is based on
scanning elements (such as galvanometric mirrors) on the proximal end of a fiber bundle.

Figure 1.9: Different scanning mechanisms typically employed in NLO endoscopy. (a) Proximal scanning
with a fiber bundle, (b) resonant scanning of the fiber tip and (c) beam scanning with a MEMS mirror
[46].

6In endoscopy, the distal side of the fiber denotes the one close to the sample, where imaging is performed.
The proximal side is where the fixed end of the fiber is, where light is injected and detectors are placed.

7Microelectromechanical systems.
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Proximal scanning When using multicore fibers (also called fiber bundles), it is possible to
preserve the information on the beam scan performed at the proximal end of the fiber. In fact,
the beam can be coupled into individual cores, which act as point source of excitation light that is
then focused onto the sample. Gobel et al. performed TPEF in-vivo endoscopy on labeled blood
vessels with a fiber bundle coupled to a GRIN lens [52]. The lateral resolution is here limited
by the interspacing distance between adjacent fibers. In order to increase the resolution, one
must reduce the core-to-core distance, which increases the coupling between fibers and results
in a degradation of imaging contrast. This coupling can be reduced using highly inhomogeneous
fiber bundles.

Recent developments in the field have led to the development of lens-less ultra-thin rigid
endoscopes, using proximal wavefront shaping. The control of the phase of the beam at the
entrance of the optical fiber can produce a focused spot on the distal side, with no need for
focusing optics. The position of the spot can be controlled as well. The size of the probe is
limited by the fiber’s dimension only, reaching diameters of less than 0.5 mm. Two types of
fibers can be used for such endoscopes, multicore (see Andresen et al. [3], Conkey et al. [23])
and multimode fibers (see Papadopoulos et al. [109], Morales et al. [101], Sivankutty et al.
[128]).

Figure 1.10: Wavefront shaping for lensless endoscopy through a multicore fiber. Image courtesy of
Siddharth Syvankutty (Institut Fresnel).

MEMS based distal scanning One possibility to scan the beam at the distal end of a single
delivery fiber is the use MEMS mirrors. These devices can have very small size (0.5 mm-2
mm) and achieve up to 30◦ rotation angles. MEMS mirrors are typically based on electro-
static or electro-thermal actuation and work with low drive voltages. They can be integrated in
miniaturized probe, between the optical fiber and the focusing optics, to provide the beam scan.
2D scan is achieved with one single mirror, but it has to be coupled with another fixed mirror
for frontal viewing, since it works at 45◦ (Fig. 1.11). Examples of nonlinear endoscope probes
based on MEMS mirrors can be found in [47], [67] or [131].

23



CHAPTER 1. FROM NONLINEAR MICROSCOPY TO ENDOSCOPY

Figure 1.11: (a) Beam scanning with a MEMS mirror [40] and (b) SEM micrograph of a MEMS mirror
[47].

Piezo-electric based fiber-scanning One approach for beam scanning employs a piezo el-
ement to scan the fiber tip. The resonant scan of the fiber allows to obtain wide displacements
using low driving voltages. Some miniature optical element is then used to refocus the beam
onto the sample, where the scan pattern of the fiber is reproduced. Different types of piezo ele-
ments have been used, such as the piezo bending element in the miniaturized TPEF microscope
developed by Helmchen et al. [59]. Four-quartered piezo-electric tubes offer a compact solution
for 2D resonant scan. This is an easy-to-assemble solution which allows an important degree
of miniaturization, and has been widely adopted for microendoscope probes [35, 105, 83, 32].
A precursor in this type of scan is the group of E.J. Seibel, from the University of Washington
(see for example [124]). As we will see in Ch. 4, this is the solution we chose to adopt for the
development of our nonlinear endoscope probe. The piezo-electric scan can be done in differ-
ent configurations. One example is the resonant/non resonant system which uses two different
piezo elements and generates a raster scan (the one used in microscopy). On this type of ac-
tuator is based the TPEF/SHG probe developed by Rivera and colleagues in Cornell University
(USA) [116].

Figure 1.12: Different types of piezo scanners. (a) Resonant scan based on a four-quartered piezoelectric
tube [147]. (b) A resonant/non resonant scanner based on two different piezo-ceramic [116].
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1.2.2 TPEF and SHG endoscopy

A variety of TPEF and SHG endoscope probes have been developed in the last decade. The
pre-compensation of propagation effects for femtosecond pulses has allowed the development
of endoscopes capable of accessing the two modalities with one single excitation wavelength.
In-vivo nonlinear endoscopy has been first demonstrated in 2012 [12]. We will describe here
the important results obtained with portable and miniature endoscopes on unstained tissues.
We will not cover the results obtained on labeled tissues [6] or using GRIN lenses combined
with multiphoton microscopes [89, 7] since these systems lack portability, although they have
given interesting results in brain imaging in-vivo. The group of Xingde Li (Johns Hopkins Uni-
versity, Baltimore, USA) developed a piezo resonant scanning endoscope, using a customized
DC fiber (Corning Inc.) and transmission gratings to compensate for the GVD introduced by
the fiber [147]. The endoscope was used to monitor cervical remodeling during pregnancy
in unstained ex-vivo murine and human cervical tissues (Fig. 1.13). The frame rate was 2.7
frames/second for a 110 µm diameter FOV, the images acquired with an incident power on the
tissue sample of approximately 40 mW and 450 fs pulse duration [150]. The miniature, portable

Figure 1.13: Observation of cervical remodeling in mouse (a) and human tissue (d)-(e) ex-vivo. SHG
images show the morphological differences in the non-pregnant and pregnant (18 days mouse, 36 weeks
human) tissues. Taken from [150].

endoscope developed by Rivera et al. [116] was the first to perform in-vivo nonlinear imaging
of unstained kidney, liver and colon of an anesthetized rat [12]. The excitation pulses were
delivered by a commercial DC optical fiber (DCF SM-9/105/125-20A, NuFern) with dispersion
pre-compensation based on a prism pair. The pulse duration at the sample was measured to be
290 fs at 50 mW, with an initial duration of 100 fs. The FOV of the images measured 115µm x
115µm, imaged at 4.1 frames/s with 75 mW illumination power at the sample (Fig. 1.14).

The optimal pre-compensation of high-order dispersive and nonlinear effects, has allowed
Ducourthial et al. to deliver sub-40 fs pulses onto the sample, after propagation in 5 m of a
DC-PCF [32]. This has enabled the authors to perform in-vivo TPEF/SHG imaging of unlabeled
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Figure 1.14: Unaveraged, unstained multiphoton endoscope images of rat liver located approximately
20 µm below the organ surface. The pseudo-color images show grey SHG signal (<405 nm) and green
intrinsic fluorescent emission (420 to 690 nm). Taken from [12].

tissues, using a 2.2 mm diameter fiber scanning probe at 8 fps frame rate with 30 mW on the
sample. These results are unmatched in present literature in terms of imaging speed and image
contrast. Excitation at 810 nm highlights the collagen of the capsule (SHG) and the intracellular
flavins of epithelial cells (TPEF) (Fig. 1.15), allowing in-vivo visualization of kidney fibrosis in
the mouse.

Figure 1.15: (a) In-vivo nonlinear imaging on an anesthetized mouse. Nonlinear excitation was obtained
with a constant power of 30mW on the tissues. (b) and (c) SHG (in green) and TPEF (in red) raw image
of respectively the collagen of the capsule and the intracellular flavins of epithelial cells of the kidney
tubules. Scale bars 50 µm. (d) Successive optical sections of a fibrotic kidney. FOVs are 250 µm wide.
Taken from [32].

1.2.3 CARS endoscopy

While TPEF/SHG endoscopes are already at a functional stage, CARS endoscopy is still facing
technical challenges. In fact, while the picosecond pulses used for CARS imaging are less sen-
sitive to dispersive and nonlinear broadening effects, meaning that pre-compensation schemes
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are not necessary for few meters of fiber, a strong FWM background is generated in solid-core
fibers [66] when delivering the excitation beams. This background largely overcomes the CARS
signal collected from the sample, and strategies to suppress it have to be employed. This will
be treated in detail in Sec. 3.2.2, but what matters here is that miniaturization of the probes is
complicated by this background.

In 2011, Saar et al. [120] performed CRS imaging with a free-space system, based on a
single mode fiber for pulse delivery, a piezo-tube for the scan, and a photodiode surrounding
the focusing lens for SRS signal detection. In this work, CARS imaging was not performed in
endoscope modality, but in forward detection. An issue with the 10x10 mm2 photodiode for
SRS, is that its size impairs medical applications. No mention of the background generated in
the fiber was found in the paper. Although all the elements of the system were miniaturized, no
portable version and further application has been reported by the authors since.

Balu et al. [5] developed a portable CARS probe, that incorporated a dichroic mirror to
separate the FWM signal from the excitations beams delivered by the fiber. A separate fiber
was used for signal collection and the probe, that incorporated galvanometric mirrors for beam
scanning, had quite important dimensions (Fig. 1.16a, probe dimensions in cm). The portable
microscope was used for CARS imaging of tissues (Fig. 1.16b to 1.16d).

Figure 1.16: (a) The portable CARS probe developed by Balu et al. (the probe size is reported in
centimeters). (b)-(d) CARS images of thick tissue samples ex-vivo at 2842 cm−1. (b) Small adipocytes
of mouse ear skin. (c) Adipocytes of subcutaneous layer of rabbit skin tissue. (d) Meibomian gland in
mouse eyelid. Image acquisition time 2 s. Scale bar is 50 µm. Images taken from [5].

Smith et al. [129] reported in 2013 a CARS exoscope (too big to be an endoscope), using
a MEMS scanner, separate fibers for beam delivery and signal collection and a dichroic mirror
used to prevent the FWM from reaching the sample. With this system they were able to perform
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CARS imaging of axons and fat cells, in the sciatic nerves of mouse tissues ex-vivo. An inter-

Figure 1.17: (1) Design of a CARS portable microscope, based on dichroic filtering of FWM background
and separate delivery and collection channels. (2) Epi-CARS images obtained with the probe from a
tissue ex-vivo: (a) Axons in the sciatic nerve of a mouse and (c) fat cells surrounding the sciatic nerve.
Taken from [129].

esting approach was the one reported by Murugkar et al. [104], who developed a miniature
CARS microscope based on a MEMS scanner, miniature optics and a single laser source. This
solution provided a compact microscope capable of multimodal imaging of different tissues ex-
vivo (in the forward direction). However, this system lacked the portability ideally required to
an endoscope.

As we will see in Sec. 3.2.2, other strategies to suppress the FWM background have been
recently proposed, that are compatible with a miniaturization of the probes to few millime-
ters in diameter [26, 18]. Deladurantaye et al. [26] performed endoscopic CARS imaging of
polystyrene beads, with a fiber-scanning system. However, bulk optical elements (microscope
objectives) were used to re-focus the beams from the fiber to the sample. Moreover, the images
suffer from strong aberrations, especially when imaging on a relatively large FOV (Fig. 1.18c).
Chen et al. [18] recently reported the development of a MEMS-based nonlinear probe, employ-
ing a polarization scheme for FWM background suppression. However, no nonlinear images
were presented in the paper.

Fiber-optic Raman spectroscopy The development of efficient CARS and SRS probes, ca-
pable of combining vibrational imaging and spectroscopy, will profit from the knowledge and
experience accumulated by spontaneous Raman spectroscopy clinical applications.
Raman spectroscopy for biomedical and clinical analysis is indeed a mature field, with Raman
miniaturized fiber probes currently making their way into clinical applications. Raman based
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Figure 1.18: (a) Expected probe size of the miniature and portable CARS endoscope design from De-
ladurantaye et al. [26]. Epi-CARS images of (b) 5 µm and (c) 15 µm polystyrene beads, obtained using
microscope objectives as focusing elements.

diagnosis of cancerous tissues has been reviewed by Krafft et al. [76], Chen et al. [17] and
Tu et al. [135]. An interesting review of fiber probe Raman spectroscopy for real time optical
biopsies of internal organs and tissues can be found in [141]. A more recent and up to date
review of the current developments and applications of fiber-optic linear and nonlinear Raman
techniques can be found in [79]. It is really worth citing a recent work, which reported the use
of fiber optic Raman spectroscopy for intra-operative brain tumor detection, during surgery on
a human patient [64].

1.3 Conclusions

In this chapter, we have introduced NLOM and its remarkable features for high-resolution,
chemically-selective imaging of unlabeled biological tissues. The application of NLOM to biologi-
cal tissues, shows what an impact these techniques could have as clinical diagnostic tools. How-
ever, translation of NLOM into clinics requires the development of miniaturized and portable
probes, a road that is paved with a number of physical and technical issues. While TPEF and
SHG probes are now at a developed stage, where in-vivo imaging can be performed with minia-
ture (diameter ≈ 2 mm) and portable probes, CARS endoscopy has been limited so far by fiber
delivery issues. Nevertheless, the development of miniaturized coherent Raman probes is of
great interest, both to access the multimodality of NLOM and to combine in-vivo Raman spec-
troscopy with imaging.
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Chapter 2

Pulse propagation in optical fibers

The fiber delivery of optical pulses emerged as a key issue in nonlinear endoscopy. In this chap-
ter, we provide a theoretical introduction to some of the main effects occurring when ultrashort
pulses propagate in optical fibers. We first discuss group velocity dispersion (GVD, Sec. 2.2)
and self-phase modulation (SPM, Sec. 2.3), and the different outcomes of the interplay between
these two phenomena (Sec. 2.4). Later on, we present cross-phase modulation (XPM, Sec. 2.5),
an effect that occurs when two different pulses propagate in the same medium. To conclude,
we introduce the split-step Fourier method, a popular approach for the numerical simulation of
pulse propagation in optical fibers (Sec. 2.6).

2.1 Nonlinear pulse propagation

An optical pulse with central frequency ω0 and spectral width δω (where δω << ω0, a condition
valid for pulses longer than 0.1 ps) can be treated in the so-called slowly varying envelope
approximation [1]. This means that we can separate the pulse envelope from the fast oscillating
part of the electric field (at frequency ω0). The electric field can subsequently be expressed as:

E(r, t) =
1

2
x̂[E0(r, t) exp(−iω0t) + c.c.] (2.1)

Where E0(r, t) is the (slowly varying) amplitude envelope of the pulse. The electric field can
be equivalently treated in the frequency domain, taking the Fourier transform of the time-
dependent electric field:

Ẽ(r, ω − ω0) =

∫ ∞
−∞

E(r, t) exp[i(ω − ω0)t]dt (2.2)

Ẽ(r, ω − ω0) has to satisfy the Helmotz equation:

∇Ẽ2 + ε(ω)k2
0Ẽ = 0 (2.3)
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CHAPTER 2. PULSE PROPAGATION IN OPTICAL FIBERS

where k0 = ω/c and
ε(ω) = 1 + χ̃(1)

xx + εNL (2.4)

is the dielectric constant, that includes the nonlinear response term εNL, originating from the
third order nonlinear susceptibility χ(3).

The method of separation of variables can be used to solve the Helmholtz equation. It
consists in assuming a solution of the form:

Ẽ(r, ω − ω0) = F (x, y)Ã(z, ω − ω0) exp(iβ0z) (2.5)

The electric field is here decomposed in different terms. The modal distribution function F (x, y)

represents the transverse profile of the electric field in the fiber and is constant in z, if we con-
sider the case of a single propagation mode. The longitudinal term Ã(z, ω − ω0) is a slowly
varying function of z and describes the pulse envelope in the frequency domain. This decom-
position leads from the Helmholtz equation to two differential equations for the transverse and
longitudinal components of the field. The pulse envelope A(z, t) is the inverse Fourier transform
of Ã(z, ω − ω0) and can be shown to follow the equation [1]

∂A

∂z
+ β1

∂A

∂t
+
iβ2

2

∂2A

∂t2
+
α

2
A = iγ(ω0) |A|2A (2.6)

Where β1 = dβ
dω . β1 is the inverse of the group velocity (vg = β−1

1 ), that represents the propaga-
tion speed of the center of the pulse. β is the propagation constant in the fiber and α defines the
fiber losses. β2 = d2β

dω2 is the GVD parameter. The nonlinear parameter γ is defined as:

γ(ω0) =
n2(ω0)ω0

cAeff
(2.7)

where the parameter Aeff is known as the effective mode area and can be exactly calculated if
the modal distribution F (x, y) is known, while n2 is the nonlinear coefficient:

n2 =
3

8n0
Re
{
χ(3)

}
(2.8)

Equation (2.6) can be written as

i
∂A

∂z
+
iα

2
A− β2

2

∂2A

∂T 2
+ γ |A|2A = 0 (2.9)

by using a frame of reference moving with the pulse at the group velocity vg, through the
transformation

T = t− z/vg ≡ t− β1z (2.10)

Equation (2.9) is referred to as the Nonlinear Schrödinger Equation (NLSE). It describes the
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propagation of optical pulses in fibers under the effect of GVD (β2), SPM (γ) and fiber losses
(α). This equation does not include higher order effects, such as SRS, self-steepening and higher
order dispersion. Except for few specific cases, the NLSE doesn’t lead to analytic solutions and a
numerical approach has to be followed. One of the most used is the split-step Fourier method,
which we will present in Sec. 2.6.

2.2 Group velocity dispersion

GVD is an effect originating from the wavelength dependency of the propagation constant β. Be-
cause of GVD, the different spectral components of a short pulse (which is not monochromatic)
propagate with different velocities inside the fiber. Group velocity dispersion is described by the
parameter:

β2 =
∂2β

∂ω2
|ω0 =

∂

∂ω

1

vg
=
∂β1

∂ω
(2.11)

β = β(ω) is the frequency dependent propagation constant of the fiber. The GVD parameter
β2 is expressed in units of [s2/m]. In the context of optical fibers, the GVD parameter is often
expressed as a derivative with respect to wavelength. The dispersion parameter Dλ, generally
given in units of [ps/(nm · km)] or equivalently [fs/(nm ·m)], is defined as:

Dλ = −2πc

λ2
· β2 = −2πc

λ2
· ∂

2k

∂ω2
(2.12)

β2 and Dλ have opposite sign, since a longer wavelength corresponds to a smaller frequency.

The effect of GVD on a transform limited pulse1 is to increase the pulse duration and intro-
duce an instantaneous frequency variation (chirp). The duration τ(z) (defined as the FWHM of
its temporal envelope) of an initially transform-limited Gaussian pulse after propagating over a
distance z in a dispersive material is:

τ(z) = τ0 · [1 + (z/LD)2]1/2 (2.13)

where τ0 was the initial duration and the useful quantity

LD =
τ2

0

2.772 · |β2|
(2.14)

is called the dispersion length, which defines the propagation distance over which the pulse
duration increases by a factor

√
2.

The factor 2.772 comes from the fact that LD is usually defined in terms of the pulse half-width

1A pulse with the smallest time-bandwidth product. For a Gaussian pulse that is ∆t · ∆ν ≈ 0, 44, where ∆t
and ∆ν are measured as the full-width at half maximum (FWHM).
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at the 1/e-intensity point τ1/e
2. Since the pulse duration is more often measured and expressed

as the FWHM, our choice was to define the LD accordingly. Equation (2.14) tells us that the
temporal broadening of a pulse depends on its initial duration. For the same GVD parameter,
the dispersion length is smaller for shorter pulses. From Eq. (2.13), it is clear that the broadening
of a short pulse will be more pronounced, for the same propagation distance. This effect is due
to the larger spectral width of shorter pulses.

The instantaneous frequency variation is proportional to the phase variation across the pulse
[121]:

δω(z, T ) = − ∂φ
∂T

=
2β2z

τ(z)4 + β2
2z

2
T (2.15)

The linear relation between time and frequency variation means that the GVD induces a linear
chirp. It can be shown that the spectrum of a pulse is not affected by GVD (and even higher
order dispersion) [121].

Two different situations exist: β2 > 0 (Dλ < 0) is defined as the normal dispersion regime,
where longer wavelengths travel faster than shorter ones (δω < 0 for T < 0, the leading edge of
the pulse). When β2 < 0 (Dλ > 0), blue components of the spectrum move at the leading edge
of the pulse: this is called the anomalous dispersion regime. In a typical dispersion graph, a
GVD parameter (either β2 or Dλ) is expressed as a function of the wavelength (fig. 2.1).

Figure 2.1: (a) The dispersion graph for two different PCFs, representing the GVD parameter β2 as a
function of the wavelength. (b) In the normal dispersion regime (β2 > 0), red frequency components will
lead in the pulse envelope, while in the anomalous dispersion regime (β2 > 0) the blue components lead
in the pulse. Taken from [121]. Graph: courtesy of Esben R. Andresen.

2.3 Self-phase modulation

SPM is an effect arising from the intensity dependence of the refractive index. It is responsible
for spectral broadening of transform-limited pulses. From a physical point of view, SPM occurs

2For a Gaussian pulse: τ1/e = τFWHM/2
√

ln(2)
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when the pulse intensity is strong enough to modify the optical properties of the material it is
propagating in. This causes an instantaneous, nonlinear variation of the phase across the pulse,
which results in a modification of the pulse spectrum.

The intensity dependent refractive index can be expressed as [133]:

n(T ) = n0 + n2I(T ) (2.16)

where n0 is the linear index, n2 is the nonlinear coefficient (Eq. (2.8)) and I(T ) is the in-
stantaneous intensity of the optical field. The magnitude of nonlinear effects is determined
by the nonlinear parameter γ (Eq. (2.7)). For a typical single mode fiber, γ ≈ 20 W−1km−1

(n2 ≈ 2.6 · 10−16 cm2/W in silica).
SPM induces a nonlinear phase shift φNL on the propagating pulse:

φNL(T ) = n2I(T )ω0L/c (2.17)

The maximum phase shift occurs at the center of the pulse. After a propagation distance z, it is:

φNL,max(z) = γP0z (2.18)

where P0 is the peak power of the pulse, which is related to the average power P avg, the repeti-
tion rate fR and the time duration τ of the laser:

P0 =
P avg

fR · τ
(2.19)

The nonlinear time-dependence of the phase φNL(t) leads to a spectral modification of the pulse.
This can be expressed as an instantaneous frequency variation across the pulse:

δω(z, t) = −∂φNL(t)

∂t
= −n2

dI(t)

dt

2π

λ
z (2.20)

The frequency variation is inversely proportional to the gradient of the pulse intensity profile.
The leading edge of the pulse (where dI/dt > 0) is red-shifted (δω < 0), while the trailing
edge is blue-shifted (Fig. 2.2). The spectral broadening for an unchirped Gaussian pulse can be
calculated, if we neglect dispersion (β2 ≈ 0), using [1]:

δωmax = 0.86 · φmax

T0
(2.21)

where T0 was the initial pulse duration. For an unchirped Gaussian pulse T0 is related to the
initial spectral width of the pulse ∆ω0, through: T0 = (∆ω0)−1.
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Figure 2.2: (a) SPM induced frequency shift for a gaussian pulse. (b) Spectral broadening, after propa-
gation in a nonlinear medium, due to SPM.

