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Double clad hollow core fibers for nonlinear
micro-endoscopy

Dylan Septier

Abstract

This thesis presents the development of a highly multimodal flexible nonlinear
micro-endoscope. It is based on a negative curvature hollow core fiber, allowing the
delivery of ultrashort and intense optical pulses over a wide spectral band without
significant temporal nor spectral distortion. A large silica double clad, guiding via a thin
layer of low index polymer, surrounds the microstructure and enables the nonlinear
signals to be collected and back propagated through the same fiber as the excitation
source. The fiber distal tip is functionalized by addition of either a silica bead inserted
into its hollow core or a graded index fiber spliced to its endface, allowing to significantly
reduce the mode size at the fiber output. Scanning over an area of several hundreds
of microns is provided by a doubly resonant piezoelectric tube attached to the fiber
tip to create a spiral scan. Along with a fixed objective, it is encased inside a 3 mm
large bio-compatible steel tube, making for a compact endoscope head. Endoscopic
imaging of biological tissues, including fresh and unlabeled samples, is demonstrated
for the first time using three photon excited fluorescence (3PEF), as well as two photon
excited fluorescence (2PEF), second (SHG) and third (THG) harmonic generation, and
coherent anti-Stokes Raman scattering (CARS). This system is currently commercial-
ized by Lightcore Technologies. A new scheme is also proposed for the separation of
excitation and collection signals, based on a hollow-core double clad fiber coupler.
Two different glass materials are used, making the fabrication possible, even with a
fusion step, without affecting the hollow microstructure. Performances up to 70 % of
the currently used scheme are measured, and images of unstained biological tissues are
presented to demonstrate its applicability in nonlinear endoscopy.






Fibres creuses a double gaine dédiées ala
micro-endoscopie non-linéaire

Dylan Septier

Résumé

Cette these présente le développement d'un micro-endoscope non-linéaire flexible
et fortement multimodal. Il est basé sur une fibre optique a coeur creux a courbure
négative qui rend possible le déport d'impulsions trés courtes et intenses pour une
gamme étendue de longueurs d’onde, sans distorsion temporelle ni spectrale significa-
tive. Une large double gaine de silice, guidant grace a une fine couche de polymere
de bas indice, entoure la microstructure et permet de collecter et contre-propager les
signaux non-linéaires par la méme fibre que la transmission du signal source. Afin
de diminuer grandement la taille du mode en sortie de fibre, son extrémité distale
est fonctionnalisée soit par I'insertion d'une bille de silice dans son cceur, soit par la
soudure d'une fibre a gradient d’indice. Une surface large de plusieurs centaines de
microns est scannée grace a un tube piezo-électrique doublement résonant attaché a la
fibre et donnant lieu a un profil en spirale. En plus d'un micro-objectif, il est inséré dans
un tube métallique bio-compatible de 3 mm de large, formant une téte endoscopique
compacte. Des images endsocopiques de tissus biologiques, dont des échantillons frais
et non marqués, sont démontrées pour la premiere fois en utilisant la fluorescence par
absorption a trois photons (3PEF), mais également la fluorescence par absorption a
deux photons (2PEF), la génération de seconde (SHG) ou troisieme (THG) harmonique,
et la diffusion cohérente Raman anti-Stokes (CARS). Ce systeme est actuellement en
cours de commercialisation par Lightcore Technologies. Une nouvelle méthode de
séparation des signaux d’excitation et de collection est également proposée, basée sur
un coupleur de fibre creuse a double gaine. Lutilisation de deux verres différents rend
la fabrication possible, méme avec une étape de fusion, sans affecter la microstructure
creuse de la fibre. Des performances jusqu’a 70 % du systéeme utilisé actuellement sont
mesurées et des images de tissus biologiques non marqués sont obtenues, démontrant
les possibilités d’application pour I’endoscopie non-linéaire.
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Introduction

The fast evolution of laser sources initiated the development of nonlinear optics in
numerous fields. Concerning biological imaging, nonlinear optical microscopy (NLOM)
has emerged in the 1990’s [1], and has been the subject of growing interest ever since[2—
4]. Ultrashort, typically sub-picosecond, pulses allow to trigger a nonlinear response of
the material by reaching high peak power [5], while maintaining a low average power,
avoiding photobleaching and damage to the tissue. Because of the high power density
required to generate nonlinear effects, a response is inherently localized at the focal
spot of the laser. When applied to the imaging field, this localization leads to a higher
spatial resolution and an intrinsic optical sectioning. Additionally, typical excitation
wavelengths are located in the near infrared (NIR) spectral region, causing a deeper
penetration than linear techniques [6]. NLOM also presents a chemical specificity, as
a particular electronic or vibrational state can be addressed with a certain nonlinear
effect, enabling label-free interrogation of biological tissues.

Several effects can be used individually to image a particular structure or combined
in a single multimodal device. The main nonlinear effects are the following : two photon
excited fluorescence (2PEF), three photon excited fluorescence (3PEF), second harmonic
generation (SHG), third harmonic generation (THG), stimulated Raman scattering
(SRS) and coherent anti-Stokes Raman scattering (CARS). Endogenous fluorophores,
addressable by one or several of these, are present in various biological tissues. For
instance, type I collagen emits a strong SHG signal [7], whereas CH, and CHjs vibrational
bonds can be probed using CARS [8], making it a prominent tool for the study of lipids.

Advances in NLOM, and its valuable benefits, granted it an increasing interest as
an alternative to traditional histology that could benefit many fields, including early
cancer diagnosis [9-11] and neuronal studies [10, 12]. Furthermore, nonlinear imaging
effects fulfill all the requirements for in vivo analysis. Many clinical situations would
benefit from such a probe, for instance during tumor removal surgery. However, NLOM
are generally bulky tabletop microscopes, not suited for intraoperative inquiries. To
integrate these devices into a miniature endoscope, the main issue is the delivery of
high peak power ultrashort pulses in several meter-long optical fibers. Indeed, temporal
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and spectral broadening occur when propagating in conventional fibers, caused by
group velocity dispersion and nonlinear effects respectively. To overcome this draw-
back, pre-compensation schemes have been employed [13-16], though they make the
setup remarkably more complicated, and leads to restrictions on the spectral range of
excitation sources. Propagation in air, rather than silica in conventional fibers, would
avoid these issues. It was made possible with the rise of hollow core fibers (HCFs)
[17], firstly reported with a photonic band gap microstructure. Although, the group
velocity dispersion of these fibers is still relatively high, and transmission band too
narrow to allow multimodality. Later reports have seen the development of other HCFs,
first Kagomé fibers [18, 19], then negative curvature fibers (NCF) [20-22], with wide
transmission bands and very low dispersion. Additionally, NLOM miniaturization also
requires a scanning mechanism and a collection system that must be integrated in the
full scheme to complete the endoscope, as well as a separation instrument for excitation
and collection signals.

These issues, particularly concerning the pulse delivery through optical fibers have
made difficult the realization endoscopes capable of performing 3PEF because of the
high peak power it requires [23-25]. Nevertheless, it provides an improved spatial
resolution and imaging depth under the tissue surface, as it was demonstrated in NLOM
[26-32].

Chapter 1 briefly describes the nonlinear interactions and different imaging modal-
ities with their respective applications. This description is voluntarily not realized in
depth as theoretical matters have already been detailed. Requirements for nonlinear
imaging effects generation and miniaturization are then outlined. Particularly, the is-
sues of fiber delivery for short and/or intense pulses is detailed, along with the different
reported pre-compensation methods. A state-of-the-art of scanning mechanisms and
collection arrangements for nonlinear endoscopy is summarized with attention to their
applicability to the desired endoscope scheme.

Chapter 2 is dedicated to the endoscopic hollow core fiber. Design of the fiber
microstructure is presented, with simulations to determine the geometrical parameters,
providing optimal performances for nonlinear endoscopy applications. A particular
attention is given to the transmission bands position, the propagation losses, and the
group velocity dispersion. We then depict the fabrication process and full characteri-
zation of the fiber, again emphasizing on the transmission properties. Pulse duration
measurements are realized as well to ensure no temporal broadening is induced during
propagation. Finally, attention is given to the double clad of the fiber, designed to collect
the nonlinear signals and propagate them to the proximal end of the fiber.

Chapter 3 describes the endoscope assembly, detailing every element. Two options
of distal functionalization of the fiber are proposed, based either on a silica bead or

2



Introduction

GRIN lens, to reduce the large optical mode size at the fiber output, leading in term
to aresolution enhancement. Correspondingly, two micro-objectives fixed inside the
endoscopic head are proposed and specifically chosen to be coupled with each of the
functionalization methods mentioned above. Their purpose is to further reduce the
spot size and enhance the working distance of the endoscope. A piezoelectric tube is
adjoined inside the endoscope head, and its driving signals are detailed, producing
an expanding spiral pattern. An active breaking following this expansion, allowing to
decrease the acquisition time of each image, is reported as well. Finally, performances
of the two endoscope designs are compared against each other to determine the best
suited for our requirements.

Chapter 4 provides a comparison of 2PEF and 3PEF imaging, highlighting the im-
provements in spatial resolution, optical sectioning and signal-to-noise ratio (SNR)
provided by 3PEE The different acquisition parameters, particularly averaging and ac-
quisition rate, are portrayed, including image comparisons. We demonstrate nonlinear
imaging of several biological tissues, fixed or fresh and stained or unlabeled, using
2PEE 3PEE SHG, THG and CARS to emphasize on the multimodality of the fabricated
endoscope.

Chapter 5 investigates the separation of excitation and collection channels, prop-
agating respectively inside the hollow core and silica double clad of the endoscopic
fiber. A hollow core double clad fiber coupler design is proposed as a replacement for
the dichroic mirror based setup previously used. It provides a simpler and more robust
scheme, much more suitable to intraoperative applications. The fabrication process,
including fusion of the fibers is achieved by combining a borosilicate glass multimode
fiber to the silica double clad hollow core fiber. Afterwards, we adjust the coupler pa-
rameters with successive fabrication and characterization until optimal performances
are attained. We assemble a full endoscope on the fabricated coupler and demonstrate
2PEF and SHG imaging, even on unlabeled biological tissues.







Chapter 1

Nonlinear optical endoscopy (NLOE)

Nowadays, microscopes are widely used across the world, and have become as
common as they are necessary, especially in the biological field. The study of living cells
is strongly dependent on imaging through optical microscopes and their performances,
but applying classical microscopy techniques to the investigation of their dynamic
behavior is not a straightforward process. Therefore, live imaging systems have emerged
to be of high importance. Although linear imaging is still the most common technique,
nonlinear optical microscopy (NLOM), since its first implementation in 1990 [1], has
grown in popularity for its numerous advantages including deep tissue penetration, high
resolution, fast scanning, label-free, and quantitative dynamic imaging of biological
tissues. Moreover, different nonlinear microscopy techniques can be implemented in a
single setup enabling to simultaneously image different structures inside a biological
tissue in a so-called multimodal microscope. Nevertheless, applying NLOM to in-vivo
imaging presents a major drawback as these nonlinear imaging setups are bulky tabletop
microscopes, not suited for intraoperative measurements.

Fiber-based endoscopes, with light sent through an optical fiber, has been widely
used in medical diagnosis since its first realization in 1958 [33]. The ideal solution
in implementing NLOM setups to real-time in-vivo imaging lies in these endoscopic
techniques, keeping bulky optics at the proximal end of the fiber and leaving the distal
end free of movements to be used as a portable probe. However, nonlinear signal
generation requires high intensity excitation. Therefore, the endoscope must be able to
deliver high power ultrashort pulses which is not compatible with classical fibers. An
overview of the different nonlinear processes that can be combined in a multimodal
NLOM will be presented in the first part of this chapter. The second part will present
the major issues in the propagation of high power short pulses in optical fibers. The
third part will introduce the requirements to miniaturize microscopy setups into flexible
micro-endoscopes.




CHAPTER 1. NONLINEAR OPTICAL ENDOSCOPY (NLOE)

1.1 Nonlinear imaging

1.1.1 Nonlinear light/matter interaction

To understand the basics of nonlinear light/matter interaction, we will henceforth
consider the materials to be isotropic. For a simple description, it is sufficient to simplify
the medium as made of positive and negative charges (ions and electrons respectively).
When an electric field E propagates in the medium, ions move in a direction and
electrons move in the opposite one, thus creating a dipolar moment. It is defined at the
atomic level by p = « E where a is the polarizability, and at the macroscopic level by
the electric polarization:

P=eoxE (1.1)
where y = Na is the susceptibility of the medium, N the number of polarizable atoms
per unit of volume, and ¢ the dielectric permittivity.

When sending an electric field to a dielectric medium, the reaction will become
nonlinear providing the electric field reaches a non-negligible value compared to the
inter-atomic field!. To achieve this, lasers delivering pulses with a duration under the
picosecond range (i.e. sub-ps pulses) have been used as it increases the peak power by
orders of magnitude compared to a continuous wave with the same average power. To
take into account the different orders of nonlinearity, the polarization of the medium
P(t) can be expanded as a Taylor series of the electric field E(?):

P =g VME® + yPE2 () + YV E3 (1) +..) = PL(t) + Pni(2) (1.2)

where yV is the linear susceptibility, y® and y® are the second and third order
susceptibility and so on. The polarization P(t) can then be broken down into linear and
nonlinear polarization terms as followed:

PL(t) = eoxVE(1) (1.3a)
Pai(t) =P E2 (0 + y O E3 () +..) (1.3b)

It should be noted that the polarization and electric field are here taken as scalar
quantities for a simpler description, but a full vectorial description is possible for a
deeper investigation [5].

ITypically about 10° — 10'° V/m in glasses.




1.1. NONLINEAR IMAGING

The nonlinear effects can be separated into two categories :

* Parametric effects refer to nonlinear effects for which the final electronic state is
identical to the initial one. The emission frequency for effects used in imaging is a
multiple of the excitation frequency.

* Non-parametric effects refer to nonlinear interactions for which the final elec-
tronic state is different from the initial one. The emission frequency is not a
multiple of the excitation frequency. Non-parametric effects need to be described
using a complex susceptibility [5]. For example, the third order susceptibility can
be expressed has :

3) — 3) ; 3
Y (w) =Re{y™ (@)} +i Im{y”” (w)} (1.4)

Finally, it is important to note that all even orders of the nonlinear susceptibility
are rendered null in materials presenting an inversion symmetry because all the mi-
croscopic contributions compensate each other at the macroscopic level. As a result,
some effects, like second harmonic generation (SHG) for example, can only occur in
non-centrosymmetric media.

1.1.2 Nonlinear fluorescence

The nonlinear fluorescence mechanisms are triggered by the simultaneous? interac-
tion of two or three photons with a molecule, usually done with a single excitation laser
source (i.e. photons then have the same energy).

Weye~
Wexc~rrp
S S
Wexcririrn~p A~~~ W AP (1)
exc em e em Wegenrd o Wer
e e, S
Wexcrrp
Weycrirn~>

Figure 1.1: Molecular energy diagrams for fluorescence processes: one (1PEF), two (2PEF) and
three (3PEF) photon excited fluorescence.

2For a quantum interaction, this means over a period of a fraction of femtoseconds (< 107!% s).
Over this period, the molecule can be in a virtual state (i.e. not an eigenstate) because of Heisenberg
uncertainty between time and energy.




CHAPTER 1. NONLINEAR OPTICAL ENDOSCOPY (NLOE)

Figure 1.1 is a schematic representation of the nonlinear fluorescence processes,
two (2PEF) and three (3PEF) photon excited fluorescence, compared to the linear one,
one photon excited fluorescence (1PEF). After absorption of the photons, the molecule
is in an excited eigenstate with many vibrational levels. Afterwards, a part of the energy
is transferred to the medium through vibrational relaxation, then the molecule returns
to the ground state, emitting a single fluorescence photon. As a result, the fluorescence
emission energy has to be smaller than the sum of the absorbed photons because some
of it is lost to non-radiative transitions. It causes a spectral shift between the absorption
and emission spectra, known as Stokes shift. For a more in depth analysis, the full
quantum description was done by Maria Goppert-Mayer in her PhD thesis in 1931 [34].

2PEF is an absorption effect, dependent on the resonant transitions of the material,
thus described by the third order nonlinear susceptibility y®), whereas 3PEF originates
from y¥®. Because non-radiative transitions are involved, 2PEF and 3PEF are non-
parametric effects, arising from the imaginary part of the nonlinear susceptibility.

The probability of 2PEF and 3PEF to happen is very low in ambient light conditions,
hence a very high photon flux is needed on the sample to generate a strong nonlinear
fluorescence signal. This condition is fulfilled using a pulsed femtosecond laser tightly
focused, which enhances the efficiency by a factor of ﬁ, where 7 is the pulse duration
and frep is the repetition rate, compared to a continuous wave (CW) with the same
average power. As an example, for the same average power, a pulsed excitation laser
with a pulse duration of 7 = 100 fs and a repetition rate of fz = 100 MHz will increase

the nonlinear fluorescence signal generation by a factor of 10° as compared to a CW.