Similarly to what done for GVD, it is useful to introduce a characteristic nonlinear length:

LNL ≡ (γP0)−1 (2.22)

Then the maximum phase shift (defined in eq. (2.18)) can be written in terms of the nonlinear
length φmax = z/LNL. The nonlinear length defines the propagation distance (z = LNL) at
which φmax = 1.

2.4 Combined effects of GVD and SPM

We have seen that GVD and SPM can be responsible for the temporal and spectral broadening
of transform limited pulses. The broadening occurs when they act together, in the normal dis-
persion regime (β2 > 0), on transform-limited or positively chirped pulses. In this case, the
temporal broadening is accelerated by the cooperation of the two effects. However, when a
pulse propagate in the anomalous dispersion regime, the SPM-induced broadening can be com-
pensated by GVD, leading to pulse compression. When the two effects cancel out each other
(LNL = LD), the pulse remains transform limited as it propagates in the fiber and it is called an
optical soliton (this effect can happen both in silica fibers [100, 122] and in hollow-core fibers
[93]).

The net effect of GVD and SPM strongly depends on the initial pulse shape and chirp. For
instance, the introduction of a negative chirp is often used to pre-compensate for the GVD
induced by normal dispersion fibers. This is typically done with a pair of prisms or gratings, that
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stretch the pulse in time with the higher frequencies at the leading edge. With a proper initial
chirp the output from the fiber can be a transform-limited pulse. However when SPM acts on
negatively chirped-pulses it leads to spectral compression: the higher frequency components at
the leading edge of the pulse are red-shifted by SPM, while the lower frequency components
at the trailing edge are being blue-shifted. For instance, the spectral compression of negatively
chirped pulses, from 8.4 nm to 2.4 nm spectral width and a constant phase over the spectral and
temporal profiles, was reported [145].

The reduction of the transform limited pulse duration is also possible (temporal compres-
sion). It can be done in two steps: first the pulse is spectrally broadened by SPM in a fiber in the
normal dispersion regime. Then, the new frequency components are temporally compressed in
a fiber with anomalous dispersion [132, 73].

2.5 Cross-phase modulation

Cross phase modulation (XPM) occurs when two optical fields propagate in the same medium.
Similarly to SPM, the mechanism behind XPM is the intensity dependence of the refractive
index. The physical picture is the following: a propagating pulse modifies the refractive index
of a material, which is proportional to the instantaneous intensity of the pulse. This imposes on
the other pulse an additional nonlinear phase shift, which is called XPM.

In other words, XPM occurs because the refractive index seen by one pulse depends on the
intensity of the other one. XPM modifies the spectrum of the pulses, like SPM, but its effect
changes with the relative delay between the pulses, as illustrated in Fig. 2.3.

Let us now call the two beams pump and Stokes, like for an SRS experiment. As the delay
between the pulses changes, the pump beam might experience a positive (a) or negative (b)
slope in the Stokes intensity profile. The sign of the slope will define the sign of the frequency
variation. When the pump beam is leading (a), most of the pump pulse will experience a rising
slope in the Stokes pulse, which is associated with a red-shift. Therefore, the XPM contribution
to the nonlinear phase will cause the pump spectrum to shift to lower frequencies. When the
pump beam is trailing (b), the negative intensity slope of the Stokes shifts the pump spectrum
to higher frequencies.

Consider now the pump and Stokes fields, centered at frequencies ω1 and ω2 with intensities
I1 and I2. The nonlinear phase acquired by the pulses as they propagate in the medium can be
generally written as [1]

φNL
j (z) = γjAeff(Ij + 2 · I3−j)z (2.23)

Where j = 1 or 2 and γj is defined as

γj = n2ωj/(cAeff) (2.24)
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Figure 2.3: Spectral effects (bottom row) of XPM, as a function of the pulse delay (top row). Depending
on the relative position between the Stokes (dotted line) and the pump beam, the spectrum can experience
a red-shift (a), a blue-shift (b) or both ways (c).
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The first term in Eq. (2.23) is responsible for SPM discussed in the previous section. The second
term is responsible for XPM.

Similar to the single beam case, the NLSE describes the propagation of the pulse envelopes
A1 and A2, under the effect of fiber losses, Kerr nonlinearity and GVD. Two coupled NLSE equa-
tions are written, taking into account the group velocity mismatch. If fiber losses are neglected,
they take the form [1]:

∂A1

∂z
+
iβ21

2

∂2A1

∂T 2
= iγ1

(
|A1|2 + 2 |A2|2

)
A1 (2.25)

∂A2

∂z
+ d

∂A2

∂T
+
iβ22

2

∂2A2

∂T 2
= iγ1

(
|A2|2 + 2 |A1|2

)
A2 (2.26)

where time T = t− z
vg1

is measured in a reference frame moving with the pulse traveling at
speed vg1 and

d =
vg1 − vg2
vg1vg2

is a measure of group velocity mismatch between the two pulses.

In order to estimate the magnitude of the XPM-induced spectral broadening, one can at first
neglect the GVD contribution to equations (2.25) and (2.26), and set β21 = β22 = 0. In such a
case, the pulse shapes do not change and the equations can be solved analytically. The general
solution, at z=L, is given by:

A1(L, T ) = A1(0, T )eiφ1 ; A2(L, T ) = A2(0, T − dL)eiφ2 (2.27)

where the nonlinear phase shifts are

φ1(T ) = γ1

(
L |A1(0, T )|2 + 2

∫ L

0
|A2(0, T − zd− T12)|2 dz

)
(2.28)

φ2(T ) = γ2

(
L |A2(0, T )|2 + 2

∫ L

0
|A1(0, T + zd− T12)|2 dz

)
(2.29)

where T12 is the initial delay between the pulses and z · d is the time delay due to group velocity
mismatch. The first contribution to the nonlinear phase is due to SPM, while the second one
comes from XPM. The XPM contribution changes along propagation because of group velocity
mismatch, then to obtain its total effect, it has to be integrated over the fiber length L. The
dependence on the initial pulse delay of the XPM effects can be again understood in terms of
Fig. 2.3.
This integration can be performed analytically for certain pulse shapes, such as that of unchirped
Gaussian pulses. In that case, the maximum XPM-induced frequency chirp experienced by pulse
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1 is [1]:

∆ ωmax|1 =
2γ1P2LW

T0
(2.30)

where T0 is the pulse duration (assumed equal for both pulses) and the walk-off length

LW = T0/ |d| (2.31)

defines the length over which the two pulses interact before being separated by GVD. The deriva-
tion of eq. (2.30) can be found in [1]. We will use this equation in Sec. 7.2 for an estimation of
the frequency shift in a KagomÃl’ fiber.

2.6 Simulation of nonlinear pulse propagation

In general, the NLSE does not lead to analytical solutions. Therefore, numerical methods have to
be employed in order to simulate the propagation of short pulses under nonlinear and dispersive
effects. The split-step Fourier method is one of the most used numerical tools for the purpose
(see [63] and [127]). This method starts by rewriting the NLSE (Eq. (2.9)) as:

∂A

∂z
= (D̂ + N̂)A (2.32)

where we introduced the nonlinear operator N̂ and the dispersive operator D̂:

N̂ = iγ |A|2 ; D̂ = − iβ2

2

∂2

∂T 2
(2.33)

Nonlinear effects and GVD act together on the pulse envelope A(z, T ) during propagation inside
the fiber. If the fiber length L is divided in small steps h, the propagation from z to z + h can be
computed with:

A(z + h, T ) ≈ exp(hD̂) exp(hN̂)A(z, T ) (2.34)

The split-step Fourier method is based on the assumption that over the small length h, the two
effects act independently. The dispersive step is more easily carried out in the Fourier domain,
on the pulse envelope Ã(z, ω). In the frequency space the dispersive operator can be evaluated
by:

exp(hD̂)B(z, T ) = F−1
T exp(hD̂(−iω)FTB(z, T ) (2.35)

FT is the Fourier transform which can be performed with the FFT algorithm, and F−1
T is the

inverse Fourier transform. The term exp(hD̂(−iω)) is a number, which can be easily computed
by substituting the derivative ∂

∂T by −iω. Then the effect of dispersion over the length h is
calculated as:

Ã(z + h, ω) = Ã(z, ω) · exp[h(−i/2 · β2ω
2)] (2.36)

40



2.7. CONCLUSIONS

The field is then inversely transformed to the time domain, where the nonlinear effect is com-
puted by including the nonlinear phase term on the field:

A(z + h, T ) = A(z, T ) · exp(h · iγ |A|2) (2.37)

The repetition of these two steps over all the n steps (n=L/h), leads to the final field profile
A(L, t).

Figure 2.4: This figure illustrates the split-step Fourier method. On the left-hand side, the flow diagram
of the algorithm. On the right-hand side, a graphical representation of the principle behind the method.

2.7 Conclusions

In this chapter we have laid the theoretical foundations of pulse propagation in optical fibers.
We have first introduced the NLSE (Sec. 2.1), which governs pulse propagation under dispersive
and nonlinear effects. We have then separately examined the effects of GVD (Sec. 2.2) and SPM
(Sec. 2.3), introducing useful equations and parameters for the quantification of these effects.
We have then analyzed the outcomes resulting from the interplay of dispersive and nonlinear
effects, under different propagation conditions (Sec. 2.4). In Sec. 2.5, we introduced the
effect of XPM, that occurs when two different fields propagate in the same medium. Finally we
have presented the split-step Fourier method (Sec. 2.6), which is often used to simulate pulse
propagation in optical fibers.

We will first use these concepts in Ch. 3, which is dedicated to the fiber delivery of fem-
tosecond pulses for nonlinear endoscopy. They will be useful to examine the framework of the
problem and the different strategies that have been employed for efficient nonlinear excitation
at the distal end of optical fibers. They will also be applied in Ch. 7, where we will use Kagomé
fibers to deliver picosecond pulses for SRS microscopy. We will see that XPM can play a role
in the generation of a background signal in the Kagomé fiber. In the same chapter, we will
adopt the split-step Fourier method to simulate pulse propagation and estimate the modulation
transfer occurring in the fiber.
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Chapter 3

Pulse delivery for nonlinear

endoscopy

This chapter is dedicated to the problem of ultrashort pulse delivery in nonlinear endoscopy.
We start with a review of the different types of optical fibers existing today (Sec. 3.1). The
use of such fibers in nonlinear endoscopy is discussed in Sec. 3.2. We analyze here the the
issues related to pulse delivery, such as the temporal broadening of the pulses and the CARS
background generated in the fiber. In Sec. 3.3, we introduce a custom designed Kagomé-lattice
hollow-core fiber for nonlinear endoscopy, describing its advantageous optical properties. In
Sec. 3.4 we study the propagation effects on femtosecond pulses delivered by the Kagomé fiber.
In the last section of the chapter (Sec. 3.5), we measure the FWM background generated in the
fiber as a function of the delay between the pulses.

3.1 Optical fibers

An optical fiber is a cylindrical dielectric waveguide, that allows remote delivery of light by
confining the optical field in a central region, which is called core. Guidance in classical optical
fibers is based on total internal reflection (TIR), that is induced by a refractive index mismatch
between the silica core and the region surrounding it, which is called cladding. Such fibers can
be divided in two categories: multimode and single mode fibers. For our purpose we will restrict
the description to the last ones.

3.1.1 Solid-core fibers

In classical optical fibers, a central core with refractive index n1 is surrounded by a cladding of
refractive index n2, where n1 is typically 1%-2% bigger than n2 [41], which leads to a numerical
aperture NA = (n2

1 − n2
2)1/2. Propagation in the fiber core is described by Maxwell’s equations:
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it is found that for a core radius a, a fiber will be single mode if the wavelength λ is such that the
condition V < 2.405 is verified. The parameter V is defined as V = (2πaNA)/λ. If V > 2.405,
the fiber supports multiple propagation modes and is called multimode.

Figure 3.1: (a) Step-index fibers and (b) typical structure of solid core photonic crystal fiber. Adapted
from [121], courtesy of Sarah Saint-Jalm.

Single mode fibers (SMF) These fibers are characterized by a small core size (few mi-
crometers for visible light). Since only one propagation mode is supported, GVD is mainly
due to the chromatic dispersion of the silica core. In silica, the GVD is +35 fs2/mm (Dλ =

−103 ps · nm−1 · km−1) at 800 nm and -26 fs2/mm (Dλ = 21.8 ps · nm−1 · km−1) at 1.5 µm,
with the zero-dispersion wavelength (β2 = 0) located near 1.3 µm. Because of the small core
size, nonlinear effects such as SPM can be quite important even at moderate power levels, be-
cause of the high electric field intensities, as we will see in Sec. 3.2.

Solid-core PCF A new class of fibers has been developed in the 1990s by the group of
Philip St. J. Russell [117]: the Photonic Crystal Fibers (PCF). Such fibers are based on different
confinement mechanisms than classical fibers, such as modified TIR or photonic bandgap (PBG)
formation, and have opened many exciting perspectives for ultrashort pulse delivery. The first
PCF consisted of a periodic array of air capillaries surrounding a central silica rod [71]. The
guiding mechanism of this fiber is called modified total internal reflection (MTIR), since the
effective refractive index of the photonic structure is lower than that of the core. Important
parameters are the diameter of the capillaries d and the hole-to-hole distance (or pitch) Λ.
For d/Λ < 0.4, a PCF exhibits an endlessly single mode behavior [118]. This is an advantage
because the single mode condition depends only on the d/Λ ratio. Fibers with large core size can
be produced by scaling the whole structure: they are called large mode area (LMA) fibers and
typically have mode field diameter (MFD) larger than 10 µm. These fibers reduce the nonlinear
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effects because of the larger core area Another advantage of PCFs is the possibility to tailor
certain properties of the fiber, such as the dispersion, by changing d and/or Λ (this contribution
is called the waveguide dispersion). In PCFs, the GVD can be positive or negative depending on
the wavelength, and multiple zero-dispersion wavelengths (ZDW) are possible (Fig. 3.2b).

3.1.2 Hollow-core fibers

In a new type of fiber structure, the hollow-core (HC) PCFs, light is guided through an air-core,
and the fraction of the field propagating in silica can be less than 1% [61]. As a consequence,
the nonlinear coefficient n2 in HC fibers can be 3 orders of magnitude smaller than in solid-core
fibers [107]. The reduction of nonlinear effects is dramatic in this type of fibers. For this reason
HC fibers are very attractive for high power laser delivery [125, 142]. Different type of HC fibers
exist today, such as PBG fibers or Kagomé fibers.

Figure 3.2: Nonlinear (a) and GVD (b) coefficients for different types of PCFs. Taken from [72].

Hollow-core PBG fibers When the silica core of a PCF is replaced by a hollow capillary
with a different diameter than the ones in the photonic structures (usually bigger), light is
guided because of the formation of photonic bandgaps1 (PBG). The periodicity of the photonic
structure inhibits propagation out of the core, for certain wavevectors k, which results in a
low-loss confinement of light within a certain wavelength range. HC-PBG fibers (Fig. 3.3a)
are characterized by a relatively narrow transmission window (typically < 100 nm). Within
the transmission window, they take on both positive and negative GVD values, and the zero-
dispersion wavelength (ZDW) is usually located at the center of this window. Distortion-less
pulse delivery can be achieved when the pulse central wavelength is very close to the ZDW

1The name photonic bandgap highlights the analogy with the formation of forbidden electronic states
(bandgaps) in periodic crystalline structures.
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[53]. However, higher order dispersion is generally quite strong, which results in very steep
GVD curves. Therefore, a strong dispersive broadening is experienced by pulses that are either
very short in time (and large in spectrum), or centered at a wavelength different than the ZDW
(see Fig. 3.2b, blue curve).

To summarize, HC-PBG offer single mode propagation with very low nonlinearity, but their
main problem is related to the lack of spectral flexibility, due to the narrow transmission wave-
length and the very steep GVD curves.

Kagomé fibers Kagomé-lattice fibers [24] are a very interesting type of hollow-core fibers.
The fiber core is here surrounded by an air/glass microstructure whose pattern (the Kagomé
lattice, Fig. 3.3b) resembles a Star of David. The photonic cladding does not exhibit PBG, and
the guiding mechanism is based on a weak coupling between the core mode and the cladding
modes (for a theoretical study see [110]).

Kagomé fibers generally have larger losses (< 5 dB/m) than HC-PBG fibers, but the low-loss
transmission window is much broader (> 400 nm). The GVD in the Kagomé is also very low (few
ps · nm−1 · km−1) over the whole transmission band. Kagomé fibers have been employed for
high-power laser delivery for industrial applications, gas-based nonlinear optics [119], Raman
spectroscopy probes [50].

New lattice designs, such as the hypocycloid-core Kagomé [143] (Fig. 3.3c), have led to
improvements on the first Kagomé design, in terms of transmission losses and power handling
(thanks to a smaller overlap between the field and silica). A new fiber design, called inhibited
coupling (IC) Kagomé fiber has marked a record attenuation value of 7.7 dB/km at 750 nm

and extremely broad low-loss transmission bands (loss < 20 dB/km) spanning from 600 nm to
1200 nm [25].

Figure 3.3: SEM micrographs of different HC-PCFs. (a) A HC-PBG fiber, (b) a Kagomé lattice HC fiber
and (c) an hypocycloid-core Kagomé fiber. Images taken from [126], [24] and [143].
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3.2 Fiber delivery in nonlinear endoscopy

The duration of the excitation pulses on the sample is a crucial element of nonlinear endoscopes.
For an efficient endoscope, the dispersive and nonlinear effects associated to fiber propagation
have to be taken into account, and compensated for most fiber types. This is true also for imaging
fiber bundles, where the pulses propagate in separate SMFs. However, we will here focus on
flexible endoscopes that employ a distal scanning mechanism, such as MEMS mirrors or piezo-
element fiber scanning. In these systems, fibers supporting a single propagation mode, such
as SMFs, small-core PCFs, LMA-PCFs or HC fibers, are generally used to deliver the excitation
beams.

SMF are widely used in fiber-scanning endoscopes, where a second clad is added to increase
the signal collection efficiency [12, 105, 147]. This double clad (DC)-SMF fibers are commer-
cially available from several manufacturers. However, small-core PCFs are sometimes prefered
over standard SMFs for different reasons [32]:

• Robust single mode propagation over all wavelengths.

• Double clad PCFs for endoscopy do not require addition of the dopants used in SMFs, that
can absorb light and generate spurious TPEF signal.

• Adjustable GVD properties.

LMA fibers have been tested to reduce nonlinear effects in TPEF/SHG endoscopy [151] and are
often used in CARS probes [5], because of the FWM background reduction [66]. HC-PBG fibers
have also been used for femtosecond pulse delivery at the ZDW in two-photon microscopes [130]
and in nonlinear endomicroscopes [35, 82], but also in CARS/SRS endoscope-like microscopy
[13]. We will now separately discuss the problems related to pulse delivery in TPEF/SHG and
CARS endoscopes.

3.2.1 Femtosecond pulse delivery

The pulse duration after the delivery fiber is an important issue in TPEF/SHG endoscopy, where
a single optical pulse train is used for excitation. Shorter pulses are preferable for a more
efficient activation of the nonlinear signal. Unfortunately, the broadening of femtosecond pulses
can be quite strong even for short fiber lengths. The temporal broadening of a transform limited
pulse can be estimated using Eq. (2.13). In SMFs, the GVD parameter is approximately β2 =

+35 fs2/mm at 800 nm, which corresponds to a dispersion length LD = 0.1 m. After 1 m of
propagation in a SMF, a transform limited 100 fs pulse will broaden to a duration of 993 fs. At
the same time, nonlinear effects act on the pulse: in a typical SMF the nonlinear parameter is
γ ≈ 20 W−1km−1 [1]. A 100 fs pulse with 10 mW average power (on the order of the power
levels used in NLOM), which corresponds to a peak power of P0 = 1000 W (for a 100 MHz
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repetition rate). Equation (2.22) allows the calculation of the nonlinear length, LNL = 5 cm2.
These values highlight the importance of dispersive and nonlinear effects in optical fibers.

In order to compensate for the GVD of the fiber, a negative chirp is often introduced on the
pulses before the fiber. This chirp is then compensated by the one acquired in the fiber, leading
to a transform limited pulse on the sample. This chirp can be generated by means of gratings
or prisms pairs, that stretch the pulse in time, with the blue frequencies at the leading edge.
However, the optimal pulse delivery requires the pre-compensation of nonlinear effects as well.
As already mentioned (in Sec. 2.4), negatively chirped pulses are spectrally compressed by SPM.
Therefore, even if the pulses are transform limited, their output spectrum is narrower and their
duration longer than the input ones [22]. Most notably, the output pulse duration increases with
the delivered power, since SPM is an intensity dependent effect. This can lead to a saturation in
the activation of the nonlinear signal, as the pulse duration increases with the excitation power
[6].

Ducourthial et al. [32] demonstrated ultra-short pulse delivery through a small-core DC-
PCF, by pre-compensation of SPM and higher order dispersion effects. The strategy consisted
in using a single mode fiber to broaden the pulse spectra, pre-compensating for the spectral
compression that takes place in the endoscope fiber. Then, a GRISM stretcher [134] was used
to pre-compensate for second and third order dispersive effects. With this system, they reached
sub-40-fs pulse duration on the sample, after 5 m of endoscope fiber. This probe was capable
of imaging unlabeled tissues in-vivo, with moderate power levels and high frame rates (see Sec.
1.2.2). Murari and co-workers [103] developed a compensation-free endoscope probe by using

Figure 3.4: The efficient delivery of short pulses requires pre-compensation of both dispersive and non-
linear effects. In this figure, the pulse shaping setup developed by Ducourthial et al. to compensate for
SPM, second-order and third-order dispersion [32].

a source at 1.5 µm, which falls in the anomalous dispersion region of the fiber and exploits
soliton propagation.

HC-PBG fibers have been used in nonlinear endomicroscopes, with the femtosecond pulses
delivered at the ZDW [35, 82]. One common feature of all this systems is their limited spectral
tunability, which allowed them to efficiently operate either at a single wavelength or in a narrow

2The nonlinear length is the propagation distance that induce a spectral broadening δω = 0.86 · (T0)−1
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wavelength range.

3.2.2 Pulse delivery for CARS endoscopy

Pulse delivery in CARS endoscopes is affected by the problems described in the last section,
especially when using femtosecond pulses. However, an additional issue exists in this case: a
strong FWM signal is generated in the delivery fiber upon propagation of the pump and Stokes
beams. This FWM background has represented the main issue in the development of Coherent
Raman endoscopes so far. In solid-core fibers it can be very strong, generally overwhelming the
signal collected from the sample [5]. We will now review the use of fibers for pulse delivery in
CARS endoscopy.

SMFs have been used to deliver the pump and Stokes excitation beams, since picosecond
pulses are less sensitive to GVD and nonlinear effects. Légaré et al. [86] found that for moderate
power levels (80 mW for each beam), the SPM-induced broadening after 1 m of fiber was not
compromising, in terms of spectral resolution and temporal duration. Saar et al. [120] also
used a SMF for fiber delivered Coherent Raman imaging.

However, many groups have preferred to use LMA fibers, because they generate a lower
FWM background as compared to SMFs [66]. However, this signal is non negligible even in
LMAs. For instance, Balu et al. [5] used an LMA-PCF for beam delivery in their portable micro-
endoscope. Here, the background peak generated in the fiber was found to be almost 10 times
stronger than the CARS signal collected from a DMSO sample (Fig. 3.5). Filtering of this
background was necessary, by means of a dichroic mirror and a separate collection fiber, which
largely increased the size of the probe.

Figure 3.5: Comparison between the CARS signal intensity from a DMSO sample and the FWM generated
in the fiber, as a function of the time delay between the pump and the Stokes beam. (a) The fiber is a
DC-PCF (MFD = 16 µm, 80 cm long), (b) the fiber is a LMA (MFD = 16 µm, 50 cm long). Taken from
[5].

Deladurantaye et al. [26] recently explored strategies to increase the imaging contrast in
a CARS probe. First of all, they reported a 3 dB reduction in the FWM background in LMA
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fibers, as compared to SMF fibers. They employed a LMA-DC fiber for pulse delivery and signal
collection. They grew a micro-fabricated optical filter on the core, at the distal end of the fiber,
to prevent the FWM background from reaching the sample. This reduced the FWM background
in forward CARS images by 10 dB. However, reflection from the filter reduced the contrast in
the epi images.

Other strategies to suppress the FWM background have been proposed. A very interesting
approach is based on propagation of the pump and Stokes beams with orthogonal polarization
in polarization maintaining fibers [144]. This scheme is able to suppress 99% of the FWM
background in the fiber, but it requires a dual wavelength waveplate (DWW) after the fiber.
Indeed, for efficient CARS excitation it is necessary to rotate the polarization of one beam, so
that they are parallel on the sample. This scheme was adopted by the same group to develop a
multimodal probe, although nonlinear images were not shown yet [18].

Another way to get rid of the FWM background is the use of HC-fibers. Brustlein and cowork-
ers [13] have shown that this background becomes negligible when the excitation pulses propa-
gate through an air-core. However, the accessible spectral region with this PBG fiber was limited
to 1800 cm−1, not reaching the interesting lipid region.

3.3 Kagome fiber for nonlinear endoscopy

In this thesis, we propose the use of a Kagomé DC fiber for nonlinear endoscopy. Kagomé fibers
are hollow-core fiber with a broad low-loss and low-GVD band. Their transmission properties
allow the delivery of excitation pulses over a very large wavelength range. When performing
Coherent Raman imaging, vibrational frequencies as high as 4000 cm−1 can be covered. We
will see in the following sections that the development of a multimodal non-linear endoscope is
simplified by the use of this fibers, whose properties are:

• Low (and anomalous) GVD.

• Small nonlinearities (nair
2 ≈ 10−3 · nsilica

2 ).

• Broad spectral tunability (transmission band with similar dispersive properties, no frequency-
specific pre-compensation systems required).

• Negligible FWM background generated in CARS modality.

The optical properties of the Kagomé fiber are shown in Fig. 3.6. Light propagates in a single
mode (Fig. 3.6a) through the fiber hollow core (Fig. 3.6b). The mode field diameter is ≈ 18µm

for a measured NA of 0.02. The transmission window for the air guided mode extends from
680 nm to 1100 nm, where the attenuation is lower than 5 dB/m (Fig. 3.6c). The minimum
reaches about 2 dB/m between 800 nm and 1000 nm, which is acceptable, considering the
fiber design parameters. The Kagomé fiber can efficiently deliver pump and Stokes beams that
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cover very high vibrational wavenumbers (up to 4000 cm−1). In Fig. 3.6c, the wavelengths
800 nm and 1040 nm are highlighted, since they correspond to the pump and Stokes excitation
wavelengths for CARS imaging of lipids in many OPO systems.

Figure 3.6: (a) Propagation mode of the Kagomé fiber, with scale bar 10 µm and (b) SEM image of the
core and the surrounding photonic micro-structure. (c) Transmission spectrum of the fiber, highlighting
the wavelength of the pump and Stokes beams for CARS imaging of lipids (2854 cm−1). (d) GVD curve
of the fiber.

The GVD was measured from 800 nm (1 ps · nm−1 · km−1) to 1150 nm (6 ps · nm−1 · km−1)
and is shown in Fig. 3.6d. The dispersion lengths for the pump (800 nm) and Stokes (1040 nm)
wavelengths are LD = 10 m and LD = 2.4 m (β2 = 4.5 ps · nm−1 · km−1 at 1050 nm), which are
extremely low GVD values, if compared to other fibers, especially for such a broad transmission
band. Moreover, the chirp induced by the fiber comes from anomalous dispersion, advanta-
geously compensating for the normal dispersion introduced by the preceding optical elements.

3.4 Propagation effects on femtosecond pulses

Knowing the optical properties of the Kagomé fiber, we expect that dispersion and nonlinearities
have negligible effect on femtosecond pulses for propagation lengths of few meters only. In
this section we will present the measurement of temporal and spectral effects, associated to the
propagation of femtosecond pulses in the Kagomé fiber.

Temporal effects

This experiment was performed using a Ti:Sa laser (Chameleon, Coherent). We measured the
pulse duration, before and after the fiber, for different pulse wavelengths, using an autocorrela-
tor (Mini USB, APE). The input duration was measured before lens L1 (see Fig. 5.1). The output
pulse duration was measured after propagation in 1 m of Kagomé fiber and collimation with a
25 mm lens. The results of the experiments are shown in Fig. 3.7. The input pulse duration
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Figure 3.7: Pulse duration for different wavelengths of a Ti:Sa laser, measured with an autocorrelator.
Measurements were performed before (blue curve) and after (green curve) 1 m of Kagomé fiber. The
pulses do not experience significant temporal broadening, while temporal compression occurs at 950 nm.

was not uniform across the Ti:Sa spectrum. This might be due to the GVD experienced by the
pulses in the glass elements of the optical setup, such as the coupling objective or the thick
polarizing beamsplitters. In classical single mode fibers, femtosecond pulses of this duration
would experience an important broadening, since the 700 nm - 950 nm spectral region is in the
normal dispersion regime. On the contrary, the pulse duration is shorter after propagation in the
Kagomé, apart from the pulse at 700 nm. This is not a surprise, since the GVD of the fiber is very
low, but lies in the anomalous regime. Therefore, the chirp induced by the fiber compensate for
any positive chirp introduced by preceding optical elements. This seems to be confirmed by the
measured GVD values for the Kagomé (Fig. 3.6d), which are higher at longer wavelength. In
fact, the strongest temporal compression occurs at 950 nm where the GVD is 4 ps · nm−1 · km−1.
At the same time, the pulses experienced a slight broadening at 700 nm. The GVD was not
measured at this wavelength, but the trend of the dispersion curve suggests that pulses at 700
nm experience normal dispersion in the fiber.

Spectral effects

Nonlinear effects such as SPM can alter the spectrum of the pulses. The effect is proportional to
the peak power of the pulse and to the nonlinear index n2 (Eq. 2.22). In the Kagomé fiber we
expect this effect to be negligible for the pulse intensities used in nonlinear endoscopy. We used
a spectrometer (USB4000, Ocean optics) to estimate pulse broadening of a 100 fs pulse. The
spectrum of the beam, before and after propagation in 1 m of Kagomé fiber, was measured for
different power levels (Fig. 3.8). We can conclude that, at the power levels used in endoscopy,
the effect of SPM is negligible on 100 fs pulses propagating in the Kagomé fiber.
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Figure 3.8: Spectrum of the pulse centered at 805 nm, measured before and after delivery through 1
m of Kagomé fiber, for increasing power levels. No detectable spectral broadening was measured, upon
propagation in the hollow-core fiber.

Efficient broadband excitation

The capability of a Kagomé fiber to delivery undistorted short pulses has important implications
for applications in spectroscopy. In fact, pre-compensation mechanisms used to obtain short
pulse durations at the sample are generally optimized for a single wavelength, or a narrow
wavelength range. This is a limit in situations where a fast tuning of the excitation wavelength
is required. Pulse delivery with Kagomé fibers does not require GVD pre-compensation, and the
following experiment illustrates another benefit of this feature. We performed fiber delivered
two-photon excitation (TPE) spectroscopy of a fluorescein (FITC) solution, exploiting the broad
transmission window of the Kagomé.

TPE spectra are often expressed in terms of the two-photon cross section, a wavelength-
dependent parameter that defines the probability for a molecule to undergo TP absorption. The
cross-section is conveniently expressed in units of GM3, and is proportional to the TPEF intensity
[148]:

ITPEF = K · σTPE · I2
exc (3.1)

WhereK is a parameter that takes into account the illumination and signal collection conditions,
together with the concentration of molecules in the focal volume. Iexc is the excitation beam
intensity and ITPEF is the TPEF signal.

The TPE cross section of fluoresceine was measured by Albiota et al. and can be found in [2].
Because of the linear dependence in Eq. (3.1), we expect a correlation between the TPEF signal
and the TPEF cross-section. In order to verify this, we excited a homogeneous FITC solution (50
mM) with femtosecond pulses delivered by 1 meter of Kagomé fiber, using a constant power of
5 mW on the sample. As we swept the laser wavelength, with 25 nm steps (from 975 nm to

3In honor of Maria Goppert Mayer. 1 GM=10−50 cm4s/photon
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690 nm), we integrated the TPEF signal over 1 s. The fluorescence signal was filtered using a
bandpass filter (550/100 nm). The results are shown in Fig. 3.9, where a semi-logarithmic graph

Figure 3.9: Red curve: normalized TPEF signal from an homogenous fluorescein solution with the
excitation beam delivered by the Kagomé. Blue curve: normalized TPEF cross section of fluorescein in
water as tabulated by Albota et al. [2].

plots the normalized cross-section (blue curve) and TPEF signal (red curve) as a function of the
excitation wavelength. The wavelength dependency of the TPEF signal is in good agreement
with the reported values of the FITC cross-section, apart from deviations at 690 nm and high
wavelengths.

This indicates that the Kagomé fiber is suitable for multi-wavelength excitation with fem-
tosecond pulses, something that would require much more complicated arrangements, when
using classical single mode fibers.

3.5 Study of the FWM background

In the section dedicated to CRS processes (Sec. 1.1.2) we described FWM, a parametric process
that generates signal at the CARS wavelength λCARS:

λCARS = (
2

λP
− 1

λS
)−1 (3.2)

Where λP and λS are the pump and Stokes wavelength. As already discussed, FWM originates
from the non-resonant part of the nonlinear susceptibility χNR

(3) and represents an unwanted
background in CARS microscopy.

As already discussed, this background has represented the main issue for the development
of portable CARS endoscope probes so far. This is because the magnitude of the FWM signal
generated in the delivery fiber largely overcomes the CARS signal that one collects from the
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sample [5].
FWM requires the temporal overlap of the excitation beams. Therefore, we study the signal

generated at λCARS upon propagation in the Kagomé fiber, as a function of the relative delay
between pulses.

3.5.1 Background in Kagome fibers

For the experiments of this section we used a compact two-wavelength femtosecond fiber laser
source (FemtoFiber dichro bioMP, TOPTICA). The laser pulses were ≈ 100 fs in duration (value
given by the manufacturer), with spectra centered at λP=780 nm and λS=1031 nm. The FWM
signal generated at a wavelength λ=627 nm was filtered with a short-pass filter (690 nm), a
band-pass filter (629/53 nm) and detected using a photon-counting PMT (H7421-40, Hama-
matsu). The beams were coupled in 1 m of Kagomé fiber, with a coupling efficiency of about
15% in the Pump and 8% in the Stokes, resulting in 12 mW (780 nm) and 8 mW (1031 nm)
of power delivered by the fiber. Unfortunately, a slight misalignment in the beams propagation,
which was not corrected in this implementation, caused an imperfect overlap of the beams when
coupling in the fiber. For this reason, the fiber core had to be aligned in a position in-between
the maximum efficient coupling for the two beams. We measured the signal as a function of

Figure 3.10: FWM signal generated in the Kagomé fiber in the forward (a) and epi directions (b) as a
function of the delay between the Pump and Stokes beams. The blue curves show the FWM signal due
to propagation in the fiber, while the red curves represent the detected signal when an olive oil solution
is placed in the sample plane.

the delay between pulses (Fig. 3.10), both in the epi and forward directions. This signal was
compared with the CARS/FWM signal generated by olive oil, which was placed after two back-
to-back microscope objectives used to collimate and focus the excitation beams on the sample.
In the forward direction a variable neutral density (ND) filter (transmitted power 3%) was used
to avoid saturation of the detector from the CARS signal of the olive oil.

The group velocity mismatch in the microscope objectives induced a delay between the pump
and Stokes pulses. This caused the temporal overlap on the sample (at 1 ps) to be separated from
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the overlap in the fiber (between 2 and 2.5 ps). No signal generated in the fiber (blue curve)
was detected in the forward direction, while in the epi direction a small signal was detected.
However, this background is smaller than the signal generated in olive oil and might be due to
the imperfect coupling of the beams in the fiber, as shown by the following experiment.

Photonic crystal structure The photonic structure surrounding the core is partly made of
silica and might contribute to the generation of FWM background. In order to investigate this,
we slightly misaligned the incoming beams on the fiber. The total power delivered the fiber was
reduced from 20 mW to 4.5 mW. The beams were still coupled in the core, but a portion of the
field was incident (and would eventually propagate) in the photonic structure. The image of the
distal end of the fiber is shown in Fig. 3.11a, before (top) and after (bottom) the misalignment.

Figure 3.11: (a) Image on the camera of the distal end of the fiber, in conditions of optimal coupling
(top) and bad coupling (bottom). When the beams are not optimally coupled, a portion of the beams is
incident on the photonic structure surrounding the core, which generates FWM signal, as shown in the
graph in (b).

The forward-detected FWM signal generated in the fiber is shown in the graph of Fig. 3.11b.
The yellow curve represents the signal generated in bad coupling conditions, which appear as a
strong peak with magnitude comparable to the signal from olive oil.

This experiment shows that the fiber can generate FWM background, whenever the fields (or
a portion of them) are incident on the silica micro-structure. For this reason, attention must be
payed to the beam coupling, when performing CARS imaging with the Kagomé fiber. Beside the
power losses caused by the imperfect coupling, a strong background is generated by the silica
structure.
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3.6 Conclusions

This chapter was dedicated to the problem of ultrashort pulse delivery in nonlinear endoscopy.
We first introduced the different type of existing optical fibers (Sec. 3.1). Their use in nonlinear
endoscopy was studied in Sec. 3.2. Here, we discussed the problems of both femtosecond
pulse distortion and FWM generation, that occur in most types of fibers. This introduced the
innovation of our work: the use of a Kagomé hollow-core fiber for the delivery of excitation
pulses. Section 3.3 was dedicated to the optical properties of the fiber, such as the transmission
band and the GVD curve. The Kagomé allows pulse delivery over a broad wavelength range
(700 nm to 1100 nm), with no pre-compensation required. In Sec. 3.4, we have shown that
the fiber delivery effects, both on the duration and the spectrum of femtosecond pulses, are
minimal. Moreover, no FWM background is generated, when the pump and Stokes beams are
properly coupled in the fiber (Sec. 3.5). This is very important for CARS endoscopy applications,
where no background suppression scheme will be necessary. In the next chapter we will present
the development of a miniature imaging device, based on a Kagomé DC fiber for pulse delivery
and signal collection.
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Chapter 4

Development of a fiber-scanning

imaging device

In this chapter, we present the technical development of a miniature imaging device, based
on the Kagomé fiber introduced in Ch. 3. In Sec. 4.1, we discuss the requirements for the
development of the endoscope probe, and explain our choice of scanning mechanism. This
is described in detail in Sec. 4.2, where the mechanical behavior of the scan system is also
analyzed. We discuss here the implementation of a suitable imaging pattern, together with
the corrections required by the deviations of the real system from the ideal one. In Sec. 4.3,
we describe the electronic and software components used to control the scanner and perform
imaging. In Sec. 4.4, we highlight two key additional features related to the Kagomé fiber, that
are vital for NL endoscopy: the first one is the addition of a cladding in the fiber design, to
increase the collection surface and NA. The second one is the insertion of a silica micro-bead
on the fiber core, to increase the NA of the fiber delivered beams. In Sec. 4.5 we describe the
miniature optical system designed for achromatic beam focusing and signal collection with the
probe.

4.1 System Requirements

At the beginning of Sec. 1.2, we have outlined different optical and mechanical requirements
for the design of a nonlinear endoscope probe. As a reminder, a nonlinear endoscope should
be a miniature (few millimeters in diameter), light, portable and fast imaging device, capable
of performing NLOM in remote locations and in-vivo conditions. It has to efficiently deliver
excitation pulses and collect the generated nonlinear signal, using optical fibers. Moreover, a
nonlinear endoscope needs to incorporate a scanning mechanism, in order to perform imaging
on the sample.

We will describe here our implementation based on a piezo tube that scans a Kagomé double
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clad (DC) fiber. When operated at resonance conditions, these scanners can achieve significantly
large FOV (> 400µm) with low driving voltages (30 V) and high frame rates (<1 fps1). The
overall diameter of these systems can reach dimensions as small as 2 mm. The Kagomé fiber
allows undistorted pulse delivery and background-free multimodal imaging with high spectral
tunability, with no need for pre-compensation mechanisms or filtering of the FWM background.
Before starting the description of the system, we will now briefly describe the general features
of fiber scanning endoscopes based on tubular piezo actuators.

4.1.1 Piezo-tube based fiber scanners

Piezo-tube fiber scanners [124] are widely used in nonlinear endoscopy, because they constitute
a robust and inexpensive solution, that is relatively easy to assemble and align as compared to
MEMS mirrors. Many examples of systems employing this technology can be found in literature
[32, 84, 150, 151]. Figure 4.1 shows the basic principle of a fiber scanning endoscope. The

Figure 4.1: Principles of a fiber scanning endoscope based on a four quartered piezo tube. (a) The laser
pulses are coupled into the endoscope fiber. The fiber is attached to the piezo tube in the endoscope
probe. (b) When driving the piezo tube with appropriate waveforms (oscillating at the resonant frequency
of the fiber) one can produce a symmetric scan pattern. (c) A miniature optical element re-image the
fiber tip on on the sample, reproducing the scan pattern. The signal generated at the sample is then
back-collected by the fiber and sent to the detectors. Images taken from [147] and [105].

fiber is attached to the piezo tube and delivers the excitation laser beams. A miniaturized lens
assembly (or a GRIN2 lens) is used to image the fiber core on the sample plane. While the fiber
is moved in a controlled pattern with the piezo tube, the spot is scanned over the sample plane.
The nonlinear signal, excited by the scanning laser beams, are back-collected through the same
fiber and detected on the proximal end.

The FOV of the endoscope depends on the optical system, through the magnification factor
that scales the fiber scan amplitude. The same holds for the resolution, which depends on the

1Frames per second.
2Gradient-index

60



4.2. THE SCANNING MECHANISM

beam size on the sample. Single mode fibers typically have core sizes on the order of few mi-
crometers. In order to reach the spatial resolution of standard NL microscopes, demagnification
from the fiber to the sample is required. Zhao et al. reported a 150 µm FOV with 1.5 µm lateral
resolution, which came from a focusing optics with magnification M=0.43 [151]. Zhang et al.
used a miniature achromatic lens with M=0.22 and achieved FOV of 110 µm, with relatively
high driving voltages (50 V to 110 V, depending on the probe) [150]. Ducourthial et al. achieved
a FOV of 400µm with a magnification M=0.48 and a lateral resolution of 0.83 µm, using 30 V
driving voltages.

The reported dimensions for this type of probes have reached a diameter of 2 mm, which can
easily fit in the working channel of standard forward viewing endoscopes. The main limitation
to the miniaturization comes from the size of the piezo tube and/or the optical elements, where
excessive size reduction is accompanied by poor imaging properties.

4.2 The scanning mechanism

The scanning fiber attached to the piezo-tube is similar to a free standing cantilever. It behaves
like a driven harmonic oscillator, when external waveforms are applied to the piezo-tube. For
low voltages (30 V), the piezo-tube generate a displacement of about a few micrometers only.
However, the free standing fiber can oscillate hundreds of micrometers when driven at the
mechanical resonance frequency. Therefore, in order to obtain a 2D scan, both the axes have to
be driven simultaneously near their resonance. Since the resonant frequency is approximately
the same on both axes, the raster scan pattern typically used in microscopy cannot be employed
here. In order to obtain a large and symmetric FOV, the mechanical features of the fiber scanner,
such as the resonant frequency on the two axes or the phase response, have to be fully known
and characterized. In this section we shall discuss all the aspects related to the fiber scanner.
These include the piezo-electric tube, the mechanical behavior of the free-standing fiber and the
waveform parameters to excite the fiber into an optimal imaging pattern.

4.2.1 The piezo-electric tube

Piezo-electric tubes exist in a variety of sizes and specifications, depending on the applications
they are meant for. In this work we used the PT230.94, that can be found in the catalogue of
Physik Instrumente (PI). It is a 30 mm long hollow ceramic tube, with an outer diameter (OD)
of 3.2 mm and an inner diameter (ID) of 2.2 mm. It is made of the ceramic type PIC255, a
piezo-electric material based on modified Lead Zirconate Titanate (PZT). The outer surface of
the tube is divided in four isolated electrodes, which provide displacement in the two lateral
directions (Fig. 4.2). A fifth electrode in the inner surface can serve as ground.

61



CHAPTER 4. FIBER-SCANNING DEVICE

Figure 4.2: (a) Lateral view and (b) cross section of a four-quartered piezo tube. The numbers refer to
the each one of the four isolated electrodes of the tube, plus the inner electrode which serves as ground.

In order to maximize the piezo deflection, we can apply opposite waveforms to the opposite
electrodes. For instance, the waveforms V x(t) and −V x(t) are applied to electrodes 1 and 3 of
the piezo tube in Fig. 4.2. Two other waveforms V y(t) and−V y(t) are then applied to electrodes
2 and 4. In general, when a voltage is applied to a piezo-electric material, this tends to compress
or dilate depending on the sign of the voltage. In piezo tubes, this results in a bending in one
lateral direction (Fig. 4.3). One can calculate the displacement along the x direction of the piezo

Figure 4.3: Deflection of a four-quartered piezo tube as tension is applied on its electrodes (taken from
www.piezodrive.com).

tube, in response to an applied voltage V x:

∆x(t) = Vx
2
√

2d31L
2

πDh
(4.1)

Where ∆x(t) is the deflection on the x-axis, d31 is the piezo-electric strain constant (d31 = 180

pC/N for the PIC255 ceramic), L the length of the tube (30 mm), D is the outside diameter
(3.2 mm), h the tube thickness (1 mm). Using equation (4.1) one can find that if an external
static voltage V x = 30 V is applied, the piezo tube will experience a 1.2µm deflection. In order
to achieve sufficiently large FOVs, one has to drive the piezo at the resonant frequency of the
free-standing fiber. This can be calculated, as we will see in the next section (Eq. (4.2)).