Nowadays, 2PEF is widely used because a lot of fluorescent probes can be excited by
this effect. In fact, one major advantage of this technique is that it can exploit the same
fluorophores used in confocal microscopy, which makes its implementation a lot easier.
In addition, there is a variety of endogenous fluorophores that can be probed using
nonlinear fluorescence: elastin, keratine, flavoproteines, NAD(P)H, neurotransmitters
[35, 36]. These are naturally present in tissues which makes it possible to image cells
without the need to add an exogenous fluorophore to the sample, potentially disturbing
its physiology.

1.1.3 Sum frequency

Second (SHG) and third (THG) harmonic generation, like nonlinear fluorescence,
are instantaneous scattering processes and can be excited by a single laser source.
Nonetheless, they are very different procedures: SHG and THG are parametric processes,
which means that the initial and final quantum states are the same. The photons energy
and momentum are conserved, hence no energy is transferred to the material. Moreover,
sum frequency generation is solely mediated by virtual states.




1.1. NONLINEAR IMAGING
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Figure 1.2: Molecular energy diagrams for sum frequency processes: second (SHG) and third
(THG) harmonic generation.

As stated before, because the physical origin of SHG lies in the real part of the second
order susceptibility y®, it consequently happens only in materials without inversion
symmetry. THG, however originates from the real part of the third order susceptibility

3
®.

The mechanism behind SHG and THG is schematically represented on the energy
diagrams of figure 1.2. Two or three photons of the same energy, represented by their
frequency weyc, are annihilated to generate a photon of energy wem = 2 wexc (SHG) or
Wem = 3 Wexc (THG).

Some strong SHG emitters are naturally present in biological tissues, notably: colla-
gen fibrils [7, 37], myosin heads in muscle [38] and microtubules [39]. This makes SHG
imaging a very interesting feature to have in a multimodal nonlinear imaging setup.
On the other hand, THG is often used in the investigation of cell membranes [40, 41],
because THG is useful to image heterogeneities at a micrometer scale.

1.1.4 Vibrational imaging

Vibrational imaging is based on the molecular vibrations happening when atoms,
attached to each other by molecular bonds, oscillate in periodic and synchronous man-
ner. This oscillation can be simplified as a one dimension harmonic oscillator of masses
held together by springs [8]. Consequently, each chemical bond has a characteristic res-
onance frequency that depends on the atoms involved and the environment (equivalent
to the spring constant).
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Spontaneous Raman scattering

Sending visible or near-infrared (NIR) light on a material can spontaneously gen-
erate two different scattering processes: Rayleigh and Raman scattering. Both are
schematically represented on the molecular energy diagrams of figure 1.3 (a).

Rayleigh scattering: When photons are penetrating a medium made of molecules
whose size is much smaller than the wavelength associated with these photons, they
will keep their energy but their direction of propagation will be altered. The unchanged
energy, and therefore frequency, of the incoming photons causes this process to be
called elastic. Consequently, Rayleigh scattering induces scattering of photons in all
directions but with unchanged frequency.

Raman scattering: Conversely, Raman scattering is an inelastic process, as the
photon energy changes upon interaction with the medium. This is caused by an energy
transfer from the medium to the scattered photon, or from the incoming photon to
the medium (i.e. scattered light is blueshifted or redshifted respectively). Considering
a specific molecular bond of resonance frequency Qg, the frequency of an incoming
photon w can be changed to:

ws=w—Qpr (Stokes) (1.5a)
was =w+Qp (Anti-Stokes) (1.5b)

As schematically presented in the figure 1.3 (b), the Stokes process will cause the
scattered photons to be redshifted, whereas the anti-Stokes photons will be blueshifted.
Because of the Qg gap difference between excitation and emission frequencies, Raman
scattering is a non-parametric process, and derives from the imaginary part of the third
order nonlinear susceptibility y©®.

In principle, both Stokes and anti-Stokes scattering have the same efficiency. More-
over, because of the Boltzmann distribution, the probability for a particle to be in a state

of energy E is proportional to eWET, where kg is the Boltzmann constant and T is the
temperature. Hence, at room temperature, almost all population is on the fundamental
level because kg T is much smaller than the energy needed for the molecule to be on
the vibrational excited state, starting point for the anti-Stokes scattering process. For
this reason, the anti-Stokes process is far less probable to happen than the Stokes one.
In fact, spontaneous processes have a low efficiency compared to Rayleigh scattering.
For example, Raman scattering has a cross-section® 14 orders of magnitude lower than
the fluorescence one [35, 42], and only one out of 10° photons will be back-scattered,
making it hardly applicable for microscopy. Using coherent Raman scattering instead

3Probability for a process to happen upon interaction.
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Figure 1.3: (@) Molecular energy diagrams for Rayleigh and Raman scattering. (b) Schematic
representation of the scattered photons energy.

will present the advantages of greatly improving the efficiency as well as allowing to
probe a specific molecular bond.

Coherent Raman scattering

Unlike the spontaneous processes, in coherent Raman scattering (CRS), two laser
beams, at two different frequencies, are sent to the medium: they are typically called
pump and Stokes, with frequencies wp and ws respectively. These beams will interfere
and produce a beating at frequency Q = wp — ws. If it matches the resonant frequency of
amolecular bond (i.e. Q = Qg), then the vibration of this bond will be greatly enhanced
compared to other ones. Moreover, if light is sent to the sample in a coherent fashion,
all bonds identical to this one will oscillate in phase, enhancing even more the scattered
light. Using this method for microscopic purposes can improve cross-section by 6 orders
of magnitude compared to spontaneous Raman scattering [42]. CRS leads to the creation
of new fields, originating from the nonlinear polarization induced by interaction of the
pump and Stokes fields with the material nonlinear third order susceptibility y©® [8].
The four major CRS processes and the associated frequencies are the following:

SRL (Stimulated Raman loss) ws=wp—Qpg (1.6a)
SRG (Stimulated Raman gain) wp=ws+ Qg (1.6b)
CARS (Coherent anti-Stokes Raman scattering) was=wp+Qr=2wp—-ws (1.6¢)
CSRS (Coherent Stokes Raman scattering) wes=ws—Qr=2ws—wp (1.6d)

The firs two processes generate fields that interfere with incident ones (pump and
Stokes), and leading either to a depletion of the pump beam, called stimulated Raman

11
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Figure 1.4: Molecular energy diagrams for coherent Raman scattering: stimulated Raman
scattering (SRS), coherent anti-Stokes Raman scattering (CARS), and four wave mixing (FWM)

loss (SRL), or a gain in the Stokes beam, called stimulated Raman gain (SRG), and
are grouped under the appellation of stimulated Raman scattering (SRS). The third
process presented in equation 1.6 induces the creation of an anti-Stokes radiation
and is therefore called coherent anti-Stokes Raman scattering (CARS). SRS and CARS
molecular energy diagrams are presented in the figure 1.4. Finally, the fourth process,
coherent Stokes Raman scattering (CSRS), is rarely used in imaging applications because
the scattered radiation is redshifted with respect to the excitation beams. The emission
would then usually be in the NIR, away from the spectral window where most signals
are detected in such a multimodal imaging setup (around 400 to 700 nm), and where
detectors are less sensitive. This process will consequently not be investigated further
here.

CARS can be applied to spectroscopy by changing the frequency of one of the
excitation fields over a certain spectral range, thus scanning the vibrational spectrum
of molecules. On the other hand, CARS can also be used in microscopy by tuning
the frequency difference between pump and Stokes so that it matches the resonant
frequency of a targeted molecular bond. The vibration then generates the observed
signal, forming a map of the target inside the sample.

Itis important to mention that the four waves involved in CARS can also be arranged
to form a different process called four wave mixing (FWM) [43], also represented in
figure 1.4. This non-resonant mechanism limits the contrast of CARS, and different
schemes for limiting the parasitic FWM background have been proposed [44-47].

SRS has ever since been investigated for vibrational imaging applications free of
non-resonant background. The principle is to detect the intensity variation in the pump
or Stokes beam after interaction with the material. This energy variation comes from
the interference of the newly generated fields with the excitation ones.

12
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1.1.5 Nonlinear optical microscopy (NLOM)

Figure 1.5 (a) shows a typical setup scheme to realize nonlinear imaging. Because
the targeted processes require a simultaneous interaction of multiple photons, the
probability for it to happen is quite low. Consequently, a high peak power” is required to
reach an emission comparable to linear imaging. In practice, this level is achieved with
femtosecond pulsed lasers, as shorter pulses increase the peak power while maintaining
the pulse energy. This excitation beam is then tightly focused onto the sample using a
microscope objective, also used to collect the nonlinear signal that is either generated
backwards or scattered inside the sample to propagate in this direction.

Because the excitation wavelengths are in the near infrared (NIR)® and the collection

(a)
'3‘/@3@ ﬁlter " 2D scanning
" y mechanism
sample
dichroic mlror
A X
(b)
delay line
by e C«%
L /Sse to/(@
r
o .
*o 'OUth ﬁlter 2D scanning
y mechanism
sample

dlchr0|c mirors

Figure 1.5: Typical NLOM setup for (a) multiphoton and (b) vibrational imaging. Multiphoton
imaging is generally realized using a femtosecond (fs) Titanium-Sapphire (Ti:Sa) laser. Vibra-
tional imaging usually involves a picosecond (ps) or femtosecond (fs) pump laser with an optical
parametric oscillator (OPO) to generate the Stokes beam.

“Typically in the range of 10° —10° W
STypically in the range of 800 — 2000 nm
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ones in the visible range®, they can be separated using a dichroic mirror. The nonlinear
signal collected is then sent to a detection channel with appropriate filters to insure only
the targeted effect is detected. It is noteworthy to mention that different effects can be
generated using the same excitation signal, and detected simultaneously by cascading
dichroic mirrors and duplicating the detection channel.

Moreover, a two-dimensional scanning mechanism, for instance two galvo mirrors
set on orthogonally oriented rotation motors as represented in figure 1.5 (a), must be
added for the focused excitation spot to probe the sample and obtain an image.

Finally, to perform vibrational imaging, two excitation beams, pump and Stokes,
must be delivered and spatially overlapped with an appropriate dichroic mirror, as
shown in figure 1.5 (b). Pump and Stokes pulses are then temporally overlapped by
adding a delay line on one of the beams paths.

1.1.6 Applications

Currently, the typical protocol in cancer diagnosis involves a preparation phase
during which the biological tissue is extracted and prepared in thin slices in order
to be observed using conventional microscopy techniques. These biopsies present
a non-negligible risk and can cause damage to surrounding tissues, especially in the
case of neurological interventions. Moreover, getting histology samples prepared for
observation is a time demanding procedure. Conventionally, it takes up to several hours
of preparation before a pathologist can examine the sample.

Besides, tumor removal is a very delicate surgery act, and it is essential to locate
tumor margins, as failure in complete removal is one of the main causes for cancer
recurrence in patients [2]. In this direction, multiphoton microscopy appears as a
very promising technique for cancer diagnosis in what is now called multiphoton
histopathology. Indeed, it allows label free imaging with chemical specificity. In addition,
the multimodality enables the simultaneous observation of different tissue components.

Even for label free imaging, typical fluorophores serve as a reference for absorption
wavelengths commonly found in microscopy. In this scope, absorption and emission
spectrum of GFP (green) and mCherry (red) are represented in figure 1.6 (a). It illustrates
why 2PEF imaging is often performed in the green spectral range with an excitation at
920 nm. Likewise, 3PEF imaging is commonly achieved with excitation at 1300 nm and
1700 nm in the green and red spectral ranges respectively. Moreover, these wavelengths
take advantage of a compromise between water absorption and tissue scattering|[6],
allowing to increase 3PEF imaging depth.

5Typically in the range of 400 — 700 nm

14



1.2. PULSE DELIVERY WITH OPTICAL FIBERS

(a) 1.4 —-—=- GFP absoption GFP emission
mCherry absoption mCherry emission
121 1300 nm 920 nm 1700 nm
5 3
s
oy
)
C
g
£
0-0 T T T T = T T T T
400 450 500 550 600 650 700 750
A (nm)
(b)
2PEF / SHG 3PEF / THG
800 1000 1200 1400 1600 1800
A (nhm)

Figure 1.6: (a) Absorption (dashed curves) and emission (filled curves) spectra of a green
fluorescent protein (GFB green) and mCherry protein (red), using data from [48]. Vertical lines
represent the corresponding wavelengths for 2PEF at Aexc = 920 nm (green), and 3PEF at Aexc =
1300 nm (light red) and Aexc = 1700 nm (dark red). (b) Commonly used excitation wavelength
ranges for the different nonlinear effects.

A schematic representation of typical excitation spectral ranges for most nonlinear
imaging effects is provided in figure 1.6 (b). For reasons stated above, 2PEF as well as
SHG will be targeted with excitation wavelengths in the range of 800 — 1000 nm, whereas
excitation for 3PEF and THG will be in the range of 1200 — 1400 nm and 1600 — 1800 nm.
For CARS imaging, it is common to target CH, and C H3 vibrational bonds, with an
energy around 2850 cm™!, which is accomplished with excitation wavelengths in the
range of 800 — 1000 nm for the pump and 1000 — 1200 nm for the Stokes.

1.2 Pulse delivery with optical fibers

Although NLOM presents a lot of advantages, its implementation for in-vivo imaging
remains challenging because of microscopes bulky size. To avoid the tissue extraction
step before imaging, optical fibers have been added to the setups, simplifying the
schemes and allowing its excitation end to be moved freely. For this to be possible, the
fiber used must be able to deliver sub-picosecond pulses onto the biological sample
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under study.

The following sections present a description of typical optical fibers and their prop-
erties, with a focus on the temporal and spectral shape of a pulse during propagation.

1.2.1 Guidance mechanism

The fairly straightforward aim of an optical waveguide to bring light from one point
in space to another has found many applications over the years, rendering it an essential
tool in many scientific fields. Guided light propagation presents numerous advantages
when compared to free space propagation, including a protected path of light, a possible
long distance propagation, particularly important for telecommunication applications,
avoidance of diffraction problems over such distances, and possible mechanical flexibil-
ity. Many waveguides can be created, although the most common form is the optical
fiber, a cylindrical dielectric structure inside which light can propagate at optical fre-
quencies.

core
optical
cladding

polymer coating

Figure 1.7: Schematic representation of a typical optical fiber structure. The optical cladding is
designed to confine light inside the fiber core, whereas the polymer coating protects the fiber from
any outside activity.

The typical design of an optical fiber is presented in figure 1.7. Most of the light is
confined inside the fiber core, which can be solid or hollow, under the effect of total
internal reflection (TIR), modified TIR (MTIR), photonic bandgap (PBG), or inhibited
coupling (IC), depending on the fiber type. To create such effects, an optical cladding
is present around the core, and can either be a simple homogeneous material or a
more or less complex two-dimensional microstructure. For mechanical protection and
flexibility of the fiber, another cladding layer, usually a polymer coating, is added to the
arrangement.

From the diversity of applications, telecommunication is surely the most common
one, with a mass production of optical fibers across the globe, but many others have
arisen such as powerful light transmission, lasers and amplifiers, medical imaging,
sensing, and even entertainment.

Conventional fibers refer to optical fibers guiding light through the simplest and
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Figure 1.8: Geometrical representation of light propagation inside a conventional fiber (via total
internal reflection). For an incident angle included in the acceptance cone, light will be reflected
at the core/cladding interface. If the incident angle is not inside this cone, most of the energy will
be refracted at the interface and light will quickly dissipate inside the cladding.

most common guiding mechanism: total internal reflection (TIR). These fibers also have
the simplest geometrical structure, with a high index solid core and a homogeneous
material for the optical cladding. Two different approaches allow us to understand the
underlying principles of light guiding: first the geometrical approach, although not
always relevant, allows to form a mental image of the guidance mechanism, then the
electromagnetic approach brings a more rigorous and complete description.

Geometrical approach

The notion of ray optics can be an appropriate way to describe light propagation
inside an optical fiber only when the core size is much larger than the wavelength of
interest. Otherwise, the use of optical rays is completely irrelevant.