4.2.2 Fiber spiral scanning

The scan pattern typically used in nonlinear microscopes is the raster scan (Fig. 4.4a). The
beam focused on the sample moves at high speed on one axis and slowly on the other one:
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this produces a line scan that is multiply repeated over the sample, leading to a square FOV.
In the case of resonant fiber scanning, such a pattern cannot be used, since driving out of
resonance would result in very small displacements. When driving the two axes at resonance,
one can perform either the so-called Lissajous pattern or a spiral pattern. The Lissajous pattern
is characterized by an oversampling on the periphery of the image, which is usually not the most
interesting part of the FOV. Moreover, it requires different resonant frequencies on the two axes
[31]. If the two resonances are very close to the same value fRES, which is usually the case
for tubular actuators, one can use a spiral pattern (Fig. 4.4), which is obtained when a circular
motion is slowly modulated in amplitude.
One feature of resonant scanners is that the acquisition speed (or pixel dwell time) is defined
by the characteristic frequency and cannot be set arbitrarily. This leads to a series of constraints
on the scan parameters, in order to obtain a correct sampling of the FOV. In fact, the distance
between adjacent circles of the spiral should be as small as the PSF (≈ 1µm). Furthermore,
this distance should be smaller than the pixel size, to ensure that all the pixels in the image are
sampled during the scan.

Figure 4.4: (a) Raster pattern typically used in scanning microscopy, where only one axis can be at
resonance. (b) Spiral pattern, which can be obtained when the two axes are driven at the same frequency.

Free-standing cantilever

In an initial prototype, we attached the scanning fiber to the piezo tube using a 3D-printed
element, where a hole of diameter 0.5 mm was drilled to let the fiber through, and some glue
applied to fix the fiber. The free standing part of the fiber behaves as driven harmonic oscillator,
when external waveforms are applied to the piezo tube (Fig. 4.5). When a sinusoidal waveform

Figure 4.5: When the piezo tube’s electrodes are given a voltage, the fiber behaves as a driven harmonic
oscillator.
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is applied to the piezo tube, the fiber oscillates with the same frequency. However, the amplitude
of the displacement is not frequency independent, but shows a well defined Lorentzian peak (like
the ones in Fig. 4.6). The resonant frequency of the fiber corresponds to the point of maximum
displacement in response to an applied waveform. It depends on the free-standing length L and
can be theoretically estimated using equation:

fRES =
β

4πL2

√
ER2

ρ
(4.2)

where β is a constant that depends on the order of the resonance, E is the Young modulus of
silica, R is the fiber radius and ρ the volumetric mass density of the fiber. In our probe based on a
Kagomé double clad (DC) fiber, a free-standing length of 23 mm results in a resonant frequency
around 550 Hz. Ducourthial et al. [31] measured the resonant frequency for a standard single
mode fiber of diameter 125 µm. In that case, a free-standing length of 23 mm gives a resonant
frequency fRES≈ 200 Hz. The difference, with our fiber, might be due to both the bigger fiber
radius R and the higher air fraction in the Kagomé, which reduces the density ρ.

Figure 4.6: Measured spectrum of the two axes for our fiber resonator. From the resonant frequency and
the width of each curve, calculated at an attenuation value of 3dB, one can measure the quality factor of
the resonator (Eq. 4.3).

The measured scan amplitude of the Kagomé DC fiber in the two lateral direction, as a
function of the driving frequency, is shown in Fig. 4.6. We can see that the mechanical system
is not perfectly symmetric: the resonant frequencies of the two axes differ by 1 Hz.
The quality of a driven oscillator is often measured in terms of the quality factor Q. This is
defined as:

Q =
fRES

∆fRES
(4.3)

where ∆fRES is the full width of the resonance curve, defined at an attenuation value of 3 dB
(which corresponds to a factor

√
2). For the spectra of Fig. 4.6, measured using a position

sensitive detector with a 0.2 Hz spacing between the waveforms, ∆fRES is approximately 3.1
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Hz on the y-axis (red curve) and 3.6 Hz on the x-axis (blue curve). This leads to a quality factor
Q of approximately 186 and 159, respectively. This is a good value for such a scanner, when
compared to values found in literature (Q=110 in [77], Q=200 in [32]).

Driving waveforms

In the definition of the waveforms, we first consider the ideal case of a perfectly symmetric
system, so that the response of the oscillating fiber to a voltage V (t) is the same on both axes.
This is not exactly the case for real systems, where some corrections on the waveforms are
necessary to obtain a circular FOV. We will describe these corrections in the next section.
In the ideal case, a circular pattern is obtained when the two axes are driven with a sinusoidal
waveform oscillating at the same frequency fRES and π/2 phase difference. In order to obtain
an expanding spiral pattern, an amplitude modulation has to be imposed on the waveforms (Fig.
4.7). A functional form for the voltages passed to the piezo tube electrodes can be:

Figure 4.7: Example of the waveforms used to produce a spiral pattern in the ideal case of a perfectly
symmetric system. The resonant frequency (fRES = 500 Hz) is the same for both axes, that are driven
with a π/2 phase difference. The intensity modulation results in an expanding spiral pattern.

Vx(t) = Vmax · sin(2πfmodt) · sin(2πfRESt) (4.4)

Vy(t) = Vmax · sin(2πfmodt) · cos(2πfRESt) (4.5)

Where Vmax is the maximum voltage that can be delivered, fmod << fRES is the frequency of
the slowly varying modulation envelope. These waveforms drive the actuator for a time:

t ≤ T exp =
1

4fmod
(4.6)

Where T exp is the duration of the expanding part of the scan (Fig. 4.8, red arrow). Then
different types of drive are possible. In literature it is quite common to find a retrace period,
usually shorter than the expansion, during which the same sinusoidal oscillations are subject
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to a decreasing intensity modulation, or literally a phase inversion for active breaking (green
arrow). This is usually followed by a rest period (orange arrow), with the piezo position set to
zero while the fiber oscillations naturally fade [35, 105].
If no active breaking is applied, the rest period is very important, since the fiber continues the

Figure 4.8: Example of a 100 Hz oscillating waveform with sinusoidal expanding modulation for 0.8 s,
linear retrace for 0.2 s and zero voltage for 0.2 s.

oscillations after an expansion period, even if the piezo voltage is set to zero (it behaves like a
damped oscillator). The duration of this free-decay period is proportional to the quality factor,
and can be on the order of hundreds of milliseconds [31]. It is necessary to wait the end of
the oscillations, otherwise image distortions will appear if a new scan pattern is started while
the fiber is still moving. In order to optimize the imaging frame rate of the device, one should
impose a breaking period. This can be done by changing the phase of the driving waveforms,
which turns the piezo into a damping element. With a precise identification of the phase and
duration of the breaking cycles, one can stop the fiber’s oscillations in few cycles [31, 78].

4.2.3 Corrections for symmetric patterns

As previously mentioned, the real pattern followed by the fiber scanner is different than the
waveforms (shown in Figs. 4.7 and 4.8). First of all, the response of the fiber to the driving
force is not instantaneous. When a linear modulation ramp is applied, the fiber has a first
transitory regime where the oscillations do not follow the modulation curve. The duration of
this regime is approximately Q/fRES [31], so on the order of hundreds milliseconds for our
resonator. This can lead to distortions at the center of the image, if the image reconstruction is
done assuming that the fiber follows instantaneously the driving waveforms. These distortions
are avoided when using a Position Sensitive Detector (PSD) to trace the position of the spot
during a scan. However, the oversampling at the center of the image due to the transitory
regime cannot be avoided.
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Correction to real axis

The second effect is the so-called whirling of the resonator. It is due to a cross-coupling effect
between the axes of the resonator, and happens when driving one single electrode at the res-
onant frequency or very close-by. Here the fiber stops following the expected line pattern and
turns into an ellipse. This is shown in Fig. 4.9, where the image of the fiber scan is acquired
for different driving frequencies, including the resonant frequency. Whirling of the fiber is an

Figure 4.9: Scan pattern obtained when driving one individual electrode. Before and after the resonance,
the fiber follows a line pattern (a) and (c). At resonance the fiber scan results in an elliptic trajectory,
an effect called whirling (c).

undesirable effect that has to be eliminated in order to properly control the scan pattern. In
fact, when the individual electrodes generate a motion on both axes, a destructive interference
between the two motions can reduce the scan amplitude. A solution to the problem of whirling
was first introduced by the group of E. J. Seibel [78], but can be found developed in great detail
in the thesis of Guillaume Ducourthial (2014, Université de Limoges, France [31]).
The idea is that the mechanical resonator (i.e.: the fiber) can be excited along two orthogonal
axes which are not coupled one to another. These are the eigen directions of the resonator and
they are different than the axes of the electrodes. One has to drive the fiber motion along this
directions, in order to remove the coupling between the axes. This requires the simultaneous
excitation of both real electrodes (of the piezo). In fact, one can apply the transformation:

êX = cos(θ)êx + sin(θ)êy (4.7)

êY = −sin(θ)êx + cos(θ)êy (4.8)

which corresponds to a rotation of an angle θ on the plane of the reference system, with the
new orthonormal vectors êX and êY. For a certain θ, these correspond to the eigen directions of
the mechanical system and define what are called the virtual electrodes (Fig. 4.10). We refer to
(VX,VY) for an excitation on the virtual electrodes and to (Vx,Vy) for the real electrodes. Then,
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Figure 4.10: The axes of the resonator (red) do not coincide with the axes of the piezo electrodes (blue).

in order to drive only one virtual electrode (to obtain a line pattern):

VX(t) = cos(ωt) (4.9)

VY(t) = 0 (4.10)

one needs to drive the real electrodes with the waveforms:

Vx(t) = cos(ωt)cos(θ) (4.11)

Vy(t) = cos(ωt)sin(θ) (4.12)

An iterative procedure can then be followed in order to find the correct value of θ. In this
case, the excitation is on the virtual electrodes and the fiber follows a line scan at resonance, as
shown in figure 4.11. The same transformation can be applied on the other axis, using the same

Figure 4.11: Removal of the whirling effect when using the virtual electrodes for excitation. (a) The scan
pattern obtained when driving one single electrode of the piezo-tube near the mechanical resonance of
the fiber. (b) The whirling effect is removed when driving the piezo along the virtual electrodes. (c)
Superposed image of the scan patterns obtained when driving individually the virtual electrodes. The
angle between the two directions is measured as 89◦.

rotation angle θ, which removes the whirling effect on this direction. Two line patterns can be
obtained at resonance, and they make an angle 89◦ one with respect to the other (Fig. 4.11c).
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This correction allows to control the driving of the fiber in an optimal way, so that the
whirling motion does not result in scan amplitude losses.

Phase control

One last correction is necessary because of the different resonant frequency of the two axes. In
fact, harmonic oscillators have a characteristic phase response to the driving waveform. Before
the resonance, the oscillator is in phase with the driver, but experiences a phase lag of 90◦

at the resonant frequency, which becomes 180◦ after the resonance. In Fig. 4.12 the simulated
response of two harmonic oscillators is shown. The oscillators have a difference of 1 Hz between

Figure 4.12: Numerically computed frequency response of a driven harmonic oscillator, in amplitude and
phase. The oscillator experiences a π phase shift before and after resonance, with respect to the driving
waveform.

their resonant frequencies, which is similar to the real case of our piezo tube (Fig. 4.6). From
the phase graph (Fig. 4.12, right-hand side) it is clear that if we drive the fiber with a frequency
in-between the two resonances, a phase adjustement has to be made. In fact, the 90◦ difference
between the waveforms (Fig. 4.7) is not preserved by the resonator, which results in an elliptical
pattern instead of a circular one.
We can correct this difference by adding a phase on one of the axis:

VX(t) = cos(ωt) (4.13)

VY(t) = sin(ωt+ Φ) (4.14)

The right value of Φ is the one that produces a line scan whenever VX(t) = cos(ωt) and VY(t) =

sin(ωt+ Φ + π/2).

To summarize, when a new scanner is used, we need to identify the resonant frequencies
at first. Then we identify the correct value of θ that defines the orthogoanl driving axes, and
generate the appropriate corrections to the driving voltages. In the case of different resonant
frequencies, the scan frequency is set to a value in-between the resonances, another iterative
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procedure is used to find the right phase correction Φ. Finally a slight adjustment of the wave-
forms amplitudes is done to obtain a circular pattern. This concludes the waveform corrections

Figure 4.13: Final scan pattern obtained after all the corrections performed on the excitation waveforms.

that are required to efficiently control the fiber scanner in two dimensions at resonance. This
part of the calibration phase identifies the parameters to generate the voltage waveforms, that
drive the piezo-tube to perform scanning in an symmetric manner. In the following section, we
shall see how these waveforms translates to spatial position and to finally image coordinates.

4.3 Imaging software and hardware

Performing imaging with a fiber scanner has distinct phases:

• Driving of the scanner and acquisition of the generated signal by a detector.

• Mapping the driving voltages to spatial positions of the beam on the sample (by means of
a position measurement).

• Assigning the detected signals to the image co-ordinates and build the image.

It is important that one knows a priori the pattern followed by the fiber in response to the driving
waveforms. In fact, this information is crucial for the reconstruction of the images.
In this section we will describe the hardware and software components that control the scanner.
Then we will examine the details of the image reconstruction algorithm. We will see how images
are built from the detected signal and the measured scan pattern of the fiber.
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4.3.1 Imaging procedure

The general flow of the imaging algorithm is shown in Fig. 4.14. The scan parameters, such as
amplitudes, frequencies, phase and virtual electrode’s angle, are used to create two waveforms
Vx(t) and Vy(t). These drive the fiber in a scan pattern, which can be measured with a Position
Sensitive Detector (PSD) that gives two positions lists. At the same time, one can measure
the signal generated on the sample during the scan to obtain an intensity vector. Then, an
image can be reconstructed from the intensity values and the positions list, in the way that will
be described later. These two measurements (positions and signal) can be performed at the
same time (closed-loop). However, an endoscope probe requires a position measurement that
stays valid in time. The information on the spot position is used to build all successive images,
assuming the scan pattern does not change (open-loop).
In the open-loop configuration, the upper and lower parts of the chart (Fig. 4.14) do not need
to work in parallel. The system is stable during one day, but a small drift in the fiber response
to the same waveforms is observed after 24 hours. A daily calibration is then recommended to
avoid small distortions in the images.

Figure 4.14: Flow chart of the imaging algorithm: two waveforms are generated from a set of parameters.
They drive the fiber into a motion, that can be detected with a PSD. From the measured positions one
can map the instantaneous position of the beam during the scan. This information is used to build the
images, by assigning each intensity value to a specific pixel in the image. The upper and lower part of
the chart do not need to work in parallel.

4.3.2 Data acquisition device

The processes of scan driving and signal acquisition need to be synchronized: to perform si-
multaneously the tasks we use a National Instrument USB acquisition card (NI-USB6351). This
board has 2 Analog Output (AO) channels, used to drive the piezo tube, delivering voltages
from -10 V to +10 V at a maximum rate 2.86 Msamples/s. The waveforms Vx and Vy from the
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AO channels are used to control the scan, driving two of the four electrodes (say 1 and 2 of Fig.
4.2), while the other two are grounded.
The USB card has 16 analog inputs to perform data acquisition. The maximum sampling rate
is 1.25 Msamples/s when using a single channel. When using multiple channels (with the PSD,
for instance) this value is divided by the number of channels. The maximum sampling rate for
position acquisitions (3 channels) is then ≈415 kHz. The analog input channels are also used
with analog PMTs and photodiodes. 24 digital lines allow acquisition from detectors such as
avalanche photodiodes (APDs) and photon-counting PMTs, whose output is a TTL signal when-
ever a detection event has occured.

4.3.3 Imaging software

The NI board is controlled by a custom made LabView software, that was developed during this
thesis. The software is used to perform two main tasks: calibration of the scan patterns and
image acquisition and reconstruction. The software is based on a synchronization of the output
tasks (voltage delivery) and input tasks (signal acquisition, positions detection). It was built on
the ground of an existing LabView software for the control of multimodal microscopes, which
was developed by Patrick Ferrand (Institut Fresnel) [38].
We have developed a software with two main tasks, one for scan pattern calibrations and one
for imaging. The software is based on a synchronization of the output tasks (voltage delivery)
and input tasks (signal acquisition, positions detection). The synchronization is ensured by an
analog trigger delivered by the board itself, that starts all the tasks at the same moment. One of
the tasks consists in the periodic pixel clock, that defines the sampling rate at which the board
performs any task. In the case of analog inputs, the acquisition of the voltage is a one-time
measurement of the signal, that happens with the frequency of the pixel clock. Working at
the highest sampling rate improves the signal to noise (SNR) ratio in an analog measurement.
Digital channels work like open gates that store the number of TTL pulses delivered (photons
detected) by the detector. Therefore the SNR does not depend on the sampling rate, but it’s
important to have a high readout frequency, in order to avoid that photons emitted at one pixel
are assigned to another one (remember that the pixel dwell time is imposed by the resonant
frequency of the scanner).

The software reads the input scan parameters, defined by the user, and builds two waveforms
that are delivered by the AO channels to two broadband amplifiers (WA301, Thurlby Thandar
Instruments). The amplifiers are sufficiently fast (bandwidth upper limit 1 MHz) and increase
the waveforms amplitude to 30 V peak-to-peak. When all the channels are ready, LabView starts
the tasks, driving the scan and acquiring the signal. The intensity and count measurements are
stored in vectors that are read at the end of the execution. The process is then repeated until
the user stops it.
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Positions aquisition The calibration of the scan pattern can be done using a PSD (PDP90A,
Thorlabs), which measures the instantaneous position of the laser beam on the sensor. We focus
the beam exiting the fiber on the PSD, which has an effective sensitive area of 9x9 mm2. This
device measures the displacement of the beam relative to the center of the detector. The output
from the PSD consists of three analog signals, that we call ∆x, ∆y and Σ. In order to avoid
saturation of the detector, that would result in position measurement errors, we adjust the beam
intensity so that the Σ voltage is less than 4 V (Fig. 4.15). From these three signals, we retrieve
the position of the beam on the detector using the equations:

x =
Lx ·∆x

2 · Σ
, y =

Ly ·∆y
2 · Σ

(4.15)

Where x and y are the beam positions on the detector, Lx and Ly the size of the detector
(9 mm). The first step consists in a measurement of the scan trajectory performed by the fiber

Figure 4.15: (a) The voltage traces given by the PSD are proportional to the x-position (red curve) and
y-position (green curve) on the detector. The Σ signal (blue curve) is proportional to the total intensity
incident on the detector, and is used to normalize the x and y signals (Eq. 4.15). This gives the positions
of beam on the detector (shown in the x-y plane in (b)).

under a certain waveform. A calibration procedure is followed to identify the scan parameters
that produce a circular scan pattern with the maximum amplitude. Using the waveforms based
on these parameters, we make a measurement of the instantaneous position of the beam during
the scan. The maximum sampling rate for three simultaneous analog detection is 250 kHz, one
every 4 µs. A linear displacement of the spot between two measured positions is assumed when
imaging at faster rates (1 MHz sampling). This allows to interpolate the measured positions,
and generate position vectors with a finer spatial sampling (and a temporal sampling equal to
the intensity measurement).

Image reconstruction After a scan cycle is performed and the corresponding signal acquired,
one can reconstruct the image based on the positions. The definition of the number of pixels in
the image is arbitrary and can be done a posteriori by the user. For the same acquisition one can
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build a 100x100 image and a 300x300 image. When we perform imaging, the same scan pattern
that was measured with the PSD is reproduced, as long as the same waveforms are used to drive
the fiber motion. As we move the excitation spot over the sample, we detect the generated
nonlinear signal, either with an analog detector or a digital one, and send it to the NI board.
The detection is synchronized to the scan waveform, for which the positions were previously
measured, so the signal can be assigned to the correct spatial co-ordinates in post processing. At
the first execution, as the user specifies the number of desired pixels in the image, the software
builds two vectors containing the pixel coordinates, using the information on the spot position.

These two vectors have the same length as the time vector and the intensity vectors. At

Figure 4.16: Reconstruction of an image: the positions measured with the PSD (Fig. 4.15) are converted
into pixel coordinates. Then, the intensity measurements performed during the scan are assigned to
the corresponding pixel coordinates. Finally, the intensity of each pixel is normalized by the number of
samplings for that pixel.

the read out, the elements in the intensity vector I(t) (which contains either the analog signal
or the number of photons) are assigned to the corresponding pixel of the image, using the
pixel coordinate lists (Fig. 4.16). We build two matrices: the first one contains the measured
intensity values. However, the number of intensity measurements per pixel is not uniform across
the image, because of scanning constraints. For this reason we build a second matrix, which
contains the number of measurements that have been done for each pixel (sampling). When the
vectors read-out is completed, the values in the intensity matrix are normalized, using the pixel
sampling matrix. The resulting matrix corresponds to the image of the sample as acquired by
the fiber-scanning device.
The performance of the reconstruction algorithm can be verified by imaging a binary USAF-1951
resolution chart (see Sec. 5.2).
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4.4 Kagome DC fiber for nonlinear endoscopy

As previously mentioned, the innovation of our work lies in the type of optical fiber employed for
the endoscope probe. This Kagomé double-clad (DC) was designed and produced by Alexandre
Kudlinski (IRCICA, Lille) for applications in nonlinear endoscopy. The pulse delivery properties
of the fiber where described and characterized in Ch. 3. The Kagomé DC combines the broad-
band and distortion-less pulse delivery of a Kagomé with the increased collection efficiency given
by the external clad.

In fact, this fiber was designed with a second annular silica core dedicated to the collection

Figure 4.17: (a) SEM micrograph and (b) close-up on the hollow core region of the Kagomé double-clad
fiber. (c) Measured attenuation spectrum of the air guided mode.

of nonlinear signals. Multimode guidance in this clad is ensured by the low index ring of air
holes (air clad) surrounding the Kagomé structure. The measured NA of this collection clad is
0.5 at 400 nm. The inner and outer diameter of are 179 µm and 250 µm, respectively. This
gives an efficient collection surface of 2400µm2. This external clad is necessary to increase the
collection efficiency of the fiber, when imaging in scattering media, such as biological tissues.
As we will in Sec. 4.4.2, light is coupled into the double-clad when the photons emitted at the
focus are scattered back by the tissue. Moreover, transmission losses impair the fiber collection
efficiency through the core, in the wavelength range between 450 nm and 650 nm (see Fig.
4.17c). Therefore, the multimode clad allows to collect nonlinear signals from scattering tissues
in this spectral region.

4.4.1 Micro-bead focusing

As we mentioned in Sec. 4.1, in fiber-scanning endoscopy there is a close relation between FOV
and resolution. These quantities both depends on the focusing optics, on the displacement of
the fiber tip and on the fiber’s core NA (and mode field diameter). In fact, the sample plane
is the optical conjugate of the fiber tip plane. The resolution of the imaging system depends
on the size of the beam exciting the sample. A large beam size corresponds to a lower spatial
resolution. Moreover, a large focal spot has a lower intensity than a tightly focused one, which
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means a lower excitation efficiency. A demagnification from the fiber to the sample is always
performed in this type of endoscope. Here, the beam delivered by the Kagomé fiber has a mode
field diameter of ≈ 18µm with a very low NA (0.02). In this case, a 0.1x magnification would
lead to an acceptable (< 2 µm) resolution. However the scan pattern would be scaled by the
same factor, resulting in FOVs as small as 50 µm. We addressed this problem following an
original approach developed in our group, based on a transparent micro-bead attached to the
fiber core. The micro-bead increases the beam NA, so that the 0.02 NA field exiting the Kagomé
core is focused to a small spot (≈ 1.2 µm), a few micrometers after the bead. This removes the
need for a strong demagnification from the fiber to the sample. The benefit is clear: a Kagomé
with micro-bead can be integrated in a fiber scanner, providing high resolution while retaining
the scan amplitude to obtain large FOVs.

Figure 4.18: Effect of the micro-bead on the beam delivered by the fiber’s core. Top: the Kagomé fiber
has a large field diameter, on the order of 18 µm. Bottom: a transparent micro-bead creates a focused
spot a few micrometers away from the fiber, increasing the core NA.

The spot size depends on the size of the bead and its refractive index. The higher the
refractive index and the smaller the bead diameter, the tighter will be the focusing. Using
polystyrene beads of few micrometers in diameter, the size of the focused beam is below the
diffraction limit [39]. The effect is then called photonic nanojet and has been used with Kagomé
fibers by Ghenuche et al. for a fluorescence fiber probe with single-molecule sensitivity [51].

Here, we used polystyrene beads at first, but soon realized that they would not sustain beam
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powers higher than 10 mW, a threshold for damage of the bead. This power limit was too low for
label-free nonlinear imaging. Therefore we moved to silica beads (diameter 30 µm), produced
by Thermo Scientific (9000 Series Glass Particle Standards), which have slightly lower refractive
index but can sustain higher powers. We have never observed damage of the silica beads, even
for beam powers higher than 100 mW.

The procedure to fix a bead on the fiber core requires the use of a micrometric precision
translator, such as the Nanomax stage (Thorlabs). The fiber is held on the translator and put into
contact with the bead, which induces a slight deformation of the photonic structure surrounding
the core. Electromagnetic interaction holds the bead on the fiber, and can be used for imaging.
We found that the bead would sustain, without falling off, the driving frequencies and scan
amplitudes that are impressed during imaging. However, a more stable fixation for handling
and integration in an endoscope probe can be done by means of a CO2 laser, which can slightly
melt the bead on the fiber, without significantly affecting its focusing properties. This procedure
will be described in detail in Ch. 6.

4.4.2 Signal collection through the double-clad

The double clad surrounding the photonic structure increases the collection surface, NA and
therefore the overall collection efficiency of the fiber. This is well known in single fiber en-
doscopy, where double clad fibers are commonly used [32, 105, 151].

Moreover, these fibers reduce the sensitivity to the chromaticism of the optical systems and
avoids rejection of scattered photons. This is very important in SHG and CARS imaging, where
the radiation pattern is not isotropic and depends on structural features of the sample. Epi-
radiation is very strong when generated by sub-wavelength objects or at the interface between
two materials. In other situations the epi signal is suppressed by destructive interference of
the CARS field generated in the backward direction. However, epi-CARS (and SHG) imaging
is possible in thick tissues, thanks to the forward-emitted and back-scattered radiation [36].
For this reason, the use of a double-clad fiber is very important to avoid loss of the important
back-scattered photons.

We performed an experiment to verify that the DC of the Kagomé can collect the nonlinear
signal generated when photon scattering occurs. We studied the spatial distribution of the TPEF
signal collected by the fiber when a homogeneous fluorescein (FITC) solution, placed on the
fiber distal end, was excited at 900 nm (detection band 500 to 600 nm). A small area detector
(APD), with a sensor square side of 160-180 µm was placed in a conjugate plane of the fiber
proximal face (Fig. 4.19). The magnification from the fiber to the APD plane was approximately
M=4.5, which gave an outer diameter of 1.1 mm of the collection clad’s image on the APD
plane. This magnification was enough to resolve the different features of the fiber cross section
(collection clad, photonic structure and core), as shown in Fig. 4.20b.

We measured the TPEF signal collected by the fiber in two situations: with and without light
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Figure 4.19: Experimental setup for the study of the spatial distribution of the collected signal, in presence
and absence of scattering.

Figure 4.20: (a) Spatial distribution of the signal collected by the fiber from an homogeneous fluorescein
solution. When a scattering layer is placed behind the sample, the double clad collects light as well (red
curve), while in absence of scattering most of the signal is collected by the core (blue curve). (b) The
square represents the dimensions of the APD, that is scanned over the fiber image.
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scattering at the sample. Photon back-scattering was obtained by adding a TiO2 layer behind
the FITC solution. Titanium dioxide is a strong light scatterer and does not absorb in the visible
light range. We performed a spatial lateral scan of the APD on the fiber image plane, with 50 µm

scan step, and acquired the TPEF signal in the different points. The results, shown in the graph
of Fig. 4.20a, are quite clear: when the fluorescence photons are not scattered (blue curve),
they will be only coupled back in the fiber core. However, in presence of diffusion, the signal is
collected by the fiber clad as well. Moreover, we can observe that the photonic structure does
not significantly contribute to the signal collection. Future designs of the Kagomé will aim at a
reduction of its dimensions, in order to increase the overall collection efficiency of the fiber.

It is important to note that, in absence of scattering, the ratio between forward and epi-
detected signal from a FITC solution, when using a large area detector (PMT), is about 10−2.
This is due to the high transmission losses, of the fiber core, in the 450− 650 nm spectral region
(Fig. 4.17c). If possible, a fiber design with low losses in this spectral region would certainly
improve the collection efficiency of the fiber. However, this should not impair the delivery of the
excitation beams. A different design should aim at a broader transmission window, rather than
just shifting it to higher frequencies.

4.5 Lens assembly for the multimodal endoscope

The focusing optics plays an important role in the endoscope probe. We have discussed in Sec.
4.4.1 the relation existing between FOV, resolution and magnification of the optical system.
Other parameters such as working distance, NA, transmission are also important in defining the
optical behavior of the probe.

Two different type of solutions can be employed for beam focusing: GRIN lenses and minia-
ture lens assemblies. The first ones have been used in TPEF/SHG microendoscope probes mainly
because of their reduced dimensions, which can be less than 1 mm in diameter [105, 47]. More-
over, GRIN lenses optimized for nonlinear imaging are produced by companies such as GRIN-
TECH (Jena, Germany).

The problem with this type of lenses is that in general they suffer strong chromatic aber-
rations [151]. For CARS imaging, it is important that the pump and Stokes beams precisely
overlap on the sample. It has been shown that chromatic aberrations make normal GRIN lenses
for efficient activation of CARS radiation [140]. While the use of correction elements for GRIN
lenses can make them achromatic on two wavelengths, custom designed miniature lenses as-
semblies are the choice of preference in CARS probes [129, 18, 99]. We designed an optical
system based on four achromatic doublets, using the optical design software Zemax. The lenses
are produced by Edmund Optics and have different focal lengths: 9 mm (EO # 83-338), 6 mm
(EO # 65-569), 4 mm (EO # 65-568) and 3 mm (EO # 65-567). These lenses are coated with
MgF2 which minimizes the reflection in the visible range.
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Figure 4.21: Lens assembly used for the endoscope probe. From left to right, the lenses have focal length:
9 mm, 6 mm, 4 mm, 3 mm.

We took inspiration from the miniature optical system described in [151] and [31]. Here,
three lenses were used to collimate the beam and then focus it on the sample. Our system has
a higher NA (0.3) on the fiber side, to efficiently collect the beams focused by the micro-bead.
The overall magnification of the system is also increased (0.63), which is beneficial for the FOV
of the probe, with no loss in resolution since the focusing is already at the diffraction limit To
summarize, the optical properties of the 4-lenses system are:

• Distance from the front lens to the focus (working distance): W.D.=0.6 mm

• Magnification from fiber to sample: M=0.63

• Numerical aperture on the sample side: NA=0.45

• Numerical aperture on the fiber side: NA=0.3

As we will see in the next chapter, this miniaturized lens assembly gives satisfying results
when performing CARS imaging using 800 nm and 1040 nm excitation beams. The results
obtained with the microlenses are comparable to those obtained with bulk optics (microscope
objectives). This means that chromatic aberrations of the miniature optical system are suffi-
ciently small not to affect the CARS excitation process.

Off-axis aberrations Geometrical aberrations can cause a degradation in the quality of the
focal spot. This results in a less efficient activation of the signal, as the peak of the intensity
profile is reduced. This effect can be observed when imaging a homogeneous solution on a large
FOV, and is typically seen as a signal drop at the periphery of the image.

In order to estimate the maximum FOV attainable with the micro-objective, we image the
focal spot on a camera, as the fiber is displaced from the optical axis (Fig. 4.22). The intensity
profile of the focused beam is the typical Airy disk that result from diffraction. The beam profile
is not significantly as we move the fiber up to a displacement of 250 µm. However, when
the fiber tip is displaced by 350 µm from the optical axis, the beam profile becomes slightly
asymmetric. The focal spot becomes a line when the fiber is 450 µm from the center.
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Figure 4.22: Image of the focal spot as a function of the distance from the optical axis.

From this study, we can expect that the excitation on the sample will be uniform on a FOV
of at least 315 µm, which results from a 500 µm scan (with a magnification of 0.63).

4.6 Conclusions

In this chapter we have described the main features of the fiber-scanning imaging device, that
constitutes the core of the nonlinear endoscope probe. We have seen that the fiber displacement
can reach several hundreds of micrometers when driven at resonance. This enables to perform
2D imaging of samples with large FOVs and high resolution. We identified and optimized exper-
imental details that allows us to achieve large FOVs at safe driving voltages. We have seen how
imaging is performed using a data acquisition board and LabView softwares that synchronize
the piezo driving with the signal acquisition. The use of a PSD to measure the fiber trajectory
allows to reconstruct the images with no distortions due to deviations of the scanner behavior
from the theoretical one. We have presented additional features of the custom designed optical
fiber, such as a double-clad to enhance the collection of nonlinear signal from scattering tissues
and a silica micro-bead to increase the excitation NA. At last we have described the miniature
microscope objective that we designed to work in the endoscope probe.
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Chapter 5

Multimodal endoscopic imaging

In the last chapter, we described the development of a miniature imaging device, based on a
Kagomé DC fiber. As we will see in this chapter, the use of this novel photonic crystal fiber will
allow use to perform simultaneous1 TPEF, SHG and CARS endoscopy of biological tissues.

In Sec. 5.1 we describe the experimental setup. In Sec. 5.2 we image test samples, with
different imaging modalities, using microscope objectives. This is a validation of the fiber scan-
ner and serves as a reference to evaluate the performance of the micro-lenses. In Sec. 5.3 we
characterize the miniature system, using micro-lenses, in terms of FOV and spatial resolution.
The rest of the chapter is dedicated to multimodal imaging of different samples. We find that
the performances of the system are close to the results obtained with bulk optical elements. This
was verified in both SHG and CARS, which confirms the good chromatic performance of the
micro-lenses assembly. The peculiarity of this system is the capability to activate femtosecond
TPEF, SHG and CARS contrasts, something that cannot be achieved with classical optical fibers.
This allows us to image ex-vivo biological tissues in endoscopic modality (in epi-detection),
combining different contrast mechanisms.

5.1 The experimental setup

Figure 5.1 depicts the experimental setup for endoscopic nonlinear imaging. The laser source
is a single box, dual output tunable system (Discovery, Coherent), delivering 100 fs pulses. One
beam is fixed at 1040 nm, while the other one can be tuned from 700 nm to 1300 nm. The
broad spectrum of these femtosecond pulses results in a low spectral resolution in CRS imaging.
However, the short pulse duration increases the activation efficiency of nonlinear contrasts. This
reduces the average power that needs to be delivered on the sample.

Both the pump and the Stokes beam, delivered by the laser, pass through a half-wave plate

1Since we use a single detector, a change of the optical filter is required, in order to image with different
modalities.

83



CHAPTER 5. MULTIMODAL ENDOSCOPIC IMAGING

Figure 5.1: The setup for nonlinear endoscopic imaging. Legend for the optical elements: L1: f=400mm,
L2: f=40mm, L3=100mm, L4:50mm; OL1 and OL4: 60x Olympus, NA=0.6; OL2 and OL3: 40x Olympus
NA=0.45; DM: Dichroic Mirror, Long-pass (LP) 650nm. Filters: Short-pass 690nm. PMT: Photomulti-
plier tube. PSD: Position sensitive detector.
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(HWP) and a Glan Taylor polarizer, to control the delivered power. A mechanical delay line,
consisting of two mirrors mounted on a translation stage, changes the optical path length of the
1040 nm beam. This allows to adjust the temporal overlap between the pump and Stokes pulses.
The beams are then spatially combined using a notch dichroic filter (NFD01-1040, Semrock),
optimized for the reflection of the 1040 nm beam, with the transmission coefficient T < 2% at
1040 nm and T > 93% between 400 nm and 980 nm, and between 1110 nm and 1300 nm.

The excitation beam size is adjusted using a telescope, before being injected into the fiber
with a 40x microscope objective (Olympus, NA=0.6). We use the 0.6 NA objective to avoid
losses in the signal collected by the external clad of the fiber, whose NA is 0.5 at 400 nm.
Therefore it is necessary to reduce the excitation beams size (by a factor x10). In fact, for an
efficient coupling, the NA of the incoming beams has to match the NA of the Kagomé fiber core
(NA=0.02).

The excitation beams are delivered by the Kagomé fiber and focused by the micro-bead.
The focal spot is then re-imaged on the sample plane by some optical elements. For a first
characterization of the fiber-scanner we used two back-to-back microscope objectives (Olympus
20x, NA=0.45). This system yields to a magnification M=1 from the fiber to the sample plane.
The imaging results obtained with the microscope objectives are presented in Sec. 5.2. All the
other results were obtained with the miniature lens assembly described in Sec. 4.5. The NA of
the miniature objective is 0.3 on the fiber side and 0.45 on the sample side. The magnification
from the fiber to the sample is M=0.63.

The nonlinear signal generated at the sample is collected by the focusing optics and coupled
in the Kagomé fiber. We use a dichroic mirror (long-pass, 720 nm) to separate the signal from
the excitation beams at the proximal end of the fiber. Wavelengths lower than 720 nm are
reflected to the detector. The dichroic mirror reflects the SHG signal (400 nm) excited at 800
nm and the TPEF signal (between 400 nm and 600 nm, depending on the fluorescence emitters).
In CARS imaging, when we target the CH2 anti-symmetric stretch (2854 cm−1), the pump and
Stokes wavelengths are 800 nm and 1040 nm, respectively. The anti-Stokes radiation is then
generated at the wavelength λCARS=650 nm, which is reflected by the mirror. The detection
path is composed of the following optical elements: the objective lens (OL1, f = 4.5 mm), a 40
mm lens (L2), a 100 mm lens (L3) and a 50 mm lens (L4). The overall magnification of the
system, from the fiber to the detector, is M = 4.5. The fiber (d=250 µm) is easily imaged within
the photocatode of the detector (5 mm side). The detector is a photon counting PMT2 (H7421-
40, Hamamatsu). The GaAsP/GaAs photocathode ensures a high quantum efficiency (QE), as
compared to other types of PMTs. The sensitive wavelength range goes from 300 nm to 720 nm,
with a 40% QE peak at 580 nm.

In the forward direction, we use a 40x objective (Olympus, NA=0.6) to collect both the
excitation beams and the forward emitted signal. The sample plane is imaged on a CCD camera,

2Photomultiplier tube.
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through the 40x objective and a tube lens (f=150 mm, M ≈ 33). A flip-mirror, placed behind
the objective, is used to image the scan pattern on the PSD (PDP90A, Thorlabs) and acquire
the scan positions. Another flip-mirror in front of the PMT allows to detect the forward emitted
signal in thin samples, such as fluorescent beads or polystyrene beads.

This represents the core of the endoscope setup. It is a compact system and does not require
pre-compensation schemes to correct for dispersion/non-linearity occurring in the fiber. Exci-
tation over the 400 nm width of the Kagomé transmission window can be accessed by simple
tuning of the laser. No FWM suppression element needs to be inserted after the delivery fiber.
The same fiber can be used both for excitation and collection of the CARS signal. These are
unique features made possible by the Kagomé DC fiber.

5.2 Characterization with bulk optics

In order to validate the imaging capabilities of the system described in Ch. 4, we first performed
a characterization using microscope objectives to relay the spot from the fiber to the sample.
Two air objectives (Olympus, 20x, NA=0.45), in back-to-back configuration, made an image
of the fiber tip on the sample. The focal spot and the scan pattern were reproduced, with
no magnification (M=1). Images obtained using bulk optics are considered as a reference,
since imaging is performed in the best optical conditions, in terms of geometric and chromatic
aberrations. They will be compared to those obtained with the micro-lenses.

Figure 5.2: Characterization of the imaging system was first performed with bulk optical elements to focus
on the sample (OL2 and OL3 in the setup). Two back-to-back microscope objectives (20x, NA=0.45,
Olympus) were used as imaging elements from the fiber to sample. The overall magnification of the
system was M=1.

For all the images, we used the spiral pattern described in Sec. 4.2, with a 0.8 s expanding
pattern and a rest time of 0.5 s. We imaged thin samples, such as fluorescent and polystyrene
beads, in the forward direction. Thick samples, such as rat tail tendon and lipid-rich colon
tissues, were imaged in endoscopic modality.
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5.2.1 Transmission images

The USAF-1951 resolution test chart is a periodic pattern composed of several groups, containing
6 elements each. Groups -2 and -1 are on the outer sides of the chart, with their elements
ordered from 1 to 6. The pattern repeats as we go closer to the center, where elements are
smaller. Increasing group numbers correspond to smaller elements in the chart. Every element
is characterized by three vertical and horizontal bars. For each element, the number of line pairs
per millimeter (lp/mm) is specified. The inverse of this number is the distance between the bars
(in mm).

We imaged the USAF-1951 resolution test chart in transmission. The laser intensity was de-
tected with a photodiode (DET10A, Thorlabs), as the laser spot was scanned on the transmission
chart. Imaging the USAF-1951 chart is a very important step, since it is a precise measure of the
FOV of the imaging system. In addition, it allows to validate the scan and reconstruction algo-
rithms. Finally it will reveal the presence of different optical aberrations. The FOV of a scan is

Figure 5.3: (a) Element 2 of group 4 in the USAF-1951 resolution chart, imaged with 15V. (b) and (c),
element 5 of group 5 in the chart, imaged with 7.5 V (b) and 3.75 V (c).

obtained by measuring the distance between the bars in an image. This distance is measured in
pixel units in the image, while it is known in millimeters for all elements of the chart. Then, the
ratio between the distance in micrometers and the one in pixels gives the pixel size. The FOV is
the pixel size times the number of pixels in the image. As an example, Fig. 5.3a shows element
2 of group 4, imaged with the maximum voltage amplitude (±15 V). This element has 17.96
lp/mm, which corresponds to a distance between the bars of 55.7 µm. The distance between
the bars in the image is expressed in pixel, and can be converted to micrometers. This gives the
size of the imaged area, also known as the FOV, which is 510 µm for Fig. 5.3a. One can notice
a slight defocus on the side elements. This might be due to the fiber trajectory, that describes
an arc (resulting in a curved surface when the spot is scanned over the sample). In fact, this
aberration effect disappears when imaging smaller FOVs (Fig. 5.3b and 5.3c).

87



CHAPTER 5. MULTIMODAL ENDOSCOPIC IMAGING

5.2.2 TPEF and SHG

TPEF and SHG can be activated with a single laser source, such as a tunable Ti:Sa laser. We
demonstrate hereafter, by imaging different samples, that the fiber delivered excitation beam
can excite such contrasts.

Fluorescent beads

Images of 2 µm fluorescent beads are shown in Fig. 5.4. The emission peak of these beads is
at 510 nm. We used a 550/100 nm bandpass filter to block the 900 nm excitation wavelength,
whose power on the sample was 5 mW. The FOV is 51.5 µm in the image of Fig. 5.4a and 20
µm in Fig. 5.4b. The scan amplitude was 1.5 V and 0.6 V, respectively. The TPEF signal was
detected in the forward direction with the PMT. Figure 5.4a demonstrates that the system is
capable of resolving 2µm objects. The measurement of the PSF (measured from the images of
200 nm fluorescent beads) was performed with the micro-lenses system and can be found by
the reader in Sec. 5.3.2.

Figure 5.4: Forward detected TPEF images of 2µm fluorescent images, using a scan amplitude of 1.5V
(a) and 0.6 V (b).

Rat tail tendon

Collagen type I is the main component of connective tissues, so it is naturally present and very
abundant in biological tissues. Collagen tends to aggregate in polar fibers that generate a very
strong SHG signal. Rat tail tendon is one of the biological samples typically used to test SHG
imaging systems. Its dry mass is composed by 80% of collagen type I fibers. Fig. 5.5 shows
two different epi-detected images of a rat tail tendon, excited at 800 nm and detected at 400
nm, with 45 mW on the sample. SHG images of rat tail tendon, obtained with the micro-lenses
system, can be found in Sec. 5.5.
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Figure 5.5: Epi-detected SHG images of two different regions in rat tail tendon, with 45 mW on the
sample (average 10 images).

5.2.3 CARS imaging

We performed CARS imaging using λP=800 nm and λS=1040 nm for the pump and Stokes
excitation beam. Under these conditions, the targeted vibrational frequency is 2880 cm−1 and
the anti-Stokes radiation is generated at λCARS=650 nm. The use of femtosecond pulses allows
to target multiple Raman lines at the same time. Therefore, we can simultaneously record both
the aliphatic CH vibrations (2851 cm−1 and 2902 cm−1) for polystyrene beads, and the CH2

antisymmetric stretch (2854 cm−1) for lipids [154].

FWM background from the microbead

The experiments performed in Ch. 3, to characterize the FWM background in the fiber, were
done using a bare Kagomé fiber (see Sec. 3.5). However, when performing imaging, we use a
silica micro-bead (diameter 30 µm) attached to the fiber core. In order to assess whether the
micro-bead contributes to generating FWM background, we measured again the CARS signal as
a function of the delay between the pump and Stokes beams. This was done with an olive oil
sample, generating CARS radiation, to compare the delay position and the relative intensity of
the different contributions to the signal. The laser source was the same of the experiment in
Sec. 3.5. The red curves in Fig. 5.6 show the signal detected in both the forward (a) and epi
(b) directions, when delivering the beams through the Kagomé fiber with the silica bead. The
excitation powers on the samples were PP=0.8 mW and P S=0.5 mW. A neutral density filter
was used in the forward detection path, transmitting 1.8% of the light. In the measurement
without the micro-bead, light transmission through the filter was 3%. Therefore the intensity
values of the two curves in Fig. 5.6a should not be directly compared.

From the results of Fig. 5.6, it becomes clear that the silica micro-bead on the fiber generates
a FWM signal, at the delay position of 2.8 ps in this case. One can see in Fig. 5.6b that the FWM
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Figure 5.6: Forward (a) and epi-detected (b) FWM signal generated with an olive oil sample, for a bare
Kagomé and one with the micro-bead on the core.

from the bead is separated from the one of the fiber (between 2.3 ps and 2.5 ps). This suggests
that the latter one is generated at the fiber entrance. Then the pulses travel at different speed in
the fiber, because of the anomalous dispersion. The CARS signal generated from olive oil occurs
at a delay position of about 1 ps. The peak separation between the bead and the sample is due
to the GVD of the microscope objectives.