The most common fiber structure is called step-index fiber. Its core and cladding
have a uniform refractive index and the structure presents a discontinuous index profile.
The vast majority of fibers are made of silica (amorphous silicon dioxide S;0») with
dopants added to the core material to slightly increase its refractive index. The index
difference between the core (7¢ore) and cladding (7.1aq) is then usually very low (i.e.
Ncore ~ Nelad << Peore)-

Figure 1.8 represents the confinement of light by total reflection at every core-
cladding interface. Therefore, two conditions arise from Snell’s law:

Ncore > Nelad (1.7a)

Nclad

a> Apmin = Sin~( ) (1.7b)

ncore

where a is the angle between the optical ray and the normal to the core-cladding
interface, and an;, is its minimum value to provide total internal reflection. The first
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condition is fulfilled by doping the silica core using a dopant that raises the refractive
index. For example, germanium is commonly used for that purpose. For the second
condition to be met, as evidenced by figure 1.8, the incident ray at the input of the fiber
has to be contained inside an acceptance cone defined by the condition:

T
0 <Omax = g_amin (1.8)

where 0 is the angle between the ray and the normal to the core / cladding interface,
and 0,,x is the maximal value for which there is still total reflection. For an incident
ray outside this cone, light will then leak to the cladding by refraction. Using these
conditions, the acceptance cone will define the numerical aperture (NA) of the fiber by

NA = i $iN(0o,max) = \/ Neore — N4 (1.9)

Electromagnetic approach

To fully understand the propagation of light inside an optical fiber, the need to use
the electromagnetic theory of light and solve Maxwell’s equations becomes necessary.
In this context, we define the propagation constant 8 = ncqre ko cos(0) as the projection
of the wave vector I%I =k = Neore ko = Neore i—’g on the propagation axis z, where 0 is the
angle between these two, whereas ky and A are the wavenumber and wavelength in
vacuum respectively.

Using this, we can define different types of modes depending on the propagation
constant:

* Guided modes correspond to light that remains confined inside the fiber core
throughout the propagation. In this case, the number of modes guided inside
the fiber core is finite. As we have seen, guided modes follow the condition
0<0 <0Omax = % amin (see figure 1.8), which translates to a condition on the
propagation constant:

Nelad ko < B < Reore ko (1.10)

From equation 1.10 we can see that it becomes relevant to define an effective
index specific to the mode as

B
= — 1.11
Neff ko ( )

The condition for guided modes then becomes

Nclad < Neff < Rcore (1.12)
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* Cladding modes propagate inside the cladding and find their origin in incident
light outside the acceptance cone then refracted at the core-cladding interface.
These modes have an effective index lower than the cladding index:

0 < Neff < Nelad (1.13)

At this point, reflection is only partial (i.e. there is no more TIR) and the resonance
condition is not necessary. Therefore, neg can take every value hence the term
continuum of radiation modes.

Generally, these modes are of no interest, hence the polymer coating outside the
cladding is chosen with a refractive index higher than silica. Thus, its purpose is
not only mechanical but also optical, to discard these modes by leaking them out
of the cladding.

1.2.2 Optical fiber properties

When describing the characteristics of an optical fiber, it is conventional to introduce
the V parameter, called normalized frequency and defined as

y=2T8 [z 2 (1.14)
AO clad

where a is the radius of the fiber core. The guided mode with the highest effective index
Nefr (i.e. closest to ngere) is called fundamental mode (FM) and is always present in an
optical fiber. Then higher order modes (HOM) will appear with decreasing neg until
Neff = Nclad from where all higher modes are cut off. This will depend on the value of V.
For example, for a step index fiber, the first HOM’s cut-off frequency is V. = 2.405. Under
this value, only the FM is present, and the fiber is then called singlemode. Otherwise,
the fiber is multimode. During propagation in an optical fiber (along the direction z),
the power P(z) will inevitably decrease as followed :

P(z) = P(0) exp(—fz a'(z)dz) (1.15)
0

where P(0) is the input power, and @' (z) is the attenuation linear coefficient, expressed
in [m~!]. It measures the amount of light power lost during propagation between input
and output of the fiber. However, it is convenient to express the fiber attenuation in
[dB/km]. Therefore, and assuming the losses are evenly distributed, the loss coefficient
is generally expressed as :

10 P(L)

oc(dB/km) = —mloglo(m) (116)
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where L is the propagation length, P(0) and P(L) are the input and output power respec-
tively. Losses in optical fibers can have many origins, and from the perspective of a user,
it is common to separate them into the following categories:

* Intrinsic losses are caused by the fiber material and/or structure, and can be due
to absorption, scattering or material inhomogeneity.

» Extrinsic losses arise from sources outside the fiber and can theoretically be
avoided. For instance, origin can be bending of the fiber, splice between fibers or
impurities at the endface of the fiber.
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Figure 1.9: Measured attenuation of silica fibers (solid line) compared with theoretical limits
from Rayleigh scattering (dashed blue line) and infrared absorption (dashed red line), taken from
[49].

The ease of fabrication for low loss singlemode propagation in all-solid fibers guid-
ing via TIR makes it the most widely used today, especially in telecommunications.
Figure 1.9 shows the typical loss spectrum of an optical fiber used in telecommunica-
tion. A = 1550 nm is the most commonly used wavelength because it offers the best
compromise between Rayleigh scattering and infrared (IR) absorption caused by molec-
ular vibrations, with a record loss of about 0.14 dB/km [50]. However, when short and/or
intense pulses propagate in such a fiber, other effects can emerge and affect their shape.
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1.2.3 Group velocity dispersion (GVD)

Group velocity dispersion (GVD) is a linear effect arising from the dependence of
the group velocity vg7 with the wavelength. Consequently, the different spectral compo-
nents of the optical pulse will propagate at different velocities, eventually inducing a
temporal broadening of the optical pulse. GVD is generally described by the following
parameter, expressed in [s?/m]:

d? d 1 d

=—pf=——=— 1.17
da)z'6 dw vg dwﬁl ( )

B2

where f = B(w) is the frequency dependent propagation constant. It can also be useful
to represent GVD using a derivative with respect to the wavelength A. Hence, in the
context of optical fibers, the following parameter is also often used:

0 2mc
D=—pf =-— 1.18
(M,Bl 2 B2 (1.18)

expressed in [ps/(nm.km)]. Since longer wavelength corresponds to shorter frequency,
D and B, have opposite signs. For a transform-limited pulse, meaning with the smallest
time - bandwidth pmduct8 0t.0v, where 0t and dv are measured as the full width at
half maximum (FWHM), GVD introduces an instantaneous frequency variation called
chirp that has the effect of widening the pulse duration. Two different situations are
possible depending on the material as illustrated by the figure 1.10 (a):

* (2 >0 (D <0): normal dispersion regime, longer wavelengths travel faster than
shorter ones.

* 2 <0 (D > 0): anomalous dispersion regime, shorter wavelengths travel faster
than longer ones.

After propagation over a distance z in a dispersive medium, like a typical optical
fiber described above, a Gaussian pulse initially transform-limited will have a pulse
duration (FWHM of the temporal envelope) of:

Z
T(2) =79 /1 +(-—)? (1.19)
Lp

where 7 is the initial pulse duration and Lp, the dispersion length, is defined as the
propagation distance over which the pulse duration has been increased by a factor v/2:

2
1o

T 2772185 (120

Lp

"Propagation speed of the wave packet center.
8For a Gaussian pulse §£.6v = 0.44.
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Figure 1.10: (a) Schematic representation of the effect of group velocity dispersion (GVD) on a
short pulse after propagation in a fiber. In the normal dispersion regime (B, > 0), red frequency
components lead the pulse envelope, while in the anomalous dispersion regime (32 < 0), blue
frequency components lead the pulse envelope. (b) Numerical simulations of a 100 fs and 1 kW
peak power input pulse, at A = 800 nm, propagating inside a 1 m long Corning HI780 fiber,
considered as a purely linear medium (i.e. neglecting nonlinearity and losses).

Considering the same GVD parameter, a shorter pulse has a smaller dispersion
length as evidenced by equation 1.20. From equation 1.19 we see that the temporal
broadening is more pronounced for shorter pulses, assuming the same propagation
distance. The physical origin of these effects lies in the spectral width, which is larger
for pulses of smaller temporal width.

Because nonlinear imaging processes are generally triggered with sub-ps excitation
pulses, a numerical simulation of an optical pulse with an initial duration of 100 fs
propagating inside an optical fiber with 8, = 4.07.10?° s?/m is represented in figure
1.10 (b). The calculations were performed using the split-step Fourier method described
in [51]. The fiber parameters correspond to a standard fiber that is singlemode at
A =800 nm (Corning HI780 fiber). For this example, the material is considered purely
linear, meaning that we neglect all nonlinearity, and without losses. Figure 1.10 (b)
shows a significant peak power reduction because of the temporal broadening caused
by GVD after only 1 m of propagation.

It is then clear that GVD is a major issue in the delivery of ultrashort pulses, causing
temporal broadening and therefore a reduction of the peak power whereas this is the
key parameter in the nonlinear signal generation on biological tissues.
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1.2.4 Self phase modulation (SPM)

Unlike GVD, self phase modulation (SPM) is a nonlinear broadening effect, whose
origin lies in the intensity dependence of the refractive index, also called optical Kerr
effect”. SPM induces a spectral broadening of a pulse, under the condition that the
intensity of light is high enough to modify the optical properties of the material it is
propagating in. The refractive index can then be expressed as:

n(t) =ng+ny I(1) (1.21)

where ny and n; are the linear and nonlinear refractive indices respectively, and I(¢)
is the intensity of the optical field. The pulse experiences then a nonlinear shift of its

phase:

woL
DN (7) = np 1(1)

(1.22)
C

The maximum phase shift is attained at the center of the pulse and can be expressed,
after propagation over a distance z:

Pmax(2) =y Py 2 (1.23)

where P is the peak power of the pulse, related to the average power Payg, the repetition
rate frep and the time duration of the laser pulse 7:

_ P avg
Jrep T

The time dependence of the phase @y, induces a spectral broadening, calculated as:

Py

(1.24)

oD oI 2
NL _ _j,, &£ 202 (1.25)

dwlz ) =——F===n2 5 —

If we consider an unchirped Gaussian pulse and neglect the effect of dispersion (2 = 0),
the spectral broadening can be approximated as follows:

(Drnax

OWmax = 0.86 (1.26)

To

where Tj is the initial pulse duration, calculated for an unchirped Gaussian pulse using
the initial spectral width Awg by Ty = (Awg) ™. For the same reason as for the GVD, it
can be highly useful to express the effect of SPM using a characteristic nonlinear length:

LnL=(yPy)~! (1.27)

9Because of its similarities with the Kerr electro-optic effect.
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This length defines the distance over which the phase shift is ®,4x = 1. Another way to

approach it is to use the nonlinear length to express the phase shift 45 = Li
NL
As evidenced by equation 1.26, the spectral broadening induced by SPM is inversely
proportional to the initial pulse duration, meaning that a short pulse under this effect
will experience a wide spectral broadening. This strong issue is also illustrated by
equation 1.27, accentuating the intense SPM (i.e. short nonlinear length Ly;) induced
by a high peak power Py.
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Figure 1.11: Numerical simulations of a 100 fs and 1 kW peak power input pulse, at A = 800 nm,
propagating inside a 1 m long Corning HI780 fiber, withy = 0.013 (W.m) ! and considering the
material purely nonlinear (i.e. neglecting GVD and losses).

Finally, figure 1.11 shows a numerical simulation of an optical pulse with initially
1 kW peak power and 100 fs pulse duration, before and after 1 m of propagation inside a
Corning HI780 fiber. This is again performed using the split-step Fourier method [51].
This time, the fiber is considered purely nonlinear, which means that the dispersion
and losses are neglected. The spectral broadening of the pulse is very pronounced and
induces an important peak power reduction (note the log scale).

Consequently, SPM is also a major issue in the delivery of sub-ps pulses in optical
fibers as a strong pulse distortion is generated, meaning a decrease in the peak power.

1.3 Microscope miniaturization

All advantages of nonlinear imaging techniques have made NLOM a serious candi-
date for live investigation of biological processes and structures. However, as asserted
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before, the bulky size of nonlinear microscopes has made it problematic to be employed
for in-vivo studies. Indeed, a flexible micro-endoscope capable of performing nonlinear
imaging would solve this problem. In this scope, the following sections present the
requirements and various options to miniaturize the different NLOM elements.

1.3.1 Requirements

One major advantage of nonlinear imaging is the improvement in excitation local-
ization. It requires the simultaneous interaction of multiple photons with the material,
which is reached in practice only with focalized laser beams, where the peak power is
high enough. Figure 1.12 provides a schematic comparison of the emission volumes in
(a) linear and (b, c) nonlinear fluorescence. In the case of 1PEE every incoming excita-
tion photon can be absorbed to generate a fluorescence photon, hence the emission
volume generally is the intersection between the excitation light and the sample, and
thin slices are required in order to image a cell layer. However, for nonlinear fluores-
cence, only a small volume at the focalization spot will emit the signal. It results in a
higher spatial resolution, as well as an optical sectioning that could be described as a
natural confocality.

(a) l Iexc (b) l Iexc (C) i lexc
Biological Biological ' Biological
sample sample sample
liper & lexc oper & lexe” lsper & loxe®

Figure 1.12: Schematic representation of the fluorescence emission volume at the excitation
laser focal spot for (a) 1PEFE (b) 2PEFE and (c) 3PEE

Nonlinear processes can be divided into two categories depending on the number
of excitation photons absorbed : 2PEF and SHG require the absorption of two photons,
whereas three photons are absorbed to generate 3PEF and THG. In this regard, a higher
peak power is needed to generate 3PEF and THG, leading to an even higher optical
sectioning.

In fact, in 1PEE the signal generation is identical for all planes along the z axis. In
2PEF or SHG, it decays as ZLZ’ and ﬁ in 3PEF or THG [6], z being the distance from the
focus plane. This much faster decrease reduces greatly the out-of-focus background,
thus increasing the optical sectioning.
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Moreover, the wavelengths used to excite fluorophores with 3PEF or THG are higher
than for other imaging techniques, especially in the 1300 — 1700 nm range where water
absorption and tissue scattering drops down [31, 52]. This allows to image much
deeper into the sample, to the millimeter range [32]. It makes 3PEF (as well as THG)
very attractive for in-vivo imaging, although higher peak power, and therefore shorter
pulses are required, typically sub-ps pulses with a peak power in the kW range. As it
was mentioned, this is not trivial with optical fibers, especially when a wide range of
wavelengths is needed as well.

1.3.2 State-of-the-art of ultrashort pulse delivery for nonlinear en-
doscopy

High peak power short pulse delivery via optical fibers is troublesome because of
dispersion and nonlinear effects (in particular SPM) that broaden the pulse temporally
and/or spectrally. Nevertheless, different approaches have been employed to bypass
this issue in the context of nonlinear endoscopy.

Dispersion

Because a typical fiber will induce a strong dispersion, generally in the normal
regime, to short pulses propagating inside its core, the general idea to obtain a short
pulse'? at the output of the fiber is to pre-compensate the dispersion that it will cause
[53]. It is realized by adding a negative chirp to the pulse in order to achieve :

ﬁz pre—comp Lpre—cornp + ﬁZ fiber Lfiber =0 (1.28)

for a stretcher composed of an optical fiber, or more generally defined with the second
order spectral phase ®®@ :

@ @
CDZ pre—comp + (I)2 fiber — 0 (1-29)

This pre-compensation can be realized by various procedures, of which the most
common are :

e Anomalous dispersion fiber: We can manage to compensate completely the
dispersion induced by the endoscopic fiber by first propagating in a specific
anomalous dispersion fiber that satisfies equation 1.29 [13], as schematically
represented by figure 1.13 (a). Although, because the dispersion of a fiber is
dependent on the wavelength, this would only apply to a specific wavelength,
causing it to be hardly applicable for a multimodal endoscope. Also, nonlinear
effects causing a spectral broadening can appear in the process, making it harder
to obtain a Fourier transform pulse at the output of the endoscope.

1045 close as possible to a Fourier transform pulse.
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Figure 1.13: Schematic representation of the different techniques used to deliver ultrashort
pulses with optical fibers using pre-compensation schemes to add a negative chirp before injection
in the fiber with (a) another optical fiber or a setup with (b) one or (c) two gratings, or (d) a pair of
grisms.

* Single grating stretcher: Figure 1.13 (b) shows a pre-compensation scheme using
a grating and a folding mirror. A chirp is added to the pulses with a phase mask by
either adjusting the distance between the grating and the collimating lens [54] or
adding a cylindrical lens before the folding mirror [55]. This technique allows to
adjust the compensation regarding the wavelength but only over a rather narrow
range, and it needs to be tuned again every time the wavelength is changed. It
can also be complicated to correctly recombine the different spectral component
before injecting into the fiber.

* Double grating stretcher: By using two gratings to separate the spectral compo-
nents of the pulse, each ends up having a different optical path, thus allowing
to adjust the chirp imposed on the pulse [56], as represented in figure 1.13 (c).
Again, this allows tuning the chirp with the wavelength but with constraints on
the spectral range and the need to adjust it for every wavelength change. Some
loss in power are also added which could be problematic.

* Grism stretcher: The grating stretcher method allows compensating dispersion
of the second order but adds a third order contribution. On the other hand,
another stretching technique using prisms [57, 58] can compensate second order
dispersion, but over-compensate the third order [59]. Combining both element in
one optical component, as shown in figure 1.13 (d), enables to fully compensate
second and third order dispersion [60-64]. It is a very efficient pre-compensation
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method [65], but the downside is an even more complicated setup that is delicate
to align, and the cumulated fourth order dispersion of the stretcher combined
with the endoscope that can arise.

* Solitons: By adjusting the fiber design (for example with a photonic crystal fiber
(PCF)), GVD and SPM can compensate each other in order to maintain the pulse
shape. These pulses are called solitons, and have been applied to nonlinear
endoscopy because they can, by definition, propagate without being affected by
pulse broadening effects [6, 52, 66]. The downside of using this technology is the
weak soliton conversion, leading to a limitation of the pulse energy [67].

SPM

Self-phase modulation (SPM) happening inside the endoscopic fiber tends to com-
press the pre-chirped pulses, hence a larger temporal pulse at the output. Reducing the
peak power inside the fiber could limit this effect, which can be realized by using a fiber
with a larger mode size, spreading the power over a larger surface to reduce the power
density. However, two major issues arise from this: the resolution of imaging decreases
as the mode size increases, and it becomes harder to reach the peak power required to
generate nonlinear effects, especially 3PEF and THG.

Pre-compensation of SPM can also be performed by first generating SPM voluntarily
inside a single mode fiber before pre-compensating GVD, i.e. inverting the chirp sign,
then inject inside the endoscopic fiber [15, 58, 63, 68]. The temporal shape of the pulse
is controlled by the pre-compensation scheme used, and the spectrum of the pulse is
wide enough before injection in the fiber to avoid SPM altogether. However, a larger
spectrum makes the pulses more sensitive to chromatic dispersion. In addition, the use
of two separate pre-compensation devices makes the overall setup more complicated
and less flexible in terms of quickly switching wavelength or replacing the endoscopic
fiber.

1.3.3 Scanning mechanism

To probe the sample under investigation and obtain an image, an endoscopic head
must be added at the output of the optical fiber and contain a scanning device. A variety
of mechanisms have been used, and the most commonly found are microelectrome-
chanical system (MEMS) mirrors, spectral encoding and piezoelectric tubes.

MEMS mirror

A MEMS mirror is a small mirror mounted on a 2D rotating motor that can be
programmed to quickly move the focused spot in order to form a scanning pattern
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Figure 1.14: (a) Schematic representation of a microelectromechanical system (MEMS) mirror
used to scan the sample at the output of an endoscope. (b) Illustration of a raster scanning pattern.

on the sample, as showed by figure 1.14 (a). It has been used in the past for in-vivo
endoscopy [69-71], although it requires some distal optics and leads to relatively bulky
heads. It is therefore generally found in endo-microscopes [31] (i.e. microscopes with a
small deported imaging head) rather than real endoscopes.

A typical scanning pattern, although not exclusive to MEMS mirrors and not the
only one used with MEMS mirrors, is the raster scan, is represented in figure 1.14 (b).
The pattern firstly forms a straight line in x direction, then comes back to the original
position with a small shift in the orthogonal direction y to form a second straight line,
and so on until the full image is produced. The focused spot is then moved back to the
original position to start the next image acquisition.
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Figure 1.15: (a) Schematic representation of spectral encoding scan with a grating to probe the
sample at the output of an endoscope. (b) Illustration of a spectral encoding scanning pattern.
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Spectral encoding

The spectral encoding technique is schematically represented in figure 1.15 (a). The
spectral components of the excitation pulse are spatially separated along one direction,
X axis, using a grating [72-75]. After that, a motor or galvanometer will scan the sample
in an orthogonal direction, y axis. The advantage of this technique, as opposed to raster
scanners, is that only a 1D scanning is performed because the other direction is covered
by the 1D spatial separation of the spectral components. The pattern created is shown
in figure 1.15 (b).

The image is then reconstructed by recording successive spectra. Hence, the major
downside of this technique is that the image acquisition rate is limited to the one of
spectral acquisition systems. The detection channel is also complicated as the emission
spectrum must be measured which can be tricky with weak signals.

Piezoelectric tube

Finally, a piezoelectric tube with four electrodes placed on two orthogonal directions,
resonantly exciting the fiber tip [76-78] as represented in figure 1.16 (a), has been applied
as an endoscopy scanning mechanism [15, 19, 54, 79-82].

By appropriately driving both directions with electric signals (a full description will
be provided in chapter 3), one can achieve a spiral pattern of the fiber tip, as represented
in figure 1.16 (b). After the spiral scan is completed, the driving can be turned off for the
fiber to slowly return to its original steady position, or it can be quickly performed by
driving both direction of the piezo tube in anti-phase during an active breaking phase,
allowing to reach higher image acquisition rates.

(@) (b)

Piezoelectri
Optical fiper 'C tube

——

——

Figure 1.16: (a) Schematic representation of a doubly resonant piezoelectric tube used to scan
the sample at the output of an endoscope. (b) Illustration of a spiral scanning pattern.

The piezo tube scanner is easily electronically tuned, allows a very small endoscope
head, and can reach a few dozens of images per second, which makes it the preferred
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candidate for a scanning system inside our endoscope head.

1.3.4 Nonlinear signal collection

The nonlinear signal generated at the output of an endoscope can be collected either
with the same fiber that delivers the excitation signal, or with a separate collection-only
fiber. In the latter, the detection channel is notably simplified, as the collection fiber
can be directly plugged to the detector, with an appropriate collection filter, but the
endoscopic head design is more complex and needs to be larger.

To keep the distal part of the endoscope as small as possible, the nonlinear signal
can be collected and back propagated by a second channel inside the excitation fiber.
Because the fiber core will in most cases only weakly collect signals, it is in practice
carried out by the cladding around the core, in so-called double clad fibers (DCF).

The TIR guidance inside the inner cladding is made possible by either adding a
small layer of low index material (generally a polymer) between it and the mechanical
cladding [21], made of high index polymer (represented in figure 1.17 (a)) or with a ring
of air holes inside the silica cladding [83], acting as a low index layer as well (represented
in figure 1.17 (b)).
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Figure 1.17: Schematic representation of the different elements in a double clad fiber (DCF),
with an inner cladding guiding via (a) a thin layer of low index polymer or (b) a ring of air holes.
(c) Schematic index profile of a DCE
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When guiding with a low index polymer, the NA of the double clad can be simply
estimated using equation 1.9. We consider ns; ~ 1.46 in the visible range and rqy = 1.37
for the low index polymer that we use in fabrication (Desolight DF-0016). As a result, a
high NA of 0.5 is reachable with this polymer coating.

On the other hand, the NA of the double clad guiding via a ring of air holes, also
called air cladding, will be determined by its effective index. To lower it sufficiently,
and increase the NA, the silica bridges between air holes must be very thin. With silica
bridges thickness lower than half the wavelength, a very high NA (> 0.9) can be reached
[83]. However, in a nonlinear endoscope the inner cladding is meant to deliver visible
light, typically in the 400 — 700 nm range. Consequently, the thickness of silica bridges
has to be < 200 nm, which is complicated to reach in fabrication.

Conclusion

The different modalities exploited in nonlinear imaging have been described in
this chapter, along with their advantages and biological targets. The different elements
that must be integrated into a complete setup to form a nonlinear endoscope were
introduced as well, particularly the optical fiber requirements, scanning mechanism,
and collection scheme.
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Chapter 2

Fiber design and properties

In this chapter, we expose the considerations for an optical fiber specifically designed
for nonlinear endoscopy. Such a fiber must allow the delivery of high power (typically in
the kW range) sub-ps (typically from 50 to 250 fs) pulses over a broad spectral region.
The fiber must also contain a second propagation channel, i.e. a double clad, with a
high collection efficiency to collect and back propagate the nonlinear signal generated
within the sample.

Because propagation inside a solid-core fiber remains limited to avoid GVD and SPM,
even with pre-compensation, we will hereafter focus our attention to hollow-core fibers.
A review of the different types of hollow-core fibers, their guidance mechanisms and
characteristics is presented, with the specifications of multimodal nonlinear endoscopy
in mind. The fiber fabrication and full characterization are then detailed.
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2.1 Hollow core guidance mechanisms and properties

With modes guided in air, hollow-core fibers present unique features over the more
conventional solid-core fibers. A major one is the ability to deliver high power laser
pulses without generating nonlinear effects nor risking damaging the fiber material
[84, 85], thanks to the high damage threshold of air. Because the core refractive index
is inherently lower than the surrounding cladding index, total internal reflection (TIR)
guidance is prohibited in hollow-core fibers. To overcome this issue, two different effects
have been used: photonic bandgap [17, 86, 87], and inhibited coupling [88]. These
techniques and the corresponding fiber designs are presented in the following sections.

2.1.1 Photonic bandgap

Photonic crystals present a 2D periodic structure creating a band gap, i.e. a spectral
window for which light propagation is forbidden for a certain range of neg [17]. There-
fore, light confinement is made possible when surrounded by this periodic structure,
forming a so-called photonic band gap fiber (PBGF). This mechanism allows guidance
in a medium of refractive index lower than that of the surrounding cladding [87], for
example an air core and a silica with air holes cladding, hence the general term of hollow
core fiber.

Figure 2.1: (a) Schematic representation and (b) scanning electron micrograph (SEM) of a
photonic bandgap fiber. High and low index materials are represented by light and dark gray
respectively.

The air filling fraction of the cladding, represented by the ratio d/A, with d the air
hole diameter and A the pitch (hole to hole distance), is of great importance. Increasing
this ratio widens the transmission band, but also makes it more complicated to fabri-
cate the fiber. A scheme and a scanning electron micrograph of a PBGF fabricated at
FiberTech Lille are shown in figure 2.1 (a) and (b) respectively.

A hollow core fiber is able to handle higher power delivery than solid core fibers
because of the higher damage threshold of air and low overlap of the core modes with
the surrounding silica material. Additionally, it theoretically presents lower losses than
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conventional silica fibers because of the lower absorption of air compared to silica, even
though only leaky modes are present in HCF with confinement loss (CL) prevailing over
absorption. However, in practice the loss of PBGF is limited by the surface scattering at
the core cladding interface (SSL). Its origin lies in the surface roughness caused by the
frozen capillary waves during the fiber draw [89]. SSL scales with the optical overlap of
the guided modes with the silica core contour, and it increases when the wavelength
shortens.

PBGF are of great interest because of the ability to deliver high power without
generating much nonlinear effects, due to the hollow core propagation, as the intrinsic
nonlinearity of air is much lower than that of silica. It also presents significantly lower
material absorption [90].

Nevertheless, the narrow transmission bands of PBGE although it can be exploited
for spectral filtering for instance, makes it hardly applicable in the context of a multi-
modal endoscope which needs to transmit a wide range of wavelengths. In addition,
the power overlap of the core modes with the glass cladding is rather large compared to
the fibers described below, inducing relatively high material absorption inside the silica
structure. Finally, propagation inside a PBGF causes a high GVD, especially when close
to the band gap edges, which is also an issue for short pulse delivery.

2.1.2 Inhibited coupling

Another way for a hollow core fiber to guide light in absence of a photonic band
gap is to inhibit the coupling between the core guided modes and the continuum of
modes associated with the cladding. This mechanism was first described to explain the
guidance inside a Kagomé fiber [88]. In that case, a core guided mode and a cladding
mode can propagate without strong interaction even if they have the same effective
index [91].

The guidance mechanism can be described as antiresonance (AR) of the modes at
the core cladding interface [92]. IC can lead to higher propagation loss than PBG but
with much broader transmission bands (can be more than 1000 nm for IC [93], and
about 100 nm for PBG), and very low GVD over the whole transmission window [21].

The first antiresonant optical waveguide was reported in 1986 [95]. The underlying
principles can be detailed using a simple slab waveguide description (figure 2.2). The
hollow core, of thickness Do and refractive index ny, is surrounded by two glass walls,
of thickness ¢ and of refractive index n; so that n; > ny.

If the core diameter is large enough as compared to the propagatlon wavelength A
(i.e. if D¢ore >> Ay), then the longitudinal kL and transversal kT wave vectors inside the

glass can be approximated to kyng and kg / n1 - nO respectively [94], where ky =27/ A
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Figure 2.2: Simplified description of the resonance and anti-resonance at the core contour in
an inhibited coupling fiber with (a) the cross-section and refractive index profile of a M-type slab
waveguide, and (b) insight on the core/cladding interface. Redrawn from [94].

is the wave vector in air. Thus, the phase shift between the transmitted waves with and
without reflection inside the glass wall is

AD =2tkoy\/nf - nj 2.1)

We can then distinguish two states:

e Resonance : A® = 2mm with m an integer who represents the order of resonance.
It corresponds to a wall thickness and wavelength

n’Z/lo
R= —— (2.2a)
/.2 2
2 ny —ng
2t
AR = - ny —nd (2.2b)

e Antiresonance : A® = (2] — 1) with [/ an integer who represents the order of
antiresonance. It corresponds to a wall thickness and wavelength

; (I-1/2)A (2.32)
AR = — —— .
2\/n?—nd
4t
/1AR = m I’L% - I’l(% (2.3b)

Therefore, the wave can be put in resonance or antiresonance (i.e. can interfere
constructively or destructively) by tuning the wall thickness ¢. This model of light prop-
agation by antiresonance is called antiresonant reflective optical waveguide (ARROW)
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Figure 2.3: Numerical simulations (Comsol Multiphysics) of the confinement loss (CL) in a
tubular hollow core fiber (blue dots). The vertical dashed lines are the resonant wavelengths
calculated using equation 2.2b.

and can be extended to a 2D microstructure. For example, a Bragg fiber has a cladding
made of alternating concentric rings of high and low refractive index. In such a fiber,
each high refractive index ring can be considered as a Fabry-Perot resonator (if the rings
thickness is large compared to the wavelength [96]), and so can enhance or decrease
the confinement of light inside the air core under the conditions of antiresonance or
resonance respectively.

The transmission spectrum of an antiresonant fiber is multiband, analogous to
that of a Fabry-Perot resonator, with the band edges being defined by the resonance
wavelengths. As an example, figure 2.3 shows the transmission spectrum (numerical
simulations) of a negative curvature tubular hollow core fiber (described hereafter)
with the resonance wavelengths predicted by equation 2.2b. The ARROW model is well
established in predicting the band edges but fails to provide any more information
about the transmission spectrum. In fact, antiresonance is a necessary but not sufficient
condition to understand the full guidance mechanism.

Inhibited coupling means highly reducing the leakage from the core to the cladding
by suppressing the mode coupling. In order to achieve this, two conditions are to be met:
low spatial overlap of the modes involved!, and a mismatch of their wave numbers [91,
94, 97]. The spatial overlap is highly reduced by the antiresonance conditions described
above, hence reducing the wave number mismatch required, although some is always

Taking into account the overlap integral of their phase.
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Figure 2.4: (a) Schematic representation and (b) scanning electron micrograph of a Kagomé
fiber. High and low index materials are represented by light and dark gray respectively.

needed.

Kagomé fibers [18] have a hollow core and a 2D periodic cladding with a pattern
similar to a star of David. A scheme and a scanning electron micrograph of a Kagomé
fiber fabricated at FiberTech Lille are shown in figure 2.4. This fiber design, guiding via
IC, significantly reduces the spacial overlap of the core modes with the silica cladding
[92] and therefore minimizes the surface scattering loss, as opposed to PBGE Moreover,
the reduction of the number of cladding layers does not significantly affect the fiber
loss nor the spectral bands position [98]. In fact, numerical and experimental studies
show that the crucial element in defining the guidance behavior is the core contour
[97]. The core wall shape thus plays an important role in lowering the attenuation of
the fiber [99]: a negative curvature? reduces the spatial overlap of the core modes with
the silica, reducing the overall attenuation, this phenomenon getting more important
as the radius of curvature gets smaller. This observation led to the creation of so called
hypocycloid-core Kagomé fiber [100].

While the Kagomé fiber allows broadband transmission in a hollow core, and with
low GVD, its structure is complicated to fabricate. Additionally, the cross-section of
the microstructured cladding is very large compared to the hollow core, as attested by
figure 2.4 (b). In the context of creating a double clad fiber, such a large microstructure
leads to a small cross-section of double clad (i.e. the silica material surrounding the
microstructure), or a higher overall fiber diameter. As the essential part of the cladding
is the core contour, it is then possible to design a simpler fiber without impairing its
performances.

Investigations of antiresonance and Kagomé fibers led to the creation of fibers with
a hollow core and a cladding made of a single ring of tubes [20] as shown by the figure
2.5 (a), taking advantage of the guidance mechanism of the Kagomé fiber, with the low
loss of the core contour negative curvature, and the simplicity of the cladding structure

2Negative curvature refers to a core wall curvature pointing inwards, which is by convention the
negative axis.
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Figure 2.5: (a) Schematic representation and (b) scanning electron micrograph of a negative
curvature tubular fiber. High and low index materials are represented by light and dark gray
respectively.