The FWM background generated by the bead might affect CARS imaging, whether it overlaps
with the signal from the sample. This is not the case when using microscope objectives, because
the GVD of the lenses introduces a time difference between the microbead and the sample. CARS
images obtained with this optical system are free of FWM background due to the fiber delivery.
In Sec. 5.4 we will study the FWM background when using the 4 micro-lenses system.

Polystyrene beads

Polystyrene beads generate a strong CARS signal, when excited near 2900 cm−1. Figure 5.7
shows CARS images of 30 µm (a) and (b) and 5 µm (c) beads, that we acquired with the fiber
scanning device. The CARS signal, detected in the forward direction, was excited with PP=0.8
mW and PS=0.5 mW on the sample. When the pump and Stokes pulses do not overlap, the
signal from the beads vanishes (images not shown). When the pulses temporally overlap on the
sample, no FWM background is generated by the micro-bead. As a consequence, the images are
characterized by a very good SNR.

We obtained images of the same beads in the epi direction (Fig. 5.8b), but using higher
excitation powers (PP=5.6 mW and PS=3 mW.).
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Figure 5.7: Forward detected CARS images of 30µm (a) and (b), and 5µm (c) polystyrene beads.

Figure 5.8: CARS images of 5µm polystyrene beads obtained in the (a) forward direction (PP=0.8 mW
and P S=0.5 mW), and in the (b) epi direction (PP=5.6 mW and P S=3 mW).
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Biological tissue

In biological tissues, lipid droplets can generate a strong CARS signal. This can be explained
by the abundance of CH2 bonds in lipids, which can be targeted through its Raman active
antisymmetric stretch vibration. The characteristic frequency of this vibration is around 2854
cm−1. We stimulated the CARS process at this frequency by using λP=800 nm and λS=1040
nm excitation wavelengths.

Figure 5.9: CARS images ex-vivo of the lipid cells in a human colon tissue (x10 average). The average
power on the sample was 30 mW (PP=20 mW, PS=10 mW).

The epi-detected images of Fig. 5.9 show the CARS response from the adipose tissue of a
fresh human colon tissue. The pump and Stokes excitation powers on the sample were PP=20
mW and PS=10 mW.

5.3 Characterization of the miniature device

We introduced in the last section the first imaging tests of our fiber-scanning device for non-
linear endoscopy. We performed imaging over large FOVs, using two back to back objectives,
resolving objects as small as 2 µm. We have proved the capability of activating multiple contrast
mechanisms on unlabeled biological samples (rat tail, human colon), by delivering short pulses
at different wavelengths. The signal back-collected through the same fiber is then detected on
the proximal side and the nonlinear images successfully reconstructed.

Microscope objectives were an important benchmark for the device, but the micro-lenses
assembly has to be characterized before integration in a portable probe. For instance, the chro-
matic behavior of the micro-lenses system is crucial for CARS microscopy. The results will be
discussed in the remaining sections of the chapter. In Fig. 5.10 we show the imaging part of the
setup. One can see the piezo-tube, the free-standing fiber and the micro-lens system (described
in Sec. 4.5). The integration of these elements in a portable probe will be described in Ch. 6.

This section is dedicated to the characterization of the endoscope system, in terms of both
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Figure 5.10: Photo of the distal part of the setup, comprising the piezo-tube, the free-standing Kagomé
fiber, the microlenses and the sample. The microscope objective is used for forward detected images, for
the calibration of the scan pattern and imaging on a CMOS camera.

the spatial resolution and the FOV. We will show that we achieve sub-micrometer resolution
with large FOV (> 300µm), using low driving voltages (±15 V).

5.3.1 Transmission images

At first we imaged a USAF resolution chart to measure the FOV. From the group 6 of the chart
(Fig. 5.11), we retrieved the FOV corresponding to the maximum scan amplitude (320 µm).
This is consistent with the scan amplitude measured in the last section (510 µm) and the mag-
nification from the fiber to the sample with the miniature objective (M=0.63). The quality of
these images is comparable to the ones obtained with microscope objectives (Sec. 5.2.1).

Figure 5.11: Transmission images of group 5 in the USAF-1951 resolution chart. The images were
obtained with 15 V (a), 7.5 V (b) and 2 V (c) scan amplitudes.
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5.3.2 Point spread function

The Point Spread Function (PSF) is defined as the response of an imaging system to a point
source. As a result of the finite size of optical elements, any imaging system is limited in spatial
resolution by the diffraction of light. The resolution of an optical system is closely related to the
PSF, but its definition is arbitrary and different criteria can be adopted. However, it is common
use in NLOM to define the resolution of a microscope as the FWHM of the PSF [29].

The PSF of a TPEF microscope depends on the spatial intensity profile of the excitation beam.
The extension of the beam in the lateral and axial directions defines the size of the volume where
molecules are excited. This in turns depends on the NA of the focusing lens and on the excitation
wavelength λ. The theoretical values of rxy and rz, the lateral and axial resolutions, are [29]:

rxy =
0.46λ

NA
(5.1)

rz =
1.4nλ

NA2
(5.2)

In order to measure the PSF of the endoscope, we imaged fluorescent beads with 200 nm di-
ameter. The size of the beads is below the expected resolving power of the imaging system,
which makes them suitable to mimic a point source. Therefore, the shape of these beads in the
TPEF images represents the PSF of the system. The beads were deposed on a glass cover-slip

Figure 5.12: (a) Forward detected TPEF images of 200 nm fluorescent beads. The graphs show the data
points and the Gaussian fit for the lateral (b) and axial (c) resolution.

and excited at 800 nm. The signal was collected in the forward direction, with the 40x objective
(Fig. 5.1). Different images, such as the one in Fig. 5.12a, were acquired. The FOV of the im-
age was approximately 16 µm in diameter (scan voltage 0.5 V), which was measured with the
USAF-1951 resolution chart (Sec. 5.3.1). The intensity profile of 6 different beads was averaged
and fitted with a Gaussian curve. The lateral resolution of the endoscope was measured, as the
average FWHM of the beads intensity profile: rxy = 0.83µm.

In order to measure the axial resolution, we exploited the fine translation of the fiber holder,
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rather than moving the sample. We acquired images of the beads as the fiber was moved in steps
of 2 µm in the axial direction. This corresponded to a 0.8 µm displacement of the focus in the
axial direction on the sample, since the axial magnification is equal to M2. The axial profile of
three different beads was averaged and fitted with a Gaussian curve, the FWHM of which was
measured to be rz = 5.9µm.

The measured values of the PSF are close to the theoretical values of a system with a focusing
NA=0.45 and excitation wavelength λ=800 nm. From Eqs. 5.1 and 5.2, we can find the
expected values for our system: rxy=0.82 µm and rz=5.5 µm.

The PSF measurement highlights the capability of the endoscope to perform nonlinear imag-
ing over large FOVs (> 300µm), with a sub-micrometer lateral resolution, thanks to the focusing
micro-bead placed on the fiber core.

5.4 CARS imaging: background and polystyrene beads

The use of miniature optics for CARS imaging can cause two issues. The first one is related the
FWM generated by the micro-bead on the fiber. This was not a problem with bulk optics, because
the GVD of the microscope objectives introduced a delay between the pulses. This shifted the
position of the overlap on the bead from the one on the sample (see Fig. 5.6). The second
question is about the chromatic performance of the micro-lens system. As said before, a shift
in the focal position of pump and Stokes beams, due to chromatic aberrations, would reduce
the efficiency of activation of the CARS signal. In order to compare the miniature system to
the microscope objectives, we imaged polystyrene beads using the same power levels used with
microscope objectives.

Background with the micro-lenses system

Figure 5.13 shows the signal generated at the CARS wavelength, when delivering the Pump
(800 nm) and Stokes (1040 nm) beam to the sample. The epi-detected signal in presence and
absence of an olive oil sample was measured, as a function of the input delay between the pulses.
The peak generated by the micro-bead can be identified in the blue curve, which represents the
signal with no sample. The background signal is increased by reflection from the glass coverslip
of the sample (red curve). An inspection of the red curve makes clear that the micro-bead
background is zero when the pulses overlap on the sample. This must be due to the group
velocity mismatch introduced by micro-lenses. This means that femtosecond CARS imaging
with the Kagomé endoscope does not require elements to suppress the FWM background after
the fiber, in contrast to what happens with all the fiber-delivered CARS probes developed so far.
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Figure 5.13: Epi-detected FWM signal with an olive oil sample (red curve) and no sample (blue curve).
The GVD of the micro-lenses is sufficient to separate the pulses in time from the micro-bead to the
sample.

Polystyrene beads

Figure 5.14 shows the images of 30 µm polystyrene beads. These were obtained in the same
excitation conditions (PP=0.8 mW and P S=0.5 mW) of the ones obtained with microscope
objectives (Fig. 5.7). The CARS signal was forward collected with the 40x objective lens (OL2
in Fig. 5.1). The SNR of these images is comparable to that obtained with the objective lenses,
with a CARS signal from the polystyrene beads on the order of few million counts per second.
The elongated shape of the beads in the images might be due to an angle of the sample or a

Figure 5.14: (a) 10 V and (b) 5 V scan images of 30 micron polystyrene beads, acquired in the forward
direction (x5 average, PP=0.8 mW and P S=0.5 mW).

slight change in the fiber scan pattern, as compared to the measured reference positions.
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5.5 SHG imaging of rat tail tendon

We imaged a rat tail tendon sample, whose collagen fibers give a strong SHG response. We
excited the sample with 48 mW, using 800 nm excitation wavelength 400 nm signal detection. In
Fig. 5.15, the same area of the sample is imaged with different scan amplitude. The FOV of the
image in Fig. 5.15c is 31 µm, and one can appreciate the high resolution of the imaging system,
which allows to distinguish parallel fibers with sub-micrometer width. Figure 5.16 shows a

Figure 5.15: Collagen fibers in a rat tail tendon, imaged ex vivo with SHG contrast (x10 averaged frames).
The excitation power on the sample was 48 mW. The images show the same area of the sample with a
scan amplitude of 7.5 V (a), 3.75 V (b) and 1.5 V (c).

comparison between a raw image obtained with a single acquisition (a) and the average of 10
acquisitions (b). The SNR is clearly improved by averaging over multiple images, however the
quality of a single acquisition is sufficiently high to resolve the different fibers. The SNR at the
center of the image is higher than in the periphery. This effect is due to the highest sampling of
the central area, a consequence of the transitory regime at the beginning of the scan (see Sec.
4.2).

5.6 Multimodal imaging of human colon

In this section, we describe the application of the endoscope to multimodal nonlinear imaging
of human colon tissues. Colon is in the last part of the gastrointestinal tract. Here, water is ab-
sorbed and the remaining wastes from food are converted to faeces and subsequently expelled
by the anus. Colon is an organ where endoscopic exams are routinely performed in hospitals, in
order to assess the presence of abnormal tissues, such as polyps. The nature of polyps is not al-
ways malignant, and histological analysis is necessary to determine whether they are associated
to a tumor. In the colon, tumors usually first develop in the mucosa, which is the inner part of
the gastrointestinal (GI) tract (fig. 5.17). As the disease progresses, cancer cells invade deeper
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Figure 5.16: SHG image of rat tail tendon: comparison between a single acquisition (a) and the average
of 10 frames (b). Excitation power on the sample P exc=48 mW.

in the tissues below the mucosa, reaching the submucosa and circular muscle. Multiphoton
imaging of these tissues relies on a combination of TPEF, SHG and CARS, to visualize proteins,
collagen and lipids (see Sec. 1.1.5). In-situ diagnosis, based on nonlinear endoscopy, would
avoid biopsy and save the time required by histological fixation and staining (≈ 24 hours). This
technique could be equally applied to the whole digestive system (esophagus, rectum, pancreas,
etc...).

5.6.1 Imaging of the muscle layer in histology slides

The images in Fig. 5.18 show the combined forward-detected TPEF (red) and SHG (green)
response from a 30 µm thick slice of human colon tissue. The samples were unstained, but
fixed using the common procedure used for histology samples. The tissue was prepared by the
histopathologist at IPC (Institut Paoli-Calmette, Marseille), in the frame of a collaboration with
Mosaic group at Institut Fresnel. The goal of this project is to test different NLOM techniques as
potential optical biopsy methods. Multiphoton imaging of healthy and cancerous colon tissues
is performed, comparing the results with conventional H&E histology images. This is an inter-
esting study for the future of our system, since colon is an organ where endoscopy is routinely
performed in clinics with forward-viewing endoscopes.

The multiphoton images of the histology samples (Fig. 5.18) demonstrate that we can ac-
tivate intrinsic contrasts from unlabeled biological tissues with the fiber-scanning system. The
SHG response comes from the collagen fibers, while the TPEF signal is due to the autofluores-
cence of proteins present in the tissue, such as the elastin. The structure of the tissue suggests
that the muscle layer of the colon was imaged.

In absence of scattering from the tissue, most of the SHG signal propagated freely in the
forward direction, while the epi-fluorescence signal was not intense enough. Therefore, we
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Figure 5.17: (a) Colon is the last part of the gastrointestinal tract. (b) Multiphoton microscopy techniques
can be used to perform label-free imaging of unlabeled colon tissues and compare it with conventional
H& E histological imaging. The nonlinear response reveals the morphology and molecular content of the
different parts of the colon, such as the mucosa, the muscle layer or the adipose tissue (c). Image (a) was
taken from cancerquest.org, while (b) and (c) are courtesy of Barbara Sarri (Institut Fresnel).

detected the signal in the forward direction. We excited the sample with 20 mW at 800 nm,
detecting the TPEF signal between 500 nm and 600 nm, and the SHG signal at 400 nm. The
signal was detected with the same PMT, so the filters had to be changed, in order to switch
between different modalities.

5.6.2 CARS imaging of adipocytes

Adipocytes are cells specialized in storing fat and represent the main components of the adipose
tissue. Their size is on the order of tens to a hundred micrometers. Colorectal tumors generally
do not develop in the adipose tissue, but they invade it only during the last stages of the disease.
For this reason, the histological information from the adipose tissue is generally not considered
a relevant one for cancer detection.

However, adipocytes are suspected to play a role in the development of colon cancer. In fact,
cancer cells grow in the anatomic proximity of the adipose tissue, where they find an important
energy storage. Adipocytes were found to differentiate in cancer-associated adipocytes (CAA)
during their interaction with cancer cells. CAA help tumor progression and growth by releasing
adipokines, which stimulate adhesion and migration of cancer cells [106].

Anyhow, the abundance of lipids in the adipocytes makes them an interesting test sample for
CARS imaging with our endoscope. The adipose tissue was extracted from a fresh colon tissue
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Figure 5.18: Forward detected multiphoton images of histology slides (x10 averaged frames). The abun-
dance of collagen, imaged by SHG (green), and the fibrillar shape of the proteins emitting TPEF (red),
suggests that we are imaging the muscle layer. The excitation power on the sample was P800=20 mW.

Figure 5.19: Preparation of the fresh colon tissue (a) in a microscope slide (b).
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(5.19a) and sandwiched between two microscope slides (Fig. 5.19b).

Figure 5.20: Different epi-detected CARS images of lipid cells and droplets in a fresh human colon tissue
(x5 average). PP=20 mW and P S=10 mW were used.

We probed the CH2 antisymmetric stretch vibration (2854 cm−1) with 20 mW of the pump
beam (800 nm) and 10 mW of the Stokes beam (1040 nm). Images of Fig. 5.20 were averaged
over 5 acquisitions. However, the SNR is really good even in a single acquisition, as shown in
Fig. 5.21.

Figure 5.21: Comparison of the epi-detected CARS image of the human colon tissue for a single acquisition
(a) and x5 average (b). PP=20 mW and P S=10 mW were used.

5.6.3 CARS and SHG imaging

We performed multimodal SHG and CARS imaging of other thick slices of colon tissue. Some of
the results are shown in Fig. 5.22, 5.23 and 5.24. The much sparser density of adipocytes, to-
gether with abundance of collagen fibers might indicate either an adipose tissue with developed
fibrosis or a different type of loose connective tissue.
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The images were acquired with 30 mW of power onto the sample for CARS (PP=20 mW
and P S=10 mW), and 60 mW for SHG. These images show the great potential of our miniature
system to perform multimodal imaging of unlabeled biological tissues using a compact fiber
delivered probe.

Figure 5.22: Epi-detected CARS (a) and SHG (b) images of a human colon tissue (x10 average). The two
channels are combined in (c). PP=20 mW and P S=10 mW were used for CARS, P=60 mW for SHG.

Figure 5.23: Epi-detected CARS (a) and SHG (b) images of a human colon tissue (x10 average). The two
channels are combined in (c). PP=20 mW and P S=10 mW were used for CARS, P=60 mW for SHG.

5.6.4 Perspectives

In this section we provided a proof of principle for the application of our miniature system
to multimodal endoscopy of unlabeled biological tissues. We demonstrated the capability of
detecting the CARS and the SHG responses from different connective tissues. The information
from different contrasts can be combined in a single image, to colocalize the different molecular
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Figure 5.24: Combined epi-detected SHG (green) and CARS (red) images of different regions in a human
colon tissue (x10 average). PP=20 mW and P S=10 mW were used for CARS, P=60 mW for SHG.

components of the tissue. Unfortunately, no two-photon autofluorescence signal was detected
in endoscope modality. By increasing the sensitivity of the probe, with the strategies discussed
in the next chapter, we expect to be able to perform endoscopic imaging of proteins in tissues.
This would be very important to image the mucosa, which is the part of the colon where tumors
develop first.

5.7 Conclusions

In this chapter we have shown that the endoscope is capable of performing multimodal nonlinear
imaging. We first characterized the system using bulk optics, which served as a benchmark for
the micro-lenses assembly we designed. We have seen that the miniature optics has comparable
performance to the one of microscope objectives. The low chromatic aberrations enable high
contrast CARS imaging. We performed label-free imaging of biological tissues, such as rat-tail
tendon, and both histology slides and fresh human colon.

This is the first endoscope with a size compatible with use in clinical endoscopy, that is
capable of combining CARS imaging with TPEF and SHG. In then next chapter, the efforts to
develop the first portable version of the endoscope are reported.
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Chapter 6

Integration in a portable probe

In this chapter, we present the integration of the system described in Ch. 4 into a portable,
miniature probe. In Sec. 6.1 we describe how we sealed the micro-bead on the fiber, using a CO2

laser splicer at IRCICA institute (Lille, France). In Sec. 6.2 we present the integrated probe and
the different mechanical components. The mechanical integration of the probe was designed
and carried out at XLIM institute (Limoges, France). In Sec. 6.3 we discuss the characterization
and the imaging results obtained with the probe. Section 6.4 is a discussion on the possible
future improvements of the probe design, in order to reduce its size and increase its sensitivity.

6.1 Micro-bead sealing on the fiber

The glass micro-bead on the Kagomé fiber is an essential component, which allows to perform
high resolution imaging over large FOVs. All the images presented in Ch. 5 were obtained using
a bead attached exerting a pressure on the core. The bead remained fixed on the fiber, thanks to
electrostatic interactions, and resisted to the centrifugal forces experienced during the scan. For
integration in a permanent probe, it is desirable to have the bead permanently fixed on the fiber
core. This was made possible, using of a laser splicing system present at the IRCICA institute
(Lille, France). The work on the bead sealing was conducted in Lille with Alexandre Kudlinski
and Damien Labat (IRCICA).

Laser splicing

Glass is a transparent material in the visible and near IR regions. However, at longer wavelengths
and in the UV region, it absorbs electromagnetic radiation. The emission wavelength of a CO2

laser is typically 9.4 µm. In glass, it is strongly absorbed and released as heat, which can cause
the material to melt. For this reason, CO2 lasers are used to process glass materials, such as
optical fibers.
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The LAZERMaster LZM-100 Laser Splicing System from AFL’s is a glass processing and splic-
ing system. The LZM-100 can be used to splice or taper fibers, to create ball lenses and perform
other fiber processing tasks. Using a CO2 laser is very convenient over electrode or filament sys-
tems, that heat the fibers by creating a plasma in the air. A laser based system ensures a higher
repeatability of the performances and eliminates electrode or filament instability. Moreover, as
we will see, it is more adapted to seal the bead on the fiber without altering the fiber structure.
The bead was sealed by melting it up to a point where it would be permanently attached to the
fiber, but with the frontal spherical shape, essential for a correct focusing, still preserved. On
the other hand, the fiber micro-structure was not affected.

Figure 6.1: Image of the fibers during the splicing process. The cameras in the machine ensure two lateral
views of the fibers during the splicing.

In Fig. 6.1, an image taken with two cameras in the LZM-100. One can notice the presence
of the bead on the Kagomé fiber (on the left). On the right, an SMF which was used to add a
local source of heat in front of the bead. The laser was focused over an area of 300 µm from
two directions, as indicated by the arrows.

Preliminary tests

Different parameters can be controlled when using the laser splicer. We found out that the first
laser discharge (generally used to clean the fibers from dust before the processing) was sufficient
to melt the bead. Different parameters could be controlled, such as the distance between the
Kagomé and the SMF, the laser radiation intensity or its duration. We noticed that, while the
fiber structure was not affected by the laser radiation, the bead would completely melt when
exposed for an excessive time. We identified a good set parameters, that caused the bead to
melt without excessively deforming it. In fact, as one can see in Fig. 6.2, when the heating is
too strong, it leads to an important deformation of the bead shape (Fig. 6.2b). This results in a
bad focal spot profile (Fig. 6.2c).
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Figure 6.2: The bead on the Kagomé fiber before (a) and after the splicing (b). The exposure to an
excessive radiation causes a strong deformation in the shape of the bead. The profile of the beam focused
by the bead is severely affected (c).

Final result

Starting from the set of parameters, that led to the results of Fig. 6.2, we progressively reduced
the intensity of radiation. The final result is shown in Fig. 6.3. In this case the bead has started
melting, as one can see from Fig. 6.3b, but the focal spot produced by the bead has a symmetric
Gaussian shape (Fig. 6.3c). The FWHM of this spot is 1.5 µm (data not shown), which is slightly
bigger than the one before sealing (approximately 1.2 µm). We performed some mechanical
tests, which confirmed that the bead was effectively sealed on the fiber. The SEM image of the

Figure 6.3: The bead on the Kagomé fiber before (a) and after the splicing (b), with the correct exposure
time and intensity of the laser. The bead is slightly deformed, and is melt on the fiber, but the frontal
shape is preserved. This results in a clean focal spot (c).

bead sealed on the fiber, is shown in Fig. 6.4. We can clearly see from this image that the fiber
structure was not affected by the CO2 laser, while the bead is slightly deformed on the side of
the fiber. The front surface of the bead, which is important for beam focusing, has preserved a
nice round shape.
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Figure 6.4: SEM images of the fiber with the glass bead after splicing.