[94]. The cladding is then much simpler without diminishing the fiber’s performances
because, since there is no band gap, there is no need of a periodic organization. It is then
easier to fabricate, and has a smaller cladding cross-section. Different names are used
to refer to these fibers, namely: negative curvature fibers (NCF), antiresonant fibers
(ARF), tubular lattice fibers (TLF), or revolver fibers. Figure 2.5 (b) shows a scanning
electron micrograph of a NCF fabricated at FiberTech Lille.

The different geometrical parameters of a NCF are the core diameter Dqye, the tubes
inner diameter dype, the tubes wall thickness ¢, the gap between the tubes §, and the
number of tubes N (see figure 2.5 (a)). The parameters are related by the following

formula[94]:

dtube + 2t
core= " . g

T~ (dtupe +21) (2.4)
sm(ﬁ)

They can also be tuned to present an almost endlessly single mode propagation,
for example when diype/ Dcore = 0.68 with N = 6 [101]. Also, the transmission bands
position can be tuned by changing the capillary thickness ¢, and the bandwidth is
inversely proportional to ¢ [102]. Furthermore, the GVD depends mainly on the wall
thickness ¢ as well [90]. The leakage loss depends on all the parameters, but the primary
sources of loss are the touching nodes, either between the tubes and the outer silica
jacket, or between adjacent tubes if they are touching [91, 103]. In the case of non-
touching capillaries (6 # 0), leakage through the space between the tubes can become a
significant source of loss if 6 is too high. Therefore, to reduce attenuation, it is better to
have non-touching capillaries but with a low §.

Consequently, negative curvature fiber is, as of today, the best suited for our mul-
timodal endoscope as it presents the advantages of air guidance, low overlap of the
core modes with the cladding silica walls, low GVD, broadband transmission with tun-
able bands position, low SSL, relatively low confinement loss, simplicity and small
cross-section of the cladding.
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2.2 Double clad negative curvature hollow core fiber

2.2.1 Fiber design
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Figure 2.6: Confinement loss (CL) of the fundamental mode as a function of the capillary wall
thickness t inside a negative curvature fiber, with 8 capillary tubes and a 3 um gap between each
tube (calculated using the model from [104]).

The fiber design that we chose for the endoscope is an 8 capillaries NCE based
on the fiber from [91], that appear to be the best compromise between single mode
propagation and low loss guidance over a large spectral band. Because the crucial
parameter in determining the transmission bands position is the capillary wall thickness
t, we calculated the attenuation using the model described in [104].

Figure 2.6 shows the calculated attenuation spectrum of such a fiber as a function of
t for A =920 nm (yellow), A = 1300 nm (orange) and A = 1700 nm (red), which are three
commonly used excitation wavelengths in nonlinear microscopy (see chapter 1).

Besides, it is in our interest to have all excitation wavelengths contained in the first
transmission band. The reason for that is the flexibility it brings to the endoscope,
with the ability to adjust the excitation wavelength without having a gap in the range
of interest. With that in mind, we conclude from figure 2.6 that ¢ = 400 nm is the
best compromise to limit the attenuation at the targeted excitation wavelengths while
retaining them in the first transmission band.

We confirm the accuracy of the model by plotting the attenuation spectrum (a) and
group velocity dispersion (GVD) (b) in figure 2.7 (green solid line) and comparing it to
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Figure 2.7: Calculated (a) confinement loss (CL) and (b) group velocity dispersion (GVD) of the
fundamental mode inside a negative curvature fiber with a 35 pm core diameter, and 8 capillary
tubes of thickness t = 400 nm and a 6 = 3 pm gap between each tube. Calculations using the
formula from [104] (green solid line) are compared with numerical simulations realized using
Comsol Multiphysics (blue dots).

Comsol Multiphysics numerical simulations (blue dots) of the same fiber. The capillary
wall thickness is fixed at t = 400 nm. Figure 2.7 (a) shows a first transmission band
ranging, as expected, from about 850 nm to at least 2000 nm. The fiber dispersion
(figure 2.7 (b)) over the whole transmission window is very low, < 3 ps/(nm.km). This
allows to deliver sub-ps pulses without temporal broadening, as we shall see below.

Figure 2.8 (a) is a comparison of attenuation sources in this fiber, obtained by
Comsol Multiphysics numerical simulations. The surface scattering losses (SSL, light
blue) are several orders of magnitude bellow the confinement losses (CL, dark blue). It
confirms that SSL do not have a major impact in NCF and therefore will not be taken
into consideration hereafter.

Finally, one considerable issue with NCF is that bending losses can become non-
negligible. Numerical simulations show that the bending losses remain very low, <
0.1 dB/turn, even for a radius of bending bellow 10 cm (see figure 2.8 (b)). Nevertheless,
we note that these losses are more prominent when getting close to the transmission
band edges, i.e. for A =920 nm in figure 2.8 (b).
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Figure 2.8: Numerical simulations (Comsol Multiphysics) of (a) the confinement loss (CL, dark
blue) and surface scattering loss (SSL, light blue), and (b) the bending loss as a function of the
radius of curvature Reyry for A =920 nm (yellow), A = 1300 nm (orange) and A = 1700 nm (red).

2.2.2 Fiber fabrication

The fabrication process for the double clad hollow core fiber (DC-HCF) is based
on the stack and draw process, for which the steps are represented in figure 2.9 (a).
First the stack is realized by placing hollow capillary tubes around a glass rod to keep
them in place. Smaller holds (in dark blue in figure 2.9 (a)) are also placed between
the capillaries to maintain a regular spacing. The structure is then inserted inside a
larger silica jacket, on which the capillaries will be spliced during the cane drawing.
This is performed by heating a region of the stack without holds, while pulling the canes
out. A second jacketing is then carried out to increase the size of what will be the inner
cladding of the fiber. Finally, the cane is drawn to a fiber following the scheme of figure
2.9 (b). The ratio between the fiber pulling speed and the cane descending speed into
the furnace (preform feed) determines the fiber diameter. The capillaries diameter and
thickness are adjusted by controlling separately the pressures inside the core and the
hollow capillaries.

A monomer layer is added to cover the bare fiber, then polymerized with a UV
light. This first polymer layer, with a low index, allows the guidance inside the inner
cladding. The same procedure is repeated to add a second layer of polymer coating, of
high index, for mechanical protection. The fiber fabricated is shown in figure 2.10. It
has 8 capillary tubes of inner diameter d,pe = 15 pm and thickness ¢ = 425 nm. The
gap between capillaries was measured to be § = 7.2 um, and the hollow core diameter
Dcore = 45 pm. The inner diameter of the silica double clad is 72 pm, and its outer
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Figure 2.9: (@) Illustration of the different steps in a stack and draw process, for the fabrication
of a double clad negative curvature hollow core fiber. (b) Schematic representation of the fiber

drawing tower.

diameter is 307 um, leading to a collection surface S = 70 000 um?. This is much higher
than for Kagomé fibers [19] thanks to the smaller cladding structure of NCE as evidenced

by the comparison between figure 2.10 (a) and (c).

Figure 2.10: (a) Scanning electron micrograph of the double clad negative curvature hollow core
fiber fabricated at FiberTech Lille, with (b) a close-up view in the hollow core region. (c) Scanning
electron micrograph of the double clad Kagomé hollow core fiber fabricated at FiberTech Lille.
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2.2.3 Transmission properties

The transmission properties of the fabricated NCF are measured by injecting a super-
continuum source (YSL) into its core. The output of the fiber (near field) is imaged using
a Si (DCC1645C, Thorlabs) or InGaAs (SU320KTS-1.7RT, SUI) camera, depending on the
wavelength of interest. The injection is thus adjusted to maximize the transmission into
the fundamental mode of the NCE

The output of the fiber is sent to an optical spectrum analyzer (OSA, AQ-6315A,
Ando) to record its transmission spectrum. The attenuation of the fiber can be obtained
by the cutback method. The transmission of a long fiber, in our case 20 m, is recorded,
then most of the length is cut off. The transmission of the short length remaining, here
1 m, is again measured without changing the injection into the fiber. The difference
between both measurements divided by the length removed gives us the attenuation
spectrum of the fiber, represented in figure 2.11.

The NCF has a very large first transmission band that ranges, has expected, from
850 nm to, at least, 1750 nm (upper limit of the OSA). This transmission band covers
the commonly found excitation wavelengths for the different nonlinear effects targeted,
as evidenced by the green (2PEE SHG), yellow (CARS) and red (3PEE THG) rectangular
areas in figure 2.11. Furthermore, the measured attenuation for the whole band is
almost flat at 0.5 dB/m, except for A < 1000 nm where it slowly increases to 0.7 dB/m at
850 nm. The second transmission band, even if not very significant in our endoscope
design because the collection from the core is negligible as compared to the inner
cladding, is located in the visible range.
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Figure 2.11: Measured attenuation spectrum of the DC-NCF fabricated.
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2.2.4 Group velocity dispersion

We then measured the group velocity dispersion (GVD) of the fiber using the low
coherence interferometry method [105], with the setup presented in figure 2.12 (a).
Again, a supercontinuum is used to perform the measurement at different wavelengths,
by simply changing the bandpass filter in front of the detector. The source is separated
into two arms forming a Mach-Zehnder interferometer: one serves as a reference and

delay line
(a)

50/50
beam splitter

50/50
beam splitter

detector

supercontinuum e

BP filter

GVD (fs/nm/m)
o

800 1000 1200 1400 1600 1800
A (nm)

Figure 2.12: (a) Schematic representation of the setup used to measure the GVD of a fiber using
the low coherence interferometry method [105]. (b) Measured GVD of the DC-NCF over the first

transmission band (blue dots), compared to Comsol Multiphysics numerical simulations (solid
blue line).
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the other is injected into the fiber. To ensure only the GVD of the fiber is measured, a
microscope objective and a lens, identical to the ones used to inject into the fiber and
collect the output beam, are placed on the reference arm. Both arms are then spatially
superimposed before being sent to the detector. A delay line in the path of the reference
arm allows to adjust the temporal alignment between both beams in order to generate
interferometry fringes. The difference in delay line position Ax corresponding to a
wavelength difference AA hence gives a relative measurement of the GVD:
2Ax 1

with ¢ = 2.99.10% m/s the speed of light and L = 1 m the fiber length.

With this method, we obtain the GVD over the first transmission band of the NCE
and depict it in figure 2.12 (b) (blue dots). It remains very low, under 2 fs/nm/m, for all
wavelengths probed, and fits very well with the numerical simulations (solid blue line)
realized before.

2.2.5 Fundamental mode size

The DC-HCEF core diameter is, as asserted above, Dore = 45 um. The fundamental
mode was imaged at the output of a 2 m long fiber with a Si (DCC1645C, Thorlabs)
camera, at A = 920 nm. It is represented in figure 2.13 (a). To measure the mode size, we
realize a plot along the dashed blue line (blue dots in figure 2.13 (b)). We then fit the
measurement with the following Gaussian function (solid gray line) :

(x— xo)z)

e (2.6)

Gx)=a. exp(
where a is the peak intensity (set to a = 1 in our case), and X its position (set to xo =0
here). With the standard deviation o, we can calculate the mode field diameter (MFD,
diameter at a/e?) and the full width at half maximum (FWHM) :

MFD =40 (2.7a)
FWHM=2+/21n(2) 0 =2.3548 0 (2.7b)

In our case, we measure MFD = 37.3um, and FW HM = 22 pym. The MFD is a crucial
parameter when implementing a fiber for endoscopy. Indeed, the imaging resolution
will (partly) depend on its value, so we want it to be as low as possible. In this scope, a
MFD of 37.3 pm is too large, and we need to reduce it before adding the fiber to the
endoscope scheme, as we shall see in the next chapter.
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Figure 2.13: (@) Fundamental mode of the DC-HCF imaged at A = 920 nm and (b) plot along
the blue dashed line (blue dots), with a Gaussian fit (solid gray line).

2.2.6 Numerical aperture

The numerical aperture (NA) of a given fiber provides an information on the diver-
gence of the beam at the output, and also on the acceptance cone at the input. For the
core of the DC-HCE that information is particularly important for the input of the fiber
as it determines the ease of injection inside the fiber, i.e. excitation of the fundamental
mode.

To measure the NA at different wavelengths, we perform the measurement described
by figure 2.14 (a). We use a supercontinuum source and a bandpass filter to inject into
the fiber. The far field is imaged with a Si (DCC1645C, Thorlabs) or InGaAs (SU320KTS-
1.7RT, SUI) camera (depending on the wavelength). By moving the camera away from
the fiber and successively measuring the mode size, we obtained the 1/e? radius as a
function of the relative camera position. This is shown in figure 2.14 (b) for A =920 nm
(yellow dots), A = 1300 nm (orange dots), and A = 1700 nm (red dots). The slope of a
linear fit on the measurement (solid lines) grants the NA.

Our measurements of the NA (in the legend of figure 2.14 (b)) are all very low, < 0.05
for all wavelengths probed. Although it does not render the fiber unusable, it does make
the setup alignment more delicate, especially when switching wavelength, and prone
to misalignment over time. This is an issue that should be addressed in the future to
establish a more stable endoscopy setup.
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Figure 2.14: (a) Schematic representation of the setup used to measure the NA of a fiber core.
(b) Measured 1/ e? radius as a function of the relative camera position at A = 920 nm (yellow),
A =1300 nm (orange), and A = 1700 nm (red).

2.2.7 Ultrashort pulses delivery

As explained in detail above, the main reason for choosing a hollow core NCF design
for endoscopy is the ability to deliver pulses without distortion. This is confirmed by the
low GVD measurement presented in 2.2.3. Nevertheless, we ensure this by measuring
the pulse duration before and after propagation inside the fiber described in 2.2.2,
even for sub-100 fs pulses. The source used for this purpose is made of an ytterbium
doped master oscillator power amplifier (Monaco, Coherent) pumping a broadband
optical parametric amplifier (Opera-F Coherent), tunable over the 640-940 nm and
1147-2676 nm ranges. It delivers 40-80 fs pulses with an energy of a few pJ, ata 1 MHz
repetition rate. Autocorrelation traces, plotted in figure 2.15, were measured using an
autocorrelator (pulseCheck, APE) before (solid lines) and after (dots) 2 m of propagation
inside the fiber’s hollow core.
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Figure 2.15: Measured autocorrelation traces at the laser output (solid lines) and after propa-
gating in a 2 m long NCF (dots), for A = 920 nm (yellow), A = 1300 nm (orange), and A = 1700 nm
(red).

The autocorrelation traces measured after the fiber are superimposed on the traces
measured before, showing that even for sub-100 fs pulses no temporal distortion is
induced by the fiber. This is further emphasized by the pulses duration (shown in the
legends of figure 2.15). Only a very slight increase in the pulse duration is measured, con-
firming the suitability of this fiber to deliver short pulses, in particular for a multimodal
endoscope.

2.2.8 Double clad for signal collection

In the endoscopic scheme, the signal collection is performed by the double clad
of the fiber. As explained in chapter 1, guidance inside the double clad is enabled by
adding a layer of low index polymer (Desolight DF-0016, n = 1.37) between the inner
cladding (silica) and the high index polymer cladding. To increase the efficiency of the
collection, two parameters are to be taken into account. First the collection surface, i.e.
the section of silica shown in figure 2.10 (a), has been increased with a NCF design as
compared to previously used Kagomé fibers (see section 2.2.2). Then the NA has to be
as high as possible to maximize the collection efficiency.

Figure 2.16 (a) shows the setup used to measure the numerical aperture of the double
clad. It is similar to the one used for the measurement of the hollow core NA (figure
2.14 (a)), except the injection into the inner cladding is performed with a high NA (0.65)
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Figure 2.16: (a) Schematic representation of the setup used to measure the NA of a fiber double
clad. (b) Measured 1/ e radius as a function of the relative camera position at A = 450 nm (blue
dots), and linear fit (solid blue line).

x40 microscope objective, coupled with a diffuser to guarantee all modes of the cladding
will be excited. This is sufficient because the NA of the microscope objective is above the
theoretical value of the NA calculated for the double clad of the fiber (0.5, see chapter 1).