6.2 Integration in a portable probe

The Kagomé fiber with the sealed microbead was used for integration in a portable probe. We
performed this work at XLIM institute (Limoges, France) with Prof. Frederic Louradour and
Marc Fabert, who designed the probe and carried out the manual integration. The design was
based on the components used during the PhD for endoscopic imaging: the 3.2 mm piezo-tube,
the 2 mm lenses and the Kagomé fiber. The probe design is shown in Fig. 6.5. The rigid length is

Figure 6.5: Mechanical design of the integrated probe, dimensions are indicated in mm. Courtesy of
Marc Fabert (XLIM).

71.2 mm for an external diameter of 4.2 mm. This fits the size of standard colonscopes working
channels (2.8-4.2 mm). However it is slightly larger than gastroscopes or enteroscopes working
channels (2.0-3.8 mm) [137]. Further reduction of the probe size will be possible, since the
biggest component is the piezo-electric tube and it can be purchased in smaller diameters.

The probe is encapsulated in a stainless steel, bio-compatible tube. The micro-lenses are
stacked together in a detachable steel tube, which fits in the rest of the probe, but can be
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removed in case of need. The front lens slightly exceeds the tube length, and some glue was
applied to fix the lens on the tube. A ceramic piece, with a 380 µm hole, holds the fiber on the
piezo-tube. The fiber free-standing length was set at 23 mm and glue was applied for fixation.
Another ceramic piece, with a central hole of 550 µm diameter to let the fiber through, is the
support for the piezo-tube inserted inside the metal tube. It was designed in such a way that
the electrode wires could pass inside the support. These ceramic components were designed in
XLIM and manufactured in the institute’s workshop. The final hand-held probe is shown in Fig.

Figure 6.6: The flexible and miniature Kagomé DC probe.

6.6. The assembly of all the pieces was performed by Marc Fabert. This required a high degree
of attention and care, given the non reversible nature of the procedure, and the availability of a
single Kagomé fiber with micro-bead.

6.3 Characterization of the miniature probe

In this section, some preliminary results with the probe will be presented. This is an ongoing
work and the probe is still under characterization. However, a few conclusions can already be
drawn, together with indications for future improvements of the endoscope probe.

Unfortunately, the force exerted by the solidifying glue induced an angle on the fiber, with
respect to the optical axis of the system. This angle cannot be corrected, as the elements in the
probe are fixed. This misalignment has important consequences on the optical performance of
the probe, as we will see in the remaining of the section.

6.3.1 Image of the focal spot

In Fig. 6.7 the focal spot of the probe is imaged on a CMOS camera. If we compare this to
the beam profile of Fig. 6.3c (corresponding to the focal spot after the micro-bead) one can
clearly see that aberrations are introduced in the relay from the bead to the sample. When
we characterized the micro-lenses system, we saw that optical aberrations in the beam profile
started to appear, as the fiber was displaced by 300-350 µm, with respect to the optical axes
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Figure 6.7: Image on the camera of the spot focused by the probe. The spot presents important aberra-
tions, as compared to the focus generated by the bead (Fig. 6.3c).

(Fig. 4.22). This is probably the reason for the aberrated profile of the focal spot on the sample
plane. Because of the angle acquired upon fixation, the tip of the fiber is not centered on the
micro-lenses, which causes the aberrations of Fig. 6.7.

This is certainly an issue for linear and nonlinear imaging. It causes a degradation of the
PSF and it reduces the peak intensity of the beam in the focal area. One consequence is that
the nonlinear excitation efficiency is reduced and asymmetric with respect to the center of the
images. Other effects take place, as we will see in the following sections, such as a stronger
aplanaticity of the imaging system.

6.3.2 USAF-1951 chart

We first imaged the USAF-1951 resolution chart, to estimate the FOV of the images. The resonant
frequency of the fiber is close to 580 Hz. For a scan amplitude of 11 V (lower than the maximum
15 V that we can deliver), we have a FOV of 440 µm. This means that we have an increase of
the quality factor of the scanner, as compared to the system of Ch. 5.

However, from Fig. 6.9 we can see that different parts of the imaged area are not simulta-
neously in focus. This aberration is due to the angle between the fiber and the optical axis. In
general, the fiber tip does not move on a plane during a scan, but describes a curved surface.
Therefore, the axial position of the focal spot depends on the lateral position on the sample.
This effect can be observed, for instance, in transmission images acquired with microscope ob-
jectives (Fig. 5.3a), where the center of the image is in focus, while elements at the periphery
are slightly defocused. However, this effect is worsened, when the fiber initial position makes
an angle with respect to the optical axis.

This can be seen in Fig. 6.9, where the USAF-1951 chart was imaged in different z-position
on the sample plane. However, this effect was not symmetric. When the lower part of the image
is in focus, the center of the image is slightly out of focus, while the upper part of the image
is strongly defocused (Fig. 6.9a). However, when the upper part of the image is in focus (Fig.
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Figure 6.8: Transmission image of the USAF chart, group 4 element 1 (a) and group 5 (b). The scan
amplitude was 11 V, for a FOV of 441 µm.

Figure 6.9: Transmission image of the USAF chart, group 4 element 2. These images illustrate the
problem of the aplanaticity of the probe. Images (a), (b) and (c) are acquired while the sample was
placed in different z positions. The upper part of the FOV suffers from the strongest aplanaticity. The
scan amplitude was 7.5 V, for a FOV of 293 µm.
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6.9c), the center of the image is clearly out of focus.

This effect can be understood using geometrical optics and simple trigonometry (see Fig.
6.10). The red line represents the fiber attached to the piezo, at different positions. The z-axis
is the optical axis and the y-axis is a lateral direction. If β is the angle between the fiber and the
optical axis, the projection on the optical axis z = L · cos(β) of the fiber tip can be calculated.
The lateral displacement is y = L · sin(β), where L is the free-standing length of the fiber (23
mm in our case).

Figure 6.10: The optical fiber performs an arc during the scan. The initial position of the fiber (i.e.: its
angle with respect to the optical axis) influences the magnitude of the axial translation on the sample.

One can consider a practical case, where the fiber moves in the lateral direction by y = 250

µm, from an initial position parallel to the optical axis (β = 0). This corresponds to a scan of 500
µm in diameter and FOV 315 µm, through the micro-lenses (M=0.63). Then β = sin−1 (y/L) = 6.2◦

and z1 = 2286 µm. The focal spot on the sample will experience an axial displacement of
∆z = (z0 − z1) ·M2 = 14 µm · 0.4 = 5.6 µm.

Let us now consider the case where the fiber is fixed with an angle, say β1 = 6.2◦. This
corresponds to an initial lateral translation of 250 µm with respect to the optical axis. This might
be an underestimation of the real case, if we compare the image of the spot (Fig. 6.7) with the
aberrations as a function of the fiber position (Fig. 4.22). It can be calculated that, during the
scan, a lateral displacement of 250 µm will make the fiber reach an angle of β2 = 12.6◦. In
this case, the z-coordinate of the fiber tip will be z2 = 2245 µm, which corresponds to an axial
translation on the sample of ∆z = (z1 − z2) ·M2 = 41 µm · 0.4 = 16.4 µm.

This simple calculation shows how the axial translation of the focal spot (∆z), and the
subsequent defocusing effect, are highly dependent on the initial position of the fiber and the
direction of the scan. In fact, when the fiber scan starts from an uncentered position, the value
of ∆z will be smaller as the fiber moves in the direction of the optical axis. This explains why
the center of the image in Fig. 6.9 is less blurred when the lower part of the image is in focus
(a), while it gets worse when the upper part of the image is in focus (c). Moreover, this effect is
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more pronounced for a larger initial angle β.

A strategy to reduce the probe sensitivity with the initial angle and reduce the aberrations,
would consist in reducing the fiber free-standing length L, as will be discussed in Sec. 6.4.

6.3.3 CARS imaging

In this section we will show the results in CARS imaging using the portable probe. From the
spot profile (Fig. 6.7), we expect a decrease in the excitation efficiency. Moreover, since the
aberrations increase as we scan the tip far from the optical axis, we expect to have an asymmetric
imaging FOV. Figure 6.11b shows the CARS image obtained from a uniform olive oil sample. It

Figure 6.11: Epi-detected TPEF (a) and CARS (b) signal from FITC and olive oil, respectively.

is clear that the signal level drops on one side of the image, while it decreases on the other
side. We have already estimated, from the transmission images, that the lower part of the image
corresponds to the scan position where the fiber is close to the optical axis. The signal drops
as the focused beam is more affected by aberrations, which are reduced when fiber tip moves
closer to the center of the lenses. The signal inhomogeneity seems more pronounced in the
CARS image than in the TPEF image. This might be due to both the 3rd power dependence
of the CARS signal on the excitation power (against the 2nd order of TPEF), and to possible
off-axis chromatic aberrations.

Fig. 6.12 shows forward detected images of 30 µm polystyrene beads. Higher excitation
power (PP = 6 mW and P S = 3 mW) were required, in order to reach the signal levels of the
reference images (Fig. 5.14, where PP = 0.8 mW and P S = 0.5 mW). This indicates that the
activation of CARS signal is deeply affected by aberrations.

Moreover, similarly to linear imaging, we observed an aplanaticity problem. One can see
(Fig. 6.12a) that the beads in the lower part and central part of the image are both efficiently
excited. However the beads in the upper part of the image give much lower signal in both
images, included Fig. 6.12b, even when they are brought closer to the focus. The background
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Figure 6.12: Forward detected CARS images of 30 µm polystyrene beads.

in the lower part of the image is probably due to the FWM generated on the glass coverslip.
Using the probe we were able to image lipid cells in the adipose tissue. 60 mW were used to

Figure 6.13: Epi-detected CARS images of lipid cells in the adipose tissue (x10 average).

excite the sample (PP = 40 mW and P S = 20 mW). This is twice the power we used for images
in Fig. 5.20. The quality of the image is also degraded, but this might be due both to a lower
SNR and a degradation of the sample used. Nevertheless, we can still clearly distinguish the
different lipid cells and droplets.

6.4 Outlook on future improvements

In this chapter we introduced a first portable version of the probe, which was manufactured at
the end of the PhD. We are still in the process of characterizing the probe in details, but some
improvements for future versions can be already envisioned. These include both a reduction of
the probe size and the optical aberrations, as well as an increase in both the frame rate and the
imaging sensitivity.
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The following improvements will be considered for the next version of the endoscope probe:

• Further reduction of the probe size. This is possible using a smaller piezo-tube. Custom
designs are available on demand from Physik Instrumente (PI), with diameters that can as
small as 2 mm, or even below. This will allow us to reduce the overall size of the probe.

• Reduce optical aberrations. We have seen in this chapter that the initial angle of the fiber,
acquired upon fixation, had important consequences on the probe performance. While it
is difficult to control the fiber behavior when glue is applied, a simple way to make the
probe less sensitive to the angle consists in reducing the free-standing length of the fiber
L. This will reduce, for a same angle, the displacement with respect to the center of the
lenses (∆y), which is responsible for the aberrations in the focal spot. Moreover, it will
reduce the distortions caused by the axial translation (∆z) of the spot on the sample plane
over a scan, since this is proportional to L.

• Increase the imaging frame rate. There are different ways we can improve the imaging
frame rate:

On the one hand, the resonant frequency of the fiber can be increased with a shorter
fiber length. In general, the ratio between the resonant frequency fRES and the imaging
frequency has to be high enough, to avoid incorrect sampling of the image. This happens
when the distance between the arcs of the spiral is too large. A general condition on the
scan period T exp is given by: fRES · T exp = Npixels, where Npixels is the number of pixels
in the image. A higher fRES allows to reduce the duration of the scan pattern.

We can also work on the active breaking of the fiber, during retrace. In the work we
described, imaging was performed during a driven expanding spiral pattern, where the
scan amplitude was increased up to a maximum value. This was followed by a rest period
(0.5 s), with the voltage set to zero and the oscillations naturally contracting until the fiber
stopped. The duration of this rest period can be reduced to few tens of millisecond, by
active breaking of the fiber’s oscillations. This would allow to further increase the imaging
rate.

• Faster imaging will require a higher sensitivity of the probe. A new fiber design could
significantly improve the collection efficiency. The experiment on the spatial distribution
of the signal collected by the fiber (presented in Sec. 4.4.2), suggested that the photonic
structure surrounding the core doesn’t actively participate in the signal collection and
transmission. Reducing the size of this structure in a future fiber design should be possible,
and we expect it to enhance the signal collection, increasing the probe sensitivity.
Moreover, our system is highly dependent on the scattering of light from tissues. When
scattering does not occur, signal is mostly collected from the core. The losses in the core
are quite important in the wavelength range of the nonlinear signals. Enhancing the fiber
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transmission in the 500 nm - 700 nm wavelength range, would certainly be beneficial in
terms of sensitivity.

6.5 Conclusions

We have described, in this chapter, the main components necessary to integrate the system of
Ch. 5 in a portable probe. The various steps are somehow tricky, and require precise machines
(like the laser splicer), experience and care. However they are all, starting from the sealing of
bead, reproducible. The first version of the probe is not optimal, but this prototype was certainly
useful to understand where future improvements can be made.
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Chapter 7

Fiber delivery for SRS microscopy

and endoscopy

We dedicate this last chapter to the study of fiber pulse delivery for Stimulated Raman Scattering
(SRS) applications. This is the result of a collaboration with APE GmbH (Berlin, Germany) for
the delivery of 2 picoseconds pulses in a SRS micro-spectroscopy setup, using Kagome hollow-
core fibers. The results described hereafter have a strong importance for the implementation of
SRS imaging in the Kagome fiber-based endoscope developed during this thesis work. Indeed,
we find out that a parasitic signal is generated in the fiber, whose origin lies in the interplay
between nonlinear effects and frequency dependent fiber losses.

In Sec. 7.1, we describe the basic principles of SRS microscopy. In Sec. 7.2, we show how
the XPM-induced frequency shift can induce a change in the power transmitted by a fiber, when
this has a highly frequency dependent loss spectrum. Section 7.3 is dedicated to the numerical
simulations, by means of the split-step Fourier method, of pulse propagation in the Kagome’s
hollow-core. We evaluate the effect of XPM-induced spectral changes, on the total transmitted
power, for different shapes of the loss spectrum. The experimental setup, including the lock-in
detection scheme, for the measurement of the signal generated in Kagome fibers, is described
in Sec. 7.4. The experimental results are discussed in Sec. 7.5 and compared to the numerical
simulations.

7.1 SRS microscopy

SRS microscopy is performed with two synchronized trains of laser pulses at frequencies ωP and
ωS (ωP > ωS) that are focused on the sample. The frequency difference ωP−ωS is tuned so that
it matches the resonant frequency ΩR of a molecular vibration. A molecule in the vibrational
ground state |f〉 is excited to the vibrational level |v〉 and a Stokes photon is emitted (Fig. 7.1a).
On a macroscopic scale, this process leads to the coherent oscillation of molecular vibrations
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and the pump beam is depleted (SRL) while the Stokes beam experiences a gain (SRG) (Fig.
7.1b). In SRS microscopy the pump and Stokes beams are focused and scanned over the sample,

(a)
(b)

Figure 7.1: (a) Spontaneous Raman and Stimulated Raman Scattering energy diagrams and (b) field
depletion due to SRS.

the intensity variation in one of the two beams is measured (∆IP for SRL detection). For
bio-compatible power levels, and because the pump-Stokes beams interaction is restricted to
few microns when performing tight focus microscopy, the magnitude of this change is small
compared to the beam intensity (∆IP/IP < 10−3) [16]. Therefore a modulation scheme has to
be employed to extract the SRS contribution from the total signal.

In the SRL configuration, the Stokes intensity is modulated at a frequency f using an electro-
optical (EOM) or acousto-optical modulator (AOM). The pump beam is unmodulated and de-
tected with a photo-diode after interaction with the Stokes beam on the sample. The signal
from the photo-diode is sent to a lock-in amplifier, where the frequency component f of the
signal is amplified. This corresponds to the SRL contribution to the total signal. By choosing
a modulation frequency f > 1 MHz, the lock-in amplifier filters out the laser average intensity
(zero-frequency component) and any intensity oscillation occurring at frequencies lower than f .
In fact, laser noise occurs primarily at low frequencies (up to hundreds of kHz), and decreases at
high frequencies with a 1/f dependence (reference here). As f enters the MHz region, the laser
noise figure can reach the shot noise limit associated with the Poisson distribution of photon
counts (Fig. 7.2). A high-modulation (> 1 MHz) frequency cancels out laser noise, together
with the low-frequency intensity changes due to variations in transmittance of the sample, for
example.
However, it was found that a residual background exists at high frequencies f when perform-
ing SRS microscopy. This is caused by a mixture of thermal effects [92], Kerr nonlinearities
[123] and two-photon two-colors absorption [45], phenomena that can generate a signal at the
frequency f . A three-beam, opposite-phase modulation scheme to remove these artifacts was
shown to increase the imaging sensitivity of an SRS microscope [10].
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Figure 7.2: (a) Typical noise spectrum of a laser source and (b) operation principle of an SRS microscope.
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7.2 Modulation transfer via XPM

In Sec. 2.5 we described the process of XPM, occurring whenever two fields propagate in the
same medium. XPM changes the spectra of the pulses, through a nonlinear phase shift term.
In the lock-in amplification scheme used for SRS, what we detect is an intensity change in one
of the two beams. The loss (SRL) in the pump energy is due to the presence of the Stokes
beam, that transfers its high-frequency modulation to the other beam. XPM does not involve
any energy transfer between the two fields, but it can induce a transfer of modulation from the
Stokes to the pump beam, through the frequency-dependent loss spectrum of the Kagome fiber.
In other words, the spectral features of the pulses are affected by XPM, but the total energy
of each pulse is conserved. However if the pulses propagate in a lossy medium, such as an
optical fiber, the energy after propagation will depend on the losses. Now, if the fiber losses are
frequency dependent, the total transmitted energy will depend on the pulse spectrum. If the
transmitted pump power changes with the presence of the Stokes beam, through XPM and fiber
losses, then the pump beam exiting the fiber will carry a modulation at the same frequency f of
the Stokes field. This modulation will be detected in the lock-in amplification scheme.

7.2.1 XPM induced frequency shift

We shall start by an estimation of the frequency shift occurring in the Kagome fiber because of
XPM. The fiber we used for the experiment was produced in IRCICA (Lille). It has an hexagonal
core shape, the diameter of the internal circle being 17.5 µm and that of the external circle
being 20.6 µm (Fig. 7.3). The core propagation mode can be fitted with a Gaussian distribution,
whose radius is w= 0.849 · FWHM = 8.4 µm (defined as the distance from the peak to the 1/e2

intensity point) The effective area for a Gaussian beam is then calculated as:

Aeff = πw2 ≈ 220 µm2

from which we can estimate the non linear coefficient γ of the Kagome fiber. Assuming that the
nonlinear refractive for the propagating field is that of air, n2 = 3 · 10−23 m2/W (see [136] and
[55]), we have:

γ =
2 · π · n2

λ ·Aeff
≈ 1.07 · 10−6 (W ·m)−1

The fiber has a low GVD, which means that the pulses interact along the whole fiber length
LW > 1 m. Then the nonlinear phase accumulated over 1 m of propagation in the Kagome fiber
can be estimated with Eq. (2.18):

dφ = γ · P0 · L = 6.7 · 10−4

120



7.2. MODULATION TRANSFER VIA XPM

where the peak power of the pulse P0 is derived from the average power, through the repetition
rate (80 MHz) and the pulse duration (T0 = 2 ps) of the laser, as

P0 =
P avg

f rep · T0
= 625W (7.1)

for an average power P avg = 100 mW. Then the frequency shift imposed on the pump spectrum
can be calculated using Eq. (2.30):

dν = dω/2π =
dφ

T0 · π
≈ 1.07 · 108Hz

Which corresponds to a wavelength shift

dλ = 2.3 · 10−3nm

For a pulse centered at λ = 800 nm pulse.

Figure 7.3: SEM image of the Kagome T1675E fiber (a), detail on the fiber’s core (b). Fiber core’s mode
at 800 nm (c), scale bar is 10 micron.

7.2.2 Kagome loss spectrum

The loss spectrum of a fiber defines the attenuation of the beam intensity due to propagation,
thus not taking into account injection losses. It is typically defined in units of decibel per unit
length (dB/m) or (dB/km). A ratio expressed as decibels is given:(

P1

P2

)
dB = 10 · log10

(
P1

P2

)
(7.2)
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Therefore the absolute ratio between two powers is:(
P1

P2

)
= 10

[(
P1
P2

)
dB

]
/10

(7.3)

As an example, we consider a beam propagating in a fiber who has a loss of 3 dB/m at that
wavelength. This means that after one meter of propagation the beam power P is:

P in

P
= 100.3 = 1.995 ≈ 2

where P in is the initial power.
The attenuation in a fiber is measured as the ratio in the output optical power for two different
fiber lengths. Repetition of this measurement over a broad wavelength range gives the loss
spectrum of the optical fiber. Figure 7.4 shows the loss spectrum of the Kagome fiber, which

Figure 7.4: Loss spectrum of the Kagome fiber.

a non-flat structure with both long range oscillations together with some finer structures. The
local slope of the loss spectrum reaches easily 0.1− 0.3 dB/nm.

7.2.3 XPM induced modulation transfer

The two previous sections contain the elements to estimate the loss/gain in transmitted pump
power due to the presence of the Stokes beam. Using Eq. (2.30) we calculated the maximum
XPM-induced frequency shift to be dλ ≈ 2.3 · 10−3 nm for a 100 mW Stokes beam.
Let us now consider the case of the pump spectrum being in a spectral region where the loss
is a linear function of the wavelength, with a positive slope of 0.2 dB/nm. Then the presence
of the Stokes beam will cause a spectral shift that leads to a loss (gain) on the pump beam
transmitted power, depending on the direction of the shift. The magnitude of this modulation is
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easily estimated:

0.2
dB

nm
· 2.3 · 10−3 nm = 4.6 · 10−4 dB.

Therefore the power modulation M induced by the coupling between nonlinear effects and the
fiber loss spectrum can be as high as:

M = 1− PXPM

P noXPM
= 1− 104.6·10−4/10 = 1.06 · 10−4

This intensity variations occur at the high frequency f of the Stokes beam modulation, and are
detected by the lock-in amplifier (described in Sec. 7.1).

To summarize, in this section we showed that even when no energy transfer between beams
is involved, the spectral shift induced by XPM coupled with fiber losses can generate a signal
at the modulation frequency f . From a practical point of view, this signal will constitute a
background in fiber delivered SRS microscopy and endoscopy and it is of primary importance.

7.3 Simulation of nonlinear pulse propagation

In order to simulate propagation in the Kagome’s hollow-core, and estimate the XPM-induced
modulation transfer, we will we use the split-step Fourier method, which was described in Sec.
2.6. We will first describe the field parameters, used to simulate propagation of a pump and
Stokes beam in the fiber, in conditions as close as possible to the experimental ones. Then we
will discuss the results obtained from the simulations.