Likewise, the cladding NA, at A = 450 nm, is obtained by plotting the 1/ e? radius
of the far field as a function of the relative position of the camera (blue dots in figure
2.16 (b)). The slope of the linear fit (solid blue line) returns the NA, in our case 0.38. While
it is not exactly close to the estimated value because it did not take into consideration
the high number of modes guided in the double clad, it is still a high NA and should
provide a good signal collection for the endoscope.
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Conclusion

A double clad hollow core fiber was designed and fabricated to be specifically applied
to multimodal nonlinear endoscopy. Eight capillary tubes surrounding the hollow core
allow singlemode guidance over a large spectral band, from 850 nm to more than
1750 nm, covering all typical excitation wavelengths used in nonlinear imaging. A group
velocity dispersion under 2 ps/nm/km over the whole transmission band also enables
the delivery of ultrashort pulses without temporal broadening. A silica double clad
surrounds the hollow microstructure to collect and back-propagate the nonlinear signal,
with a large surface (70 000 pm?), by virtue of the small microstructure size, and a high
numerical aperture (0.38, measured at A = 450 nm).
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Chapter 3

Endoscope assembly and performances

The double clad negative curvature hollow core fiber detailed in chapter 2 allows
the delivery of sub-ps pulses with peak power in the kW range, needed to generate the
nonlinear imaging effects. It can also collect and propagate the signals generated by
the sample. The DC-HCEF constitutes the center element of the nonlinear endoscope,
but needs additional elements to provide a usable imaging setup. First the output beam
of the fiber needs to be tightly focused to trigger the nonlinear effects and reach a high
resolution of imaging. The focused spot must also be shifted away from the fiber to
achieve a convenient working distance, which in term allows imaging under the sample
surface. This is performed with the addition of optical elements to the fiber tip, coupled
with a fixed micro-objective inside the endoscope head. Both elements are presented in
the first sections of this chapter.

The following sections expose the devices implemented to realize images from the
optical fiber. Indeed, to probe an area inside a biological tissue, the focused laser spot
needs to be moved around to scan an area. For this purpose, a piezoelectric tube is used
to provide a resonant excitation of the fiber tip.

Two different endoscope designs are then presented, and their performances are
compared to each other, including an imaging comparison. Finally, the full endoscopic
head design for multimodal imaging, with previously mentioned elements embedded,
is presented.
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3.1 Fiber tip functionalization

Hollow core fibers, in particular NCFs, present many advantages for multimodal
nonlinear endoscopy, but the major drawback is the output mode size. Because the core
diameter tends to be quite large, so is the fundamental mode (FM, see section 2.2.5).
On the other hand, in a fiber based endoscope, the spot size at the output is crucial to
determine the imaging spatial resolution. In this scope, the target spot size should be as
small as possible, meaning in the same order of magnitude as the wavelength. Thus, a
22 um FWHM spot is way too large. This needs to be addressed before assembling the
endoscope head onto the fiber.

It is important to note that by convention, the focal spot size for the excitation light
in an imaging setup, called point spread function (PSF), is taken as the FWHM. It differs
from the convention in optical fibers, where the mode size is measured by the mode
field diameter (MFD), which is the diameter at 1/e? of the maximal intensity. Because
the aim of this fiber is to perform imaging, we will hereafter express both the mode and
spot size as the FWHM.

The reduction of the mode size at the output of the DC-HCF can be achieved with
the addition of an optical element directly fixed at the fiber distal tip. This step is
therefore referenced as the fiber tip functionalization. Two options are proposed in the
following sections: a silica bead inserted inside the hollow core of the fiber and a graded
index (GRIN) fiber spliced to the DC-HCEF then polished to a fixed length. Both options
are implemented into an endoscope and an in-depth investigation of their respective
characteristics and results is provided later in this chapter.

3.1.1 Silicabead

Silica beads have be used to tightly focus a laser beam by generating a photonic
nanojet [106, 107]. Utilizing this effect, a silica bead can be placed directly inside the
hollow core of a fiber, acting as a ball lens. The FM is then focused to a small spot size
immediately after the fiber. This method has been successfully applied to endoscopy
setup both with Kagomé fibers [19] and NCF [21].

Fabrication

To accomplish this assembly, the DC-HCF is placed in the setup represented in
figure 3.1 (a). A white light is injected into the fiber, and its distal surface is imaged with
a Si camera. Silica beads of 45 um diameter are diluted inside water then spread on a
microscope slide. The slide is then dried with the beads attached to its surface. It results
in beads spread out far away from each other, has shown in figure 3.1 (b), making it
easier to isolate one to be embedded into the fiber.
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Figure 3.1: (a) Schematic representation of the setup used to place a silica bead inside the core of
a DC-HCE (b) 45 um beads in diameter, spread on the surface of a microscope slide and observed
with an optical microscope. Optical microscope images of (c) the endface and (d) side view of the
DC-HCEF after insertion of the silica bead.

The slide covered with beads is then placed vertically between the fiber endface and
the imaging optics, so that the camera can image the fiber and the beads alternatively.
The transverse position of the slide is adjusted to place a bead in front of the fiber core,
while moving the fiber closer. This is repeated until the bead is inserted inside the hollow
core. Moving the fiber back should then detach the bead from the slide and retain it
inside the hollow core. An optical microscope observation of the DC-HCF endface with
the bead inserted is provided in figure 3.1 (c). It is useful to monitor the microstructure,

Figure 3.2: (a) Scanning electron micrograph of a DC-HCF with a silica bead inserted inside its
core, with (b) a close-up view on the core region.
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in particular to ensure that no capillary has been damaged in the process. A side image
can be performed as well (figure 3.1 (d)) to confirm that the bead is entered sufficiently
inside the fiber core.

To prevent the bead from moving, or completely falling off the fiber, it is sealed to the
adjacent capillaries with a CO, laser (LZM-100, Fujikura). By controlling the duration
and power of the applied laser beam, the bead can be spliced without affecting the
microstructure of the fiber. This is confirmed by imaging again the tip of the fiber.

Figure 3.2 (a) shows SEM images of the DC-HCF after sealing the silica bead into its
core, with a close-up view on the core area (b). It shows that the bead can be inserted
and sealed without damaging the microstructure of the fiber. In particular, no capillary
was deformed, which means that the transmission should not be affected by the process.

Focal spot size

To evaluate the effect of the bead, we measure again the mode size and compare it
to the FM FWHM measured in section 2.2.5. Using the same setup, we image the output
mode, at A = 920 nm, before and after inserting the bead, shown in figure 3.3 (a) and
(b) respectively, denoting a significant spot size reduction induced by the silica bead.
Plots along the dashed lines are produced in figure 3.3 (c), showing the mode profile
with (red) and without (blue) the bead.
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Figure 3.3: (a) Fundamental mode of the DC-HCF imaged and (b) focalized spot after inserting
and sealing a silica bead inside its core, measured at A = 920 nm. (b) Plot along the dashed lines
for the fiber with (red dots) and without (blue dots) the bead, with a Gaussian fit (solid gray line).
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The spot size (FWHM) is reduced from 22 pm to 1.1 um, which is acceptable to
perform biological imaging in most applications. If realized with bulk optics, such a
decrease would have needed large focal length lenses, which is not suitable for micro-
endoscopy.

Numerical aperture (NA)

Because the size of the laser spot is reduced by the silica bead, the numerical aperture
is correspondingly increased. The NA of the output beam is an important factor to
consider in the design of an endoscope to match the distal optics as it will be discussed
hereafter. Consequently, we measure the NA, at A = 920 nm, with the setup shown in
figure 3.4 (a), similar to the one described in section 2.2.6.

To do that, the radius at 1/e? of the maximal intensity is plotted in figure 3.4 (b) (red
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Figure 3.4: (a) Schematic representation of the setup used to measure the NA of the DC-HCF
with a silica bead inserted into its core. (b) Measured 1/¢e* radius as a function of the relative
camera position at A = 920 nm and for the DC-HCF with (red) and without (blue) a silica bead.
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dots) and compared to results obtained previously for the DC-HCF without bead (blue
dots). The measured NA, slope of the linear fit (gray line), exhibits an increase of more
than an order of magnitude compared to the NA of the fiber without the silica bead.
This is a considerable enhancement, and will be addressed in following sections.

3.1.2 GRIN fiber

A substitute for the silica bead is to replace it with a GRIN lens spliced at the end of
the fiber. A GRIN lens is a GRIN fiber of a specific length designed to act as a convergent
lens by exploiting the spatial self-imaging mechanism.

Design and fabrication

Spatial self-imaging (SSI) is a particular property that can be exploited with GRIN
fibers. It leads to a periodic oscillation of the beam spatial distribution along the
propagation [108]. An input field is reproduced periodically at equally spaced distance
zgsr during propagation [109]. This distance is characteristic to the GRIN fiber, more
specifically to the radius and index difference of the fiber, and will be called hereafter
period of SSI. Consequently, if the GRIN fiber length is a multiple of zsgs;, the output will
reproduce the input shape of the field.

Using the model described in [110], we performed numerical simulations of a mul-
timode propagation inside a GRIN fiber. A 2D profile of the modal distribution as a
function of the propagation distance z is represented in figure 3.5 for A =920 nm. The
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Figure 3.5: Numerical simulations of the light intensity profile along the propagation distance
z inside a GRIN fiber, based on the model from [110]. The input mode has a 22 uym FWHM. The
GRIN fiber has a 30 um core radius and a 30.10~3 index difference between core and cladding.
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GRIN fiber has a parabolic profile defined as such :

2
r .
Ncore — (Mcore — nclad)-( rcore) ,  ifr <reore

Nclad » if r > reore

n(r) = 3.1)

where n¢ore and ngjaq are the refractive indices of the core and cladding of the GRIN
fiber, and 7¢ore is its core radius. We fixed 7gore = 1.4815 and 7gjaq = Meore — 30.1073 at
920 nm, which corresponds to the commercial germanium doped preform that we used
for the GRIN fiber fabrication. We also set the GRIN fiber radius to rcore = 30 pum. The
simulation was performed for an input mode of 22 um in diameter (FWHM) to match
the fundamental mode size measured previously for the DC-HCEF (see section 2.2.5).

The SSI period can then be calculated using the following formula [111] :

2
Ncore

ZSSI = TlTcore (3.2)

2 2
Ncore — nclad

In our case, it results in a SSI period of zss; = 470 um. Indeed, we observe in figure
3.5 that the input profile is periodically repeated at every multiple of this period, and is
reproduced at the output after six full periods. In addition, for a propagation distance z
of half the SSI period!, the field intensity is restricted to a much smaller mode profile.
Consequently, if the GRIN fiber length is set to Lgrin = %, or every odd multiple of
it, the output beam of the fiber will be a lot smaller than its input. In this manner, the
GRIN fiber would act similarly to a convergent lens, and thus could be called a GRIN
lens. We further emphasize on this phenomenon by showing in figure 3.6 the simulated
field intensity profile inside and at the output of a GRIN fiber with a length equal or
smaller than half its SSI period. Propagation along the direction z is represented with
z = 0 being the input of the GRIN fiber. The GRIN fiber core is illustrated by a light
translucent rectangle, and the smallest field profile size, and highest intensity, is marked
with a white dashed line.

First we focus on the case where Lgriy = 235 pm, which in our case is half the SSI
period. In this instance, the focal spot is exactly positioned on the GRIN fiber output
facet and has a FWHM of 2.8 um. As stated above, the input beam has a diameter of
22 ym (FWHM), and it is thus decreased by about an order of magnitude by the GRIN
lens. Although the de-magnification factor is still smaller than the one measured when
using the silica bead, the reduction in mode size achievable with this method is still
significant.

Moreover, the flexibility provided by the GRIN lens functionalization outperforms
the silica bead described above. As a matter of fact, the silica bead diameter is contained

10r more generally for z = (m +0.5) zssy, with m being an integer.
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Figure 3.6: Numerical simulations of the light intensity along the propagation distance z at the

output of the HCF (z = 0) for different GRIN fiber lengths Lgrin, based on the model from [110].
The light rectangle is the GRIN fiber core, the dashed white line is the position of the focused spot
and Az is its distance from the GRIN fiber endface.

in a very small range by the dimensions of the hollow core, and no other parameter can
be adjusted to tweak the focal spot size and/or position. With the GRIN lens however,
both these parameters can be addressed by changing the length of the GRIN fiber used.
First, figure 3.6 shows that when reducing Lggin, the focal spot is moved away from the
GRIN fiber endface, i.e. Az increases.

This evolution, shown in figure 3.7 (a), is almost linear for the range of GRIN fiber
length observed, and can grant a distance between the focus spot and the GRIN fiber
surface of 100 to 200 pm. These simulations also show an increase in focus spot size
(FWHM) that can be controlled with the GRIN fiber length (gray line in figure 3.7 (b)).
The black vertical dashed line in figure 3.7 represents half the period of SSI, in our case
Lgrin = 235 pm. As expected, simulations show that this value provides the smallest
spot size (2.8 um FWHM) and no gap between the focus spot position and the GRIN
fiber surface (Az = 0).

Because the spot size at the output of the fiber is decisive in determining the endo-
scope performances, we demonstrate experimentally the righteousness of these results
in figure 3.7 (b) (blue dots). For this, we first drew a commercial germanium-doped pre-
form to a GRIN fiber with a 30 um core radius and a 30.107° refractive index difference
between the core and cladding. It also has a 300 um outer diameter, fitting that of the
DC-HCE for fabrication ease. The GRIN fiber was spliced to the DC-HCF using a CO»,
laser fiber splicer (Fujikura LZM-100), then cleaved a few hundreds of micrometers away
from the splice. A specific Lggiy is then obtained by polishing the GRIN fiber surface
and measured with a side-view image acquired by an optical microscope. An example
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Figure 3.7: (a) Simulated distance between the focal spot and the GRIN fiber endface as a
function of the GRIN fiber length Lgrin. (b) Focal spot size (FWHM) as a function of the GRIN fiber
length Lgrin, measured (blue dots) and simulated with the model from [110] (gray solid line). The
vertical black dashed line corresponds to half the SSI period (i.e. zssy/2).

of such an image is shown in figure 3.8 (a). Measurements of the focus spot FWHM with
respect to the GRIN fiber length, represented in figure 3.7 (b) (blue dots), are obtained
by successive polishing of the GRIN fiber followed by a spot size measurement with the
setup described in section 2.2.5. The experimental data confirms the simulations, and
both show an increase in spot size of up to a factor 2 for the range of Lgrin probed.

Similarly to the bead integration inside the fiber, we can ensure that the fabrication
process to splice the GRIN lens at the tip of the HCF did not affect the fiber microstruc-
ture. Indeed, the GRIN fiber end surface can be imaged with an optical microscope,

(a) (b) (c)

HCF GRIN

Figure 3.8: (a) Side view of the GRIN fiber spliced to the DC-HCF then polished, observed with an
optical microscope. Image of (b) the GRIN fiber endface and (c) the DC-HCF / GRIN fiber interface,
observed with an optical microscope by adjusting the focal plane.
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as shown in figure 3.8 (b). Adjusting the microscope focus plane allows to image the
interface between the DC-HCF and the GRIN fiber, as shown in figure 3.8 (c). Although
the microstructure is not defined as clearly as when imaging the HCF structure in itself,
individual capillaries are distinguishable, which is sufficient to ensure that no major
damage was induced.

Finally, we shine a light on some other advantages of using this functionalization
method. In particular, the fabrication is less delicate and leads to a more robust design
over time. It also has the convenience of sealing the fiber output which prevents outside
intrusion (dust, humidity) and allows the surface to be cleaned if needed.

Focal spot size

As it was stated above, the spot size measurements at the output of the HCF func-
tionalized with a GRIN lens is realized with the setup described in section 2.2.5. The
imaged fundamental mode of the HCF is displayed again in figure 3.9 (a) and compared
to the spot obtained with the addition of a GRIN lens with a length of Lgriy = 130 pm
(figure 3.9 (b)). This value is not chosen arbitrarily, and the reasons for this decision will
be detailed in section 3.7.1. Plots along the dashed lines are represented in figure 3.9 (c)
for the HCF alone (blue dots), and with the GRIN lens spliced (red dots). A Gaussian fit
on the experimental data, represented by the gray solid lines in figure 3.9 (c), provides

1.4
(a) (C) e HCF output
1.2 1 e HCF + GRIN output

1.0

0.8 1
0.6 1

0.4 - 22 um

intensity (a.u.)

0.2 A

0.0

20 -10 0 10 20

radius (um)

Figure 3.9: (@) Fundamental mode of the DC-HCF imaged and (b) focalized spot after splicing
the GRIN fiber to the HCF and polishing it to a 130 um length, measured at A = 920 nm. (b) Plot
along the dashed lines for the fiber with (red dots) and without (blue dots) the green lens, with a
Gaussian fit (solid gray line).
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the FWHM measurements.

The mode size reduction provided by this method is significant and almost reaches
an order of magnitude, with a FWHM of 3.7 um after functionalization of the fiber.
Still, this spot size is a bit too large for imaging applications, especially compared to
the results obtained with the silica bead functionalization. Nevertheless, this can be
corrected when re-imaging the spot onto the sample, as will be described below.

Numerical aperture (NA)

(a)
camera
GRIN
fiber
supercontinuum
DC-HCF
BP filter relative distance'
(b)
e HCF:NA=0.024
0541 @ HCF+ GRIN:NA=0.11
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w »
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N
1
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Figure 3.10: (a) Schematic representation of the setup used to measure the NA of the DC-HCF
with a GRIN lens spliced at its distal end. (b) Measured 1/e* radius as a function of the relative
camera position at A = 920 nm and for the DC-HCF with (red) and without (blue) the GRIN lens.

The NA at the output of the GRIN lens is measured with the setup represented in
figure 3.10 (a), with a 920+5 nm bandpass filter fixing the wavelength. The radius (at
1/€? of the maximal intensity) of the far field with respect to the camera position is
depicted in figure 3.10 (b) for the DC-HCEF before (blue dots) and after (red dots) splicing
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the GRIN lens. The measured NA is retrieved with a linear fit, and values are exhibited
in the legend of figure 3.10 (b).

Because the spot size reduction is not as considerable as it is with the silica bead,
the NA do not reach such a high value. The two functionalization techniques reached
different results, each having its own advantages. It seems that both method could be
employed in an endoscopy scheme depending on the requirements to be met.

As a summary, the beam properties at the output of the endoscopic fiber and for
both functionalization methods are joined in the following table :

HCF bead GRIN
spot size (um) 22 1.1 3.7
NA 0.024 0.3 0.11

3.2 Micro-objective

Regardless of the fiber tip functionalization method, the focal spot is inherently
located very close to the fiber endface, up to a few dozens of micrometers away. Yet
microscopy standards provide a working distance (WD), meaning the distance between
the optics and the imaging plane, up to several millimeters. To increase the working
distance of the endoscope, so as to get closer to microscopes performances, additional
optics need to be embedded to the distal design. In addition, distal optics can further
decrease the laser spot size at the output of the endoscope, called PSF and measured at
FWHM, with a magnification factor < 1. This should be of particular importance for
a GRIN lens functionalization of the HCE as the spot size reduction is less significant
than for the silica bead functionalization. However, because the scanning mechanism
will be applied to the fiber, the magnification factor of these optics will also apply to the
scanning pattern, and could restrict the field of view (FoV, width of the scanned area
on the sample) of the endoscope. Consequently, a compromise must be made on the
magnification factor to provide a small enough spot size, for high resolution imaging,
and a large enough field of view.

In this scope, we propose two different designs of distal optics combined to form
so-called micro-objectives: an objective formed with four micro-lenses designed to
be coupled with the silica bead functionalization, and one based on a GRIN fiber
specifically made to be joined with the GRIN lens functionalization.
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Figure 3.11: Schematic representation of the micro-objectives inserted and fixed into the endo-
scope head, based on (a) four micro-lenses or (b) a GRIN fiber. The image plane is the laser spot at
the output of the endoscopic fiber, and the object plane is the plane to image inside the sample.

Micro-lenses objective

The first design we implemented is a combination of four achromatic doublets,
based on [35]. The disposition of the lenses is schematically represented in figure
3.11 (a). The four micro-lenses have an image focal distance f’ of 9 mm (Edmund
Optics 83-338), 6 mm (Edmund Optics 65-569), 4 mm (Edmund Optics 65-568), and
3 mm (Edmund Optics 65-567). It has a total length of 8 mm for a 2 mm diameter, small
enough to be integrated into a compact endoscope head.

The objective was designed to provide a 0.63 magnification ratio (from the image
plane to the object plane) and a 600 um working distance (WD) on the object side,
which is the output of the endoscope. The WD on the image size, i.e. distance from the
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fiber to the objective, is 1.7 mm. The NA is 0.45 on the object side and 0.3 on the image
side. This micro-lenses design is a good compromise for an input spot already small
enough to provide high-resolution imaging, in our case supplied with the silica bead
functionalization, and a FoV that is not much reduced. However, it does not yield a small
enough magnification ratio for it to be combined with a GRIN lens functionalization. For
this reason, the micro-lenses objective will henceforth be combined only to a DC-HCF
with a silica bead inserted inside its core.

GRIN fiber objective

An alternative to the micro-lenses assembly is a GRIN micro-objective. For this,
commercial products are readily available, and designed for endoscopy applications.
In our case, we chose a GRIN fiber objective from GRINTECH GmbH (GT-MO-070-
016-ACR-VISNIR-30-20), represented in figure 3.11 (b)2. Tts main advantage is a 0.22
magnification ratio, fitting requirements for the GRIN lens functionalization of the HCE
The objective diameter is also much smaller (1.3 pm), which could allow even smaller
endoscopic probes.

The drawbacks of this objective is the decrease of the FoV with the magnification
ratio, and a smaller WD (300 pum in water, corresponding to 225 um in air, on the object
side). On the other hand, the NA of the objective is 0.7 on the object side, much larger
than the micro-lenses one, increasing the collection efficiency of the endoscope. On the
fiber side, the WD is 200 um and the NA 0.22.

In summary, a comparison of the optical properties for each micro-objective is
provided in the following table :

micro- magni-
objective | fication NA (obj.) | NA(im.) | WD (obj.) | WD (im.)
lenses 0.63 0.45 0.3 600 um 1.7 mm
300 um
GRIN 0.22 0.7 0.16 (in water) | 200 um

3.3 Resonant fiber scanning device

The scanning device implemented inside the endoscope head is based on a piezo-
electric tube and offers a cost-efficient and very small solution. Consequently, it has

2Redrawn from the manufacturer data sheet.
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been widely used for endoscopy applications [15, 19, 54, 79, 80]. The scanning device
and its driving were not developed in the context of this thesis. Therefore, the results
presented in this section originate from the work of Guillaume Ducourthial during its
PhD thesis [81], later revised by Alberto Lombardini [35] and Vasyl Mytskaniuk [36].

We used a 10 mm long, 0.9 mm inner and 1.5 mm outer diameter piezoelectric
tube from Physik Instrumente. The tube is made of a ceramic material (PIC255) and
four isolated electrodes (Copper Nickel, CuNi) placed on its outer surface, forming two
pairs of diametrically opposed electrodes. These pairs set two orthogonally oriented
directions, x and y, that can be addressed separately with two driving voltage, Vs and
V.

The piezoelectric tube is set around the fiber and its movements are passed along to
the fiber through the intermediary of two ceramic custom-made parts, glued to both
the fiber and the piezo tube. For low voltages (<50 V), the displacement of the tube is in
the micrometer range, but the fiber tip can reach an amplitude of oscillation of several
hundreds of micrometers when the driving signal is set to the mechanical resonance
frequency of the fiber. This frequency f;.s depends on the fiber material, diameter, air
fraction, the length of fiber that protrudes from the tube, and the direction of applied
tension. When exciting the two axes resonantly, one can achieve a circular motion, that
can be turned into a spiral pattern by adding an amplitude modulation.

If we consider the system to be ideal, which in our case means that the movement of
the fiber in response to a specific voltage is the same for both axes, a circular pattern
is achieved by driving both axes of the piezoelectric tube with sinusoidal waves at the
frequency fres and with a /2 phase difference. The driving voltages can then be defined
as:

V(1) = Vinax - SIN2T frest) (3.3a)
Vy(1) = Vinax - COS(2T frest) (3.3b)

with Vi« the amplitude of oscillation, and ¢ the time variable.

To transform the fiber tip movement into an expanding spiral pattern, a modulation
of the amplitude is added. A simple example is a slowly varying envelope such as
sin(27 fmoq ) oscillating at a frequency finoq < fres- The driving voltages thus become :

V(1) = Vinax - SIN27 finodt) - SIN(2T frest) (3.4a)
Vy(£) = Vinax - SINRT finod?) . COS(2T frest) (3.4b)

Because the sampling for each circle remains constant, sampled points draw away
from each other on the edge of the spiral. A sinusoidal modulation of the driving signals,
rather than a linear one, is then preferred to balance the sampling density throughout
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Figure 3.12: (a) Example of sinusoidal driving signals in x (blue) and y (red) directions to
produce a spiral scan (b). Both axes are driven with a resonant frequency fres = 200 Hz, and a /2
phase difference.

the spiral scan, decreasing the distance between circles when moving away from the
spiral center.

An example of such driving voltages and the spiral expanding pattern produced is
represented in figure 3.12 (a) and (b) for fres =200 Hz, fioq =3 Hz and Vipax = 1 V. Once
the spiral scan is performed, the fiber needs to be brought back to its original steady
position before starting another scan. Fiber relaxation can be accomplished through
friction, with no driving needed (Vi = Vj = 0). However, it is much faster to perform
this with a so-called active breaking, during which both axes are driven with a phase
inversion. The driving during these steps is represented in figure 3.13 for a resonant
frequency of fres = 100 Hz, with fi0q = 0.5 Hz and Vipax = 1 V. The modulation frequency
for the breaking phase is chosen to be 5 times higher than for the scan phase (i.e. 2.5 Hz),
to decrease the breaking phase duration and therefore increase the overall acquisition
rate. The breaking phase is usually followed by a rest phase during which no driving is
applied to either axis. This step is not mandatory, but ensures the fiber is still before
starting the next cycle.

The driving signals described hereafter consider the ideal scenario where the ma-
terial response is identical for both axis. In reality, a mismatch between the measured
resonant frequencies of both axes, fresx and fresy, is inherently present. A mismatch
below 1 % (a few Hz in our case), where the resonant frequency is set between fiesx and
Jres,y» is acceptable but a greater mismatch generally leads to distortions of the scanning
pattern and a hassle to obtain a large FoV.

To apply these waveforms in a real setup, the laser spot at the output of the endo-
scope is imaged onto a position sensing detector (PSD, PDP90A, Thorlabs). The position
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Figure 3.13: (a) Example of excitation signal for a full image acquisition cycle that produces the
spiral pattern of (b). The scan phase, or expansion phase, is followed by an active braking phase
during which both axes are excited in anti-phase, then a rest time with no driving applied.

of the spot over a scanning cycle is displayed using a custom Labview or python software
and can be modified by adjusting the parameters mentioned above. First, the driving
frequency must be set to fit the resonant frequency of the fiber. This is performed by fix-
ing the driving amplitude Vi ax, and fine-tune the driving frequency until the amplitude
of the scan is maximal. In our case, the resonant frequency of a fiber with a freestanding
length of 11 mm is about 1800 Hz. Figure 3.14 (a) shows the outline of a scan measured
with this driving frequency. The red line is a circle fit of the measured points, and allows
us to ensure the circular shape of the scanned area.

In addition, the driving amplitude Vi, is adjusted to obtain different FoVs, and the
modulation frequency fi0q4 determines the acquisition rate. The modulation frequency
of the breaking phase is set to be as high as possible to reduce the breaking duration.
Figure 3.14 (b) and (c) show the braking phase pattern and position on both axes
respectively. It shows that by tuning each parameter with a live visualization, a breaking
phase of only a few oscillations is attainable, leaving most of the scanning cycle duration
to the scan phase. It also ensures that the fiber remains still after the breaking phase,
which avoids distortions at the start of the next scan.

Ultimately, the acquisition speed and FoV allowed by this device are limited by the
resonant frequency of the fiber. Because the frequency of the driving signals is fixed by
the resonant frequency of the fiber, changing the acquisition rate, via the modulation
frequency, only sets the number of circles formed during the spiral scan, i.e. the number
of oscillations on both axes. The FoV however, is set by adjusting the amplitude Vijax.
Increasing the FoV upscales the spiral pattern while maintaining the number of circles,
inherently increasing the distance between consecutive circles. For a proper sampling,
this distance should be as small as half the PSE For instance, if we fix fies = 1800 Hz,
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0.82

Figure 3.14: Example of (a) scanning pattern contour, (b) breaking phase pattern and (c)
breaking phase position in x (top) and y (bottom) directions, measured with a position sensing
detector (PSD). (a) and (c) subfigures were acquired with a custom Labview software, and (b) with
a custom python software.

with a FoV of 200 um and an acquisition rate of 10 frames per second (FPS), the distance
between consecutive circles (in the imaging plane and for the GRIN fiber objective)
is 556 nm. In addition, this distance also has to be smaller than the pixel size of the
rendered image to ensure that all pixels on the image are sampled. If we consider again
the previous example, it leads to a maximal image size of 360x360 pixels. This should
be considered when numerically reconstructing images. To summarize, here are the
sampling rules capping the performances of the endoscope :

z.ﬁes
AR

FoV.AR - PSF

< , N <
z.ﬁes 2

(3.5)

with AR the acquisition rate, or number of images acquired per second, and N the width
of the rendered image in pixels.
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3.4 Numerical acquisition

To operate the endoscope, a combination of electronic devices is needed. Figure
3.15 summarizes the different parts of this arrangement and their entanglements. First,
to drive the piezoelectric tube, four analog signals are needed, one for each electrode.
These are brought by two separate terminal blocks (BNC-2110, National Instruments),
both connected to the same acquisition card (PCle-6363, National Instruments) inside
the control computer. The four signals are amplified (E-835.00, National Instruments)
before being relayed to the piezoelectric tube, as the acquisition card provides too
weak voltages (+5 V). A third terminal block is used as a power supply for the PSD
(PDP90A, Thorlabs), and is connected to another acquisition card. The PSD has three
numerical outputs, namely x, y and x + y, that allow to reconstruct the spot position
at any given time. Finally, the signals collected by the optical fiber are detected with
a photo-multiplier (PM, H7422-40, Hamamatsu) that also sends a numerical signal.
It grants access to the nonlinear signal evolution over time. All numerical signals are
relayed to one of the acquisition cards through either of the terminal blocks.

analog output
——— digital input

terminal 2 | <
PM J o

acquisition
cards

piezo-tube «——
driving ¥

amplifier

\ 4

N

e

Figure 3.15: Arrangement of the electronic components for numerical acquisition in the en-

doscopy setup. It drives the piezoelectric tube scanner, records the nonlinear signals detected by
the photo-multiplier, allows calibration of the scanner via a PSD, and reconstructs images with a
custom python (or Labview) software.

The electronic setup is operated by a custom-made software, of which two equivalent
versions have been developed, based on python and Labview respectively. A calibration
of the scanner is mandatory to obtain a proper spiral pattern and a short active break. It
is performed by adjusting parameters detailed in the previous section, for the scan and
break phases separately. To correlate the driving voltage amplitude Vi« with the actual
FoV produced, the latter is measured using a chart (R1DS1, Thorlabs) for an arbitrary
value of Vp«. After that, the FoV can be freely decided with appropriate value of Vi,
as long as the driving frequency remains unchanged.
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As it was mentioned above, the FoV and AR can be easily defined by appropriately
setting the driving parameters, although a full calibration is essential for each FoV/AR
combination. Once the calibration is complete, the 2D position of the spot is recorded
during a spiral scan. These position-over-time values are saved and will be used to
reconstruct images in real-time. Thus, several calibrations can be saved beforehand, al-
lowing to quickly switch FoV and/or AR during imaging. Ideally, the scanner calibration
has to be routinely readjusted. It avoids any distortion in images reconstruction, as the
fiber response to the resonant excitation can slightly drift over time. Lastly, the custom
software can display a mean over several frames, thus increasing the imaging contrast,
which can be of particular interest for weakly emitting samples or tissues.

3.5 Endoscopic head
All distal elements detailed in this chapter are encased inside a bio-compatible
stainless steel tube, forming the endoscopic head. It has a 2 mm inner diameter, a

3 mm outer diameter and a 40 mm length. The piezoelectric tube is glued on both ends
to ceramic pieces that transmit the vibrations to the fiber on which they are glued as

(a) silica bead micro-lenses

HCF
=l

piezo-tube

driving
ceramic piezo-tube ceramic metallic tube
(b)
HCF :
piezo-tube
driving

GRIN fiber GRIN micro-objective

Figure 3.16: Schematic representation of the two endoscopes fabricated and tested in this work,
based on the combination of (a) a silica bead functionalization of the fiber tip and a micro-lenses
objective, or (b) a GRIN fiber functionalization of the fiber tip and a GRIN fiber based micro-
objective.
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well. Four conduits are carved into the proximal ceramic piece, leading the electrical
wires to the four electrodes of the piezoelectric tube. The wires are then soldered to the
appropriate electrodes with particular attention to the welding size, which should not
exceed the ceramic piece outer diameter to avoid short-circuits®.

Two endoscope schemes arise from the results presented above. The first one,
represented in figure 3.16 (a), has a silica bead inserted and sealed inside the hollow
core of the DC-HCE and four micro-lenses fixed inside a separate bio-compatible
stainless steel tube (not shown in figure 3.16 (a)), which is itself settled inside the main
tube. As explained above, a 0.3 NA is reached after the bead functionalization, which
means that the beam is rather large at the input of the micro-lenses objective. During
the scan, especially on the edges of the spiral, it could lead to some clipping of the
excitation source, meaning that the beam is too large to be collected entirely by the
objective. It is then required to increase the average power of the excitation source to
achieve a comparable nonlinear signal generation.