7.3.1 Definition of the field

We describe the field as being composed by a Gaussian pulse (pump) and an hyperbolic secant
pulse (Stokes): as we will see later, this corresponds to the experimental situation. We shift the
spectrum so that it is centered on the pump central frequency, which leads to the following form
for input field:

Et = EP
0 · e(−2,77·t2/τP2)+iδt2 + ES

0 · sech2(t/τS) · e[i·2π·(νP−νS)·(t−tin)] (7.4)

where τP=1800 fs is the FWHM of the Gaussian pulse, and τS ≈ 1.76−1 · FWHMS, with FWHMS

= 2 ps. The initial time delay between pulses is set with the parameter tin. The frequencies νP

and νS are the frequencies of the pump and Stokes beam, found from the respective wavelengths
800 nm and 1031 nm using ν = c/λ (c = 3 · 108 m/s is the speed of light). The discretization of
the time axis is 3 fs while in the frequency domain it is 0.3 cm−1. The field propagates in 1 meter
of fiber, which is divided in 200 steps over which the effect of dispersion and nonlinearities are
computed. The parameter δ is an initial chirp term on the Gaussian pulse, that is used to match
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the time-spectral duration of the simulated pulse with the one used for experiment (7.7). The
Kagome dispersion is negative and low, for which we impose a value of β2 = −3000 fs2/m. This
value was chosen after comparison between the simulated and experimental zero-modulation
points, whose delay position depends on the group velocity mismatch between the pulses. Like
in Sec. 7.2, the nonlinear index is of air is taken as n2 = 3 · 10−23 m2/W, which gives a nonlin-
ear coefficient of γ = 1.07 · 10−6 (W ·m)−1 for a field with effective area Aeff = 220 µm2. Precise

Figure 7.5: The input field in the frequency (top) and time domain (bottom), for the case of pulses with
initial delay of 8 ps. The range on the frequency axis contains only the pump pulse.

modeling of propagation in the fiber would require the computation of the exact mode in the
Kagome with a Finite Element Method (FEM) calculation [111, 93], to take into account the
exact beam shape and the portion of field that is coupled in the glass structure. Here, we will
simulate the case where a Gaussian beam, having the size of the field in the Kagome core, is
propagating in air. In a work from 2004 [93], the comparison of computational and experimen-
tal results on soliton propagation in a HC-PBG fiber, drew the authors to the conclusion that the
glass structure surrounding the core is contributing to the nonlinear index. If such is the case,
the nonlinear spectral broadening would be even more important than the one we compute
here.

7.3.2 Results of the simulations

XPM induces a modulation through the frequency dependent losses of the fiber. Such losses
are computed at the end of propagation, where S(ν) and Sloss(ν) are the input and exit spectra
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Figure 7.6: Fractional modulation obtained by the simulations as a function of the pulses’ initial delay,
for different loss spectrum profiles. From top to bottom: negative and positive linear curves (0.3 db/nm),
negative linear until ν = 0 then flat, Gaussian centered on pump spectrum. Negative time delays mean
that the 1031 nm beam is leading in the fiber.
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of the pump beam propagating within the fiber. This is done by accounting for spectral losses
lossdB(ν) as:

Sloss(ν) = S(ν)/10(lossdB(ν)/10) (7.5)

The spectrum is then integrated over the pump pulse bandwidth, in order to find its total energy
P pump

out after propagation. The modulation induced by XPM is then found as the difference
between P pump

out in the SPM case (only pump pulse in the fiber) and the XPM case (with the
Stokes pulse).

We show here a simulation of the fractional modulation induced by XPM as a function of the
relative delay between pulses, for different fiber loss spectrum shapes (Fig. 7.12). Negative time
delays mean that the 1031 nm beam is leading in the fiber, while positive time delays have the
800 nm beam leading. Therefore, negative time delays correspond to an XPM-induced blue-shift
in the 800 nm spectrum. The delay-dependence of the modulation is due to the XPM asymmetric
spectral broadening (see Fig. 2.3). In fact, the transmitted energy changes when we take into
account the fiber losses, leading to dispersive-like line shapes in certain cases. These include the
cases of a linear profile with slope≈ 0.3 dB/nm. The modulation curve as a function of the delay
is reversed when the slope changes sign. The modulations are on the order of 10−6 and have a
local maximum and one minimum when the frequency shift is maximized. For linear loss curves
we could expect no total energy change when the spectral broadening is perfectly symmetric.
This point lies somewhere near −1 ps, because of the group velocity mismatch between the two
pulses in the fiber. When the loss spectrum is flat on one side, we still have a positive, then
negative modulation as a function of the delay.

We consider also the case in which the pump beam is centered on a local maximum of the loss
spectrum, described by a Gaussian loss profile concave downward. In this case any broadening
is expected to lead to a gain in the total transmitted energy. The curve of the modulation
vs delay shows a global maximum, centered at the delay point giving maximum broadening,
follow by two local minima corresponding to negative modulation (loss). This might be due
to an interplay of SPM and XPM effects. Simulations were also performed in the case of a flat
transmission spectrum, giving rise to very small modulations, on the order of 10−15 (data not
shown).

7.4 Experimental setup

We performed the experiment with the picoEmerald system (APE GmbH) for SRS spectroscopy
and microscopy. This system provides a user-friendly, software controlled and an all-in-a-box
platform for SRS experiments, removing the complexity often associated with the development
of such setups. The excitation beams are spatially overlapped at the laser output. The delay
control and high frequency beam modulation (f= 20 MHz) both happen inside the laser box

126



7.4. EXPERIMENTAL SETUP

and can be controlled by the software.
The picoEmerald delivers two synchronized pulsed trains of 2 ps pulse duration and 80 MHz

repetition rate. This pulse duration is a good compromise between high peak power and good
vibrational resolution (∆ν < 10 cm−1). The Stokes beam (1030 nm), generated by a fiber laser,

Figure 7.7: Intensity autocorrelation and spectrum of the pump beam at 800 nm (top row) and of the
Stokes beam (bottom row).

is frequency doubled and used to pump the OPO, which delivers the tunable pump beam. The
OPO acts as a low-pass filter for laser noise, which can be strong for fiber lasers, ensuring that
the pump beam is shot noise limited at high frequencies. Inside the laser box an electro-optical
modulator (EOM) synchronized with the laser can be activated, providing a modulation at 1/4

the repetition rate. When the phase of the EOM is properly adjusted, the Stokes beam consists
of two pulses "on" and two pulses "off" (Fig. 7.8). A mechanical delay line on the Stokes beam
allows for precise control of the beams temporal overlap. The beams generated are spatially
overlapped at the picoEmerald exit: the alignment can be controlled, with the aid of a TPA1

sensitive detector, or manually by acting on two mirrors that are placed inside the box. For
coupling inside the fiber we first align the pump and then optimize the Stokes coupled power
by aid of the two mirrors. In order to control the temporal overlap at the fiber output, we use a
cross-correlator (pulseCheck USB, APE GmbH).

1Two-photon absorption.
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Figure 7.8: Experimental setup for the measurement of XPM signal generated in the Kagome hollow-core
fiber.

7.4.1 Lock-in detection

After propagation in 1 m of Kagome fiber, the Stokes beam is filtered using two laser line filters
centered at 1030 nm. The pump beam is enlarged with a negative lens to overfill the detector’s
sensitive area. The detection at the EOM modulation frequency (20 MHz) in the pump beam
is done by the APE Lock-in Amplifier (LIA), an integrated module for detection and locked-
in amplification. Developed for fast-imaging applications, the detector allows for very short
integration times (100 ns to 20 µs). During these experiments we will use an integration time of
20 µs, which gives the highest SNR. The waveform that modulates the Stokes beam is sent to the
lock-in amplifier, which extracts the signal at that frequency. The output of the lock-in amplifier
consists of an amplitude and a phase. The phase is very important because it defines whether
the intensity variation of the pump beam is a loss or a gain. In order to adjust the phase to the
right value we let a very small portion of the modulated Stokes beam (≈ 1 µW) on the detector,
and adjust the phase in order to maximize the positive signal. This synchronizes the phase of
the lock-in to the beam modulation.
The lock-in output consists of a signal that can go up more than 1 V. Special care has to be taken
for this high values because saturation of the detector might be approaching. In such a case the
post-amplification (postAmp) of the detector and the gain might be reduced.
From the output signal, we can retrieve the fractional modulation in the pump beam using the
equation:

∆IP/IP =
SignalLIA

K · P det
(7.6)
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where K= 500 mV/µW = 5 · 105 mV/mW is a constant of the LIA, valid in conditions of max-
imum gain (43.5 dB) and post amplification on. It defines the output signal in mV per µW (or
mW) of modulation. P det is the pump power incident on the detector, and should be kept lower
than 50 mW to avoid saturation.

7.5 Experimental results

Using the setup shown in Fig. 7.8 we measured the modulation induced by co-propagation of
the beams in the Kagome fiber. The output signal was read and noted together with the pump
power incident on the detector, which allowed us to retrieve the fractional modulation through
Eq. (7.6). Whenever the lock-in signal would go to saturation and gain had to be reduced, we
measured a scaling factor between the signal at maximum gain and post-amp ON (where Eq.
(7.6) holds) and the signal at lower gain. This allowed us to estimate the fractional modulation
for different gain levels.

7.5.1 Spectral scan

We first performed a wavelength scan over the vibrational spectrum spanning from 1200 cm−1

to 3100 cm−1. For this we used the tunable OPO pump beam. We adjusted the delay between
the two beams in order to keep them overlapped at the fiber output, which was checked with the
cross-correlator. The output Stokes average power was 40 mW, which has to be multiplied by a
factor 2 when calculating the peak power, in order to account for the modulation at 20 MHz.

The fractional modulation measured for wavelengths from 780 nm to 920 nm is shown in
Fig. 7.9. The logarithmic graph shows that the absolute modulations are on the order of 10−6

or less, except for two points at Ω = 1550 cm−1 and Ω = 2330 cm−1. These are the vibrational
energies of oxygen and nitrogen [87], which are two most abundant molecular species in air.
This suggests that the modulation is caused by the excitation of molecular vibrations in O2

and N2, which causes a depletion in the pump beam through SRS. This is consistent with the
negative sign of the modulation, whose magnitude is on the order of 10−4 (Fig. 7.10). Gas-filled
hollow-core fibers have been widely employed in recent years for Stimulated Raman Scattering,
because they allow for high beam confinement (few microns) over long interaction lengths (the
fiber length) [8]. This reduces the threshold powers for stimulated Raman conversion, so the
detection of an SRS signal from O2 and N2 at atmospheric pressure comes with little surprise.
The output pump power at the fiber exit was found to be highly wavelength dependent, from

an initial value of 116 mW at 780 nm, to a minimum of 71 mW at 905 nm and a maximum of
250 mW at 888 nm. We indirectly measured it for each wavelength, by measuring the power
of the light reflected by the neutral density filter in front of the detector. This would give
us the incident power on the detector as well, in order to keep it lower than 50 mW and to
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Figure 7.9: Fractional modulation in the air filled Kagome fiber, reflecting the SRS signal from oxygen
and nitrogen (left) and absolute fractional modulational in log scale to highlight the orders of magnitude
(right).

Figure 7.10: Modulation as a function of the delay at the SRS resonance of O2 (1550 cm−1).
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use its value to calculate the fractional modulation. The output pump power from 780 nm to
815 nm is shown in Fig. 7.11. This power changes might be due both to the fiber loss spectrum

Figure 7.11: Transmitted power of the pump beam from the Kagome fiber as a function of the wavelength.
Dashed lines indicate the four wavelengths where a measurement of the modulation vs delay has been
performed (see Fig. 7.12)

and to fiber coupling effects. However, knowing the pointing stability of the laser pump beam
(< 100 µrad / 100 nm), we rule out any change in the coupling conditions and attribute this
pump transmission power dependency to fiber losses only.

7.5.2 Non-resonant modulation

When the wavelength difference between the pump and Stokes beams is not matching the vi-
brational resonances of O2 and N2, we still detect a modulation in the pump beam on the order
of 10−6 (Fig. 7.9), which is consistent with the results from the simulations. The shape of the
modulation, as a function of the delay between the pulses is shown in Fig. 7.12. In three cases,
the modulations follow the dispersive-like shapes that we saw occurring in simulations when the
loss spectrum had a positive-only (or negative-only) gradient. The sign is reversed for the pump
beam at 789 nm. The modulation at 811 nm has a positive-only shape, with a peak at the same
position where the SRS signal from O2 was maximized (Fig. 7.10). This is probably the delay
position where the interaction between pulses is maximized. The origin of the shape might be
due to a local maximum in the loss spectrum, which causes any broadening (red or blue-shift)
to result in a positive modulation (analogous to the simulation results in Fig. 7.6d).

It is interesting to analyze the results illustrated in Fig. 7.12 in sight of the transmitted power
levels of Fig. 7.11. Indeed we see that for point (1), 780 nm the spectral losses increase (trans-
mitted power decrease) for lower frequencies (higher λ). This corresponds to the simulation
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Figure 7.12: Detected signal as a function of the two delay between pulses. The time convention is the
same as for simulations: negative time delay means that the 1031 nm is leading in the fiber. See Fig.
7.11 for the spectral loss profile associated with each curve (1)-(4).
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of Fig. 7.6b. The same situation holds at 800 nm (point (3)), where the pump output power
decreases at 801 nm, while it is more flat at 799 nm. This situation resembles the case of Fig.
7.6c. Regarding point (2), we see that at higher frequencies (788 nm) the losses are higher,
while they decrease for lower frequencies (790 nm). This situation is the one of Fig. 7.6a.
We can see that in points (1)-(3) the shape of the curve follows the one predicted by simulations,
if we take into account the spectral losses given by Fig. 7.11.
Regarding point (4), the transmitted pump power is in a local maximum of the loss spectrum.
The measured curve has a positive peak and doesn’t take on negative values, which, on the other
hand, appear in the simulations (Fig. 7.6d). Apart from this discrepancy, the shape of the curves
seem in agreement with each other.

It is important to point out again that, if SRS between the pump and Stokes beam would
take place, the detected signal would have negative sign only, like for the O2 resonance (where
the pump is depleted by SRS, see Fig. 7.10). So these modulations must originate from some
other effect. We think that this is indeed an XPM-induced modulation transfer, mediated by the
frequency-dependent loss spectrum of the Kagome fiber.

7.6 Conclusions and perspectives

In the present chapter we have studied the problem of the transfer of modulation from pump
to Stokes beam occuring in Kagome HC fibers. Picosecond pulses provide the spectral resolu-
tion necessary for spectroscopic analysis. Spectral resolution can be obtained with femtosec-
ond pulses by means of a technique such as spectral focusing [57]. However, the study of the
background-generating effects, occurring with picosecond pulses, is a necessary step in sight of
Kagome based SRS endoscopy.

We have carried out numerical simulations and experiments, that indicate that the frequency
dependent losses of the fiber are responsible for an induced modulation. While not being a
proper SRS signal, this can be interpreted as such when performing SRS measurements after a
HC fiber, since it carries the high-frequency modulation f of the Stokes beam. Some strategies
can be envisioned for background reduction. One could rely on the use of top-hat shaped pulses
(see for example [4]). In such pulses, the central part of the pulse temporal profile is flat. A zero
intensity gradient means would generate no spectral broadening, for most of the pulse energy.
Another approach could be similar to the SRGold principle [10], which is based on two beams
to counterbalance the spurious effects inducing transfer of modulation. In such a case, one
could think of using the idler beam as a mirror pulse to the pump, with respect to the Stokes
pulse position: when the pump is leading, the idler would be trailing. In this case, the pump
negative intensity gradient seen by the Stokes, and the relative nonlinear phase shift, would be
counterbalanced by the positive gradient of the idler pulse. Such a scheme would require two
independent delay controls on the pump and Stokes, and a sufficiently broad and well-placed
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(centered on the 1030 nm) transmission window from the Kagome.
The order of magnitude of the background from the Kagome is 10−6, with typical modulation

values in SRS microscopy and spectroscopy being on the order of 10−5−10−6. We do not expect
it to reduce the sensitivity of the system, if the laser noise figure is at shot-noise at 20 MHz. This
background can be subtracted from the total signal. However, being wavelength dependent, it
will require a pre-calibration when doing spectroscopy.
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In this thesis we have proposed a new approach to the problem of pulse delivery for nonlinear
endoscopy. The use of hollow core fibers had been previously explored, but only to a limited
extent, because of certain drawbacks of photonic bandgap (PBG) fibers. These include a limited
spectral transmission window and a very steep group velocity dispersion curve. The Kagomé
fiber design, used in this thesis, overcomes the limitations of PBG fibers for pulse transmission.
It allows the delivery of ultrashort pulses (100 fs) with minimal distortion over a broad trans-
mission window. This removes the necessity for more or less complicated pre-compensation
mechanisms and offers great spectral flexibility in excitation. Moreover, it is not affected by
the overwhelming FWM background that is generated in solid-core fibers, the main obstacle to
CARS endoscopy so far.

Using a Kagomé double clad fiber, designed and produced in IRCICA (Lille, France), we
developed a compact and miniature system for multimodal endoscopic imaging. Tight focusing
at the Kagomé exit was made possible thanks to the inclusion of a silica micro-bead into the
fiber core. The device, based on the resonant scan of the fiber tip with a piezo-electric tube, can
achieve large FOVs (> 300 µm), with low driving voltages (±15 V) and sub-micrometer spatial
resolution. A miniature lens assembly, composed of commercially available micro-lenses (2
mm diameter), was developed to focus the excitation beams on the sample with low chromatic
aberrations.

This device is capable of activating different contrasts, such as TPEF, SHG and CARS, with
excitation pulse delivery and signal collection performed by the same fiber. The integration
of these nonlinear contrasts in the same device was made possible by the properties of the
Kagomé, and represents an important innovation in the field. It allowed us to perform label-free
CARS and SHG endoscopic imaging of biological tissues ex-vivo. With possible developments in
the fiber design, such as the enlargement of the transmission window, we expect to reach the
necessary sensitivity to detect the TPEF emitted by endogenous fluorophores in tissues.

The integration in a miniature and portable probe was made possible by a collaboration with
the XLIM institute (Limoges, France). The 4.2 mm diameter probe gathered in a portable device
all the imaging elements, previously used in an open-space configuration. This first version was
unfortunately affected by optical aberrations, due to an angle between the fixed fiber and the
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optical axis. This affected the probe sensitivity and the overall imaging quality. However, CARS
images of tissues were obtained in endoscope modality, the first time for a clinically compatible
endoscope. Strategies to reduce the aberrations are being considered, for future versions of the
probe. Such a sensitive, portable probe, will inevitably lead us to in-vivo imaging applications.

The last chapter was dedicated to the delivery of picosecond pulses for SRS imaging, and the
investigation of the background generated in a Kagomé fiber. We have seen that a modulation
transfer occurs, because of a coupling between nonlinear effects and the non-flat spectral trans-
mission profile of the fiber. This is a wavelength dependent background, whose magnitude is on
the order of the signals typically detected in SRS microscopy. However, when the laser system
is at the shot noise limit, we expect this background not to be compromising in terms of SRS
sensitivity. Understanding the mechanism behind the generation of this background was very
important, in sight of the future implementation of SRS in the Kagomé DC imaging probe.
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Abstract

Nonlinear optical microscopy (NLOM) is a very powerful tool for live tissue imaging. It
does not require staining of the samples and offers high spatial resolution and molecular
specificity. Thanks to the combination of different nonlinear contrast mechanisms, such
as two-photon fluorescence (TPEF), second harmonic generation (SHG) and coherent anti-
Stokes Raman scattering (CARS), NLOM is now emerging as a serious candidate for fu-
ture in-vivo label-free optical histology. However, the translation of nonlinear imaging into
clinics depends very much on the development of miniature and portable endoscope probes.
One main issue is represented by the transmission of the excitation ultra-short pulses with
optical fibers. Pulse propagation in classical silica fibers is affected by a number of prob-
lems, such as temporal and spectral broadening, or generation of a strong background at
the CARS wavelength. In this thesis, we propose the use of a novel type of photonic crystal
fiber, the Kagomé lattice hollow core fiber, for the delivery of ultra-short pulses in nonlinear
endoscopy. These fibers allow undistorted pulse delivery, over a broad transmission win-
dow, with minimum background signal generated in the fiber, thanks to the propagation in
a hollow-core. We solved the problem of spatial resolution by means of a silica micro-bead
inserted in the Kagomé fiber large core. We have developed a miniature imaging system,
based on a piezo-electric tube scanner, an achromatic micro-lenses assembly and a custom
design Kagomé double-clad fiber. With this system we were able to image biological tissues,
in endoscope modality, activating different contrasts such as TPEF, SHG and CARS, a re-
sult which finds no equal in current literature. The integration in a portable probe (4.2 mm
in diameter) shows the potential of this system for future in-vivo multimodal endoscopy.

Key words: Nonlinear optical microscopy; endoscopy; micro-structured optical fibers;
Kagomé fibers; ultrashort pulse delivery; deep tissue imaging; coherent Raman scattering.



Résumé

La microscopie optique non linéaire (NLOM) est aujourd’hui un outil important pour
l’imagerie des tissus en temps réel. Elle ne nécessite pas du marquage des échantillons
et offre haute résolution spatiale et spécificité moléculaire. À l’aide de la combinaison de
différents mécanismes de contraste non linéaires, tels que la fluorescence à deux photons
(TPEF), la génération de seconde harmonique (SHG) et la diffusion anti-Stokes Raman
cohérente (CARS), la NLOM se présente un candidat pour l’application à l’histologie op-
tique sans marquage. Cependant, le transfert de l’imagerie non linéaire dans les hôpitaux
dépend fortement du développement de sondes endoscopiques flexibles et miniaturisées.
La transmission des impulsions ultra-courtes, avec des fibres optiques, est l’un des prin-
cipaux problèmes à régler. Il existe des nombreux effets liés à la propagation des impul-
sions dans les fibres de silice classiques, tels que l’élargissement temporel et spectral, ou la
génération d’un bruit de fond à la longueur d’onde CARS. Dans cette thèse, nous proposons
l’utilisation d’un nouveau type de fibre à cristal photonique, la fibre Kagomé à coeur creux,
pour la livraison d’impulsions ultra-courtes en endoscopie non linéaire. Ces fibres permet-
tent la livraison d’impulsions sans distorsion sur une large bande spectrale, avec un faible
bruit de fond, grâce à la propagation dans le coeur creux. Nous avons résolu le problème
de la résolution spatiale, à l’aide d’une microbille en silice, insérée dans le coeur de la fi-
bre Kagomé. Nous avons développé un système d’imagerie compacte, qui utilise un tube
piezo-électrique pour le balayage du faisceau, un système achromatique de microlentilles
et une fibre Kagomé double gaine, spécialement conçue pour l’endoscopie. Avec ce système,
nous avons réussi à imager des tissus biologiques, à l’extrémité distale de la fibre, en util-
isant des différentes techniques tels que TPEF, SHG et CARS, un résultat qui ne trouve
pas égale dans la littérature actuelle. L’intégration dans une sonde portable (4,2 mm de
diamètre) montre le potentiel de ce système pour de futures applications en endoscopie
multimodale in-vivo.

Key words: Microscopie optique non-lineaire; endoscopie; fibres optiques micro-structurées
; fibres Kagomé; livraison des impulsions ultra-courtes; imagerie des tissus en profondeur;
diffusion Raman cohérente.
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