The second one (depicted in figure 3.16 (b)) includes a GRIN fiber spliced to the
distal tip of the DC-HCE and a commercial GRIN fiber based micro-objective. Likewise,
the micro-objective is set inside a separate bio-compatible stainless steel tube of 2 mm
outer diameter that protrudes from the main tube, on which it is glued. Because the
NA at the output of the fiber with a GRIN lens functionalization is much lower than
with the bead, and because the GRIN fiber micro-objective is much closer to the fiber
endface, the beam at the input of the objective is in this case much smaller. The clipping
of excitation light is therefore not in issue in this endoscope configuration.

3.6 Fiber tip bead functionalization and micro-lenses ob-
jective

The first endoscope design we implemented integrates a silica bead functionaliza-
tion of the fiber, with a micro-objective composed of 4 micro-lenses. Although the
bead might not be the best suited for durability, this combination provides the best
compromise between FoV and PSE

The distal components of the endoscope are encased inside a 2 mm inner diameter
tube, which then represents the theoretical limit of the scan performed by the fiber
distal tip. In practice, we found that a maximal scan diameter of 1 mm avoids distortion
on the image edges caused by aberrations of the fixed micro-objective and an increased
PSE For this reason, and because of the 0.63 magnification factor of the objective, the

3Short-circuits may happen if two or more weldings are in contact with the steel tube, and prevent
from attaining a proper resonant excitation of the fiber.
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maximal FoV achievable by this combination is about 600 pm.

3.6.1 Parasitic noise

Despite the benefits, we encountered two major issues when applying this endo-
scope design to nonlinear imaging. Both resulted in a parasitic signal that decreased
the signal-to-noise ratio (SNR) or even overpass the desired signal.

Two photon fluorescence on the low polymer coating

When performing 2PEF imaging using this endoscope, we encountered a strong
noise, present on all images regardless of the sample under study. To determine its
origin, we recorded the signal collected in a typical endoscopy setup, represented in
figure 3.17, without pointing the endoscope head to a sample. The endoscope head
was placed inside a sealed carton box to prevent it from collecting ambient light. The
laser source is an ytterbium doped master oscillator (Monaco, Coherent) pumping
a broadband optical parametric oscillator (Opera-E Coherent), tunable over the 640-
940 nm and 1147-2676 nm ranges, and delivering 40-80 fs pulses with an energy of a
few pJ, at a 1 MHz repetition rate. The excitation wavelength for the following results is
fixed at Aexc = 920 nm. A collection filter, 565+66 nm bandpass (BP), sets the collected
signal to target common fluorophores like GFP (green fluorescent protein). Detection is
performed by a photo-multiplier (PM, H7422-40, Hamamatsu) with a spectral response
from 300 nm to 740 nm.

<+

BP filter e————

N2 H
fs laser || m  [E—""
DC-HCF
polarizer 850 nm

dichroic mirror

Figure 3.17: Experimental setup to detect and identify the noise observed in 2PEF imaging. It
corresponds to a typical endoscopy scheme deprived of any sample to probe.

To identify the causing effect of this noise, we detected the signal with increasing
excitation average power Pj, (blue dots in figure 3.18 (a)), measured before injection
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Figure 3.18: (a) Linear and (b) log-log representation of the noise signal detected with respect to
the excitation average power Pi,, measured before injection into the fiber core.

into the DC-HCF core. The maximal average power delivered by the laser at 920 nm is
about 1250 mW. Any value below this maximum is obtained by adjusting a half-wave
plate coupled with a polarizer, as depicted in figure 3.17. A quadratic fit is added to the
measurements (gray solid line) and corresponds well with the experimental data. It
is ensured by plotting the log-log evolution in figure 3.18 (b). The slope of the linear
fit (2.1) confirms the quadratic dependence of the noise with respect to the excitation
average power.

This quadratic evolution of the noise signal implies that it arises from a 2PEF or
SHG effect generated by some element inside the endoscope. It is however unlikely that
SHG would happen, considering the materials involved®. To confirm it, we measure the
detected signal with respect to its wavelength in figure 3.19 (a). With a constant excita-
tion signal at a average power Pj, = 1 W, the BP filter mentioned above is successively
replaced by 10 nm wide BP filters. The signal detected has a spectral emission located
in the 500-600 nm range. It is higher than the wavelength of second harmonic (460 nm
here) which leads to award this noise to a 2PEF effect.

In figure 3.19 (b), we measure the parasitic signal as a function of the excitation
power for the DC-HCF (blue dots), then after the silica bead functionalization (red dots),
and finally for the full endoscope (green dots), meaning for the fiber functionalized
with a silica bead and with a micro-lenses objective. In all three instances, we obtain

“Because SHG can only happen in non-centrosymmetric media, as explained in chapter 1, which is
not the case of amorphous glass.
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Figure 3.19: (@) Noise signal detected as a function of the collected wavelength, fixed by 10 nm
wide bandpass filters, for an excitation average power of Pin, = 1 W at Adexc = 920 nm. (b) Noise
signal detected with respect to the excitation average power Py, for a propagation inside the HCF
alone (blue dots), after the silica bead functionalization (red dots), and with the silica bead and
the micro-lenses objective (green dots). The collection wavelength range is set by a 565+ 66 nm

bandpass filter.

a quadratic evolution with similar intensity. Consequently, the 2PEF noise must be
generated inside the fiber itself and not in the distal optics added to the endoscope

scheme.

Because the propagation inside the core is in air, we assume that the 2PEF noise
must be triggered by a portion of light not coupled to the fiber core during injection. By
imaging the near field at the output of the DC-HCF with a Si camera, we optimize the
injection by maximizing the light coupled to the FM. For this we moved the proximal
end of the DC-HCEF in three directions with respect to the injection lens. We record the
noise, then add a misalignment Az in the z direction, which decreases the light coupled
to the fiber core, and therefore increases the light coupled to the double clad. Figure
3.20 (a) shows a significant increase of the measured noise with the misalignment Az,

therefore with the light intensity inside the double clad.

The origin of the 2PEF noise thus lies indeed in the cladding materials, and our
attention naturally draws towards the polymer cladding surrounding the inner silica
cladding. To investigate its fluorescent response, we spread a thin layer of low index
monomer (Desolight DF-0016) onto a microscope cover-slip then polymerize it. We
afterwards place it vertically at the laser focal spot to replace the proximal tip of the fiber.
Figure 3.20 (b) is the measured noise as a function of the excitation average power. The
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Figure 3.20: (a) Measured dependence of the noise signal with the quality of injection into the
fiber core, for an excitation average power of Pi, = 1 W. The injection is optimized to maximize
the transmission into the FM of the HCE then a misalignment is added in the z direction (Az > 0)
resulting in less power guided in the DC-HCF core and more in the double clad. (b) Signal detected
when replacing the fiber input by a thin layer of low index polymer at the focal spot of the laser. A
monomer is spread on the surface of a microscope cover-slip then polymerized.

signal is very high and has a quadratic profile. It confirms that the 2PEF noise observed
previously is generated at the silica/polymer interface by light coupled to the inner
cladding. Consequently, the injection into the hollow core must be carefully optimized
and regularly adjusted in order to minimize this effect, as a small misalignment of
the injection will lead to an imaging noise increasing with the average power of the
excitation source.

Because a > 80% coupling ratio to the FM of the core is attained across the first
transmission band of the fiber, this effect is expected to be very weak for low average
power of the excitation source, as it should be the case for biological imaging. However,
it forces to be mindful of the injection inside the fiber, as a slight misalignment could
cause a sharp increase of the imaging noise.

Third harmonic generation inside the silica bead

The noise signal detailed above can be an issue in performing high contrast 2PEF
and SHG images, but should not have any impact on 3PEF nor THG imaging because
it would require three photon absorption to happen in the polymer layer, though the
probability is far lower than two photon absorption. Nonetheless, we found that another
affect restrains 3PEF and THG imaging in this endoscope arrangement. Indeed, only
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a very weak contrast was reached with these imaging techniques, which goes against
the expectations (see chapter 1). Because a very high power density is reached when
focusing the beam to a small spot with the silica bead, this low contrast could be caused
by a third harmonic signal generated at the bead surface. Indeed, THG is produced for
high power density at the interface between two dielectric media of different refractive
indices, which matches the conditions at the silica/air interface on the output surface
of the bead.

To investigate it, we measure, following the scheme in figure 3.21 (a), the spectrum
at the output of the DC-HCE Figure 3.21 (b) shows the results before (blue) and after
(red) the bead insertion, for an input wavelength of 1300 nm.
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Figure 3.21: (a) Schematic representation of the setup measuring the spectrum at the output
of the DC-HCF functionalized with a silica bead, and (b) spectrum measured before (blue) and
after (red) functionalization. Acquisitions were performed at Aexc = 1300 nm and for a constant
average power Peye =1.2 W.

An intense peak, visible to the eye, around 433 nm is detected only with the bead
inserted, confirming this parasitic signal arises from an interaction inside it. Moreover,
the emission wavelength of this signal is exactly a third of the excitation wavelength,
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and corroborates the THG origin. Therefore, this signal is in the range of THG imaging
signals, as their origin lies in the same effect, and raises the noise when performing
such imaging. Additionally, this signal at 433 nm could cause linear fluorescence inside
the sample, with an identical emission spectrum to 3PEF imaging but reduced spatial
resolution, and increased ou-of-focus background. Conversely, it causes a decrease
in imaging contrast for both THG and 3PEF imaging. 2PEE SHG and CARS imaging,
however, are not affected by this effect, which explains why endoscopes performing
them with a bead functionalization of the fiber have been reported [19, 21].

3.7 Fiber tip GRIN functionalization and GRIN micro - ob-
jective

The GRIN lens functionalization, presented in section 3.1.2, is a good alternative to
the silica bead. It produces a larger spot size which can be corrected by a GRIN fiber
micro-objective, at the cost of a smaller FoV. If we consider again the maximal scan
width of the fiber tip to be 1 mm, the magnification of the GRIN micro-objective only
allows to reach a 200 um FoV. It is less favorable than what the micro-lenses objective
provides, but sufficient to perform biological imaging.

Regarding the 2PEF noise from the low index polymer layer, detected in the previous
design, it remains unchanged because the fiber itself is the same. However, it avoids
power losses caused by clipping inside the endoscope head and results in a lower
average power needed at the input of the fiber, which in term reduces the impact of this
noise if any misalignment of the injection is present.

3.7.1 Third harmonic generation noise reduction

Because the major issue of the endoscope scheme presented previously is a signifi-
cant THG noise that restrains the contrast of 3PEF and THG imaging, we perform the
same spectrum measurements, following the setup shown in figure 3.22 (a), with a GRIN
lens spliced to the distal tip of the DC-HCE

The measured spectrum, depicted in figure 3.22 (b) shows again a high THG peak,
comparable to results obtained for the silica bead functionalization, for a GRIN fiber
length of Lgrin = 235 pm (blue), which provides the highest spot size reduction (see
section 3.1.2). It was actually predictable because in this case the focalization happens
exactly on the output surface of the GRIN fiber, as in figure 3.6 (a). It results again in a
high power density at the interface between silica (GRIN fiber core) and air, favoring
THG.

Although, with this technology, we have seen that reducing the GRIN fiber length

79



CHAPTER 3. ENDOSCOPE ASSEMBLY AND PERFORMANCES

(@)

GRIN
fiber
fs laser —— OSA
DC-HCF

Leriv = 235 pm
Leriv = 180 pm
Leriv = 120 um

_75 .

|
(e}
o

intensity (dBm)

|
(o]
Ul

|
©O
o

350 400 450 500 550 600
A (nm)

Figure 3.22: (a) Schematic representation of the setup measuring the spectrum at the output
of the DC-HCF functionalized with a GRIN lens, and (b) spectrum measured for Lgrin = 235 um
(blue), Lgrin = 180 um (green), and Lgrin = 120 um (red). Acquisitions were performed at
Aexc = 1300 nm and for a constant average power Pey. = 1.06 W.

Lgrin moves the focal spot position away from this interface, and therefore reduces
the power density on the fiber endface. The green curve in figure 3.22 (b) shows a
great reduction of the THG peak intensity for Lgryy = 180 um, and it decreases further
to below the OSA noise threshold for Lgginy = 120 pm (red curve). We conclude from
these measurements that a GRIN lens functionalization with Lgginy = 120 pum should
be enough to highly reduce, if not suppress completely, the third harmonic signal
hampering 3PEF and THG imaging.

3.8 Imaging comparison

The improvements provided by a GRIN functionalization are further accentuated
by comparisons of 2PEF and 3PEF imaging. The endoscopic setup is similar to the
one presented in figure 3.17 and will be presented in detail in the next chapter. The
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laser source is an ytterbium doped master oscillator (Monaco, Coherent) pumping a
broadband optical parametric oscillator (Opera-E Coherent), delivering 40-80 fs pulses
with an energy of a few pJ, at a 1 MHz repetition rate. The excitation wavelength for
the following results is fixed at Aexe = 920 nm for 2PEF and Aex = 1300 nm for 3PEE For
both, a 565+66 nm BP filter precedes the PM to ensure only the fluorescence signal is
detected.

First, figure 3.23 depicts 2PEF images of 2 ym in diameter fluorescent beads (a, c)
and neurons inside a mouse brain (b, d) marked with GFP°. Both endoscope schemes
are able to produce 2PEF images, including on biological tissue. However, it is clear
from figure 3.23 that images obtained with the GRIN functionalization (c, d) grant a
better contrast. In fact, the noise background previously awarded to 2PEF from the low
index polymer layer around the silica inner cladding is distinctly observed on images
recorded with the bead functionalization (a, b) and impairs the overall image quality.
Because this issue is due to the quality of injection into the hollow core, it should be
limiting for both functionalization methods. Yet, because a higher excitation average
power is needed with the bead functionalization to compensate for the clipping inside
the endoscope head, it remains primarily an issue in that case.

Furthermore, a 3PEF imaging comparison of the same 2 pum fluorescent beads is
illustrated in figure 3.24 (a, b). The image obtained with the GRIN functionalization (b),
free of THG noise background, shows a drastic improvement in signal-to-noise ratio
(SNR) over the one obtained with the bead functionalization (a). It is highlighted by a
plot along the dashed blue lines (c). Figure 3.24 (b) exhibits a better definition of the
fluorescent beads contour and almost no noise background, where it is almost half of
the maximal detected signal in figure 3.24 (a).

fluo. beads mouse brain fluo. beads mouse brain

(d)

Figure 3.23: 2PEF imaging comparison of the endoscope based on a (a, b) bead or (¢, d) GRIN
functionalization. Scale bars are respectively: (a) 10 um, (b) 25 um, (c) 20 um and (d) 40 um.
Excitation average power on the samples are respectively: (a) 18 mW, (b) 34 mW, (c) 10 mW and
(d) 28 mW. Images are recorded with a 2 FPS acquisition rate and averaged over 5 images.

5A full description of the sample preparation is provided in chapter 4.
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Figure 3.24: 3PEF imaging comparison of fluorescent beads with the endoscope based on a
(a) bead or (b) GRIN functionalization. Scale bars are respectively: (a) 10 um and (b) 20 um.
Excitation average power on the samples are respectively: (a) 26 mW and (b) 11 mW. Images are
recorded with a 2 FPS acquisition rate and averaged over (a) 20 and (b) 5 images. (c) Plot along
the dashed lines in (a, light blue) and (b, dark blue).

Additionally, figure 3.24 (a) is the only 3PEF image captured with this endoscope
scheme as it needed a high average power on the sample (25 mW) and an averaging
along 20 images, causing some photo-bleaching over time at the center of the image.
This is a common issue with this type of scanning mechanism, as will be discussed in
the following chapter, and denotes the limitation for achievable images. 3PEF imaging
on biological tissues is thus hardly conceivable with this endoscope scheme, which
is a major issue in the context of this work. Consequently, subsequent results will
focus only on the endoscope scheme combining a GRIN functionalization and a GRIN
micro-endoscope.

It is noteworthy that the bead functionalization is still a viable method for certain
use cases, notwithstanding these issues, particularly for large FoV imaging. Likewise, the
GRIN functionalization can be combined with a micro-lenses objective if a compromise
on the resolution can be made, even though it will not be investigated further here.

Conclusion

A multimodal nonlinear endoscope is assembled, based on a double clad hollow
core fiber functionalized at its distal tip to produce an output spot small enough to
perform high resolution imaging. A fixed micro-objective enables to further reduce this
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spot size as well as shifting its position, increasing the working distance to either 600 um
with a micro-lens based objective, or 300 pm for a GRIN fiber based objective. Scanning
is performed by a doubly resonant piezoelectric tube that produces an expanding spiral
pattern. The GRIN lens fiber functionalization, although it grants a larger spot size,
which ultimately leads to smaller FoV when coupled to the GRIN objective, avoids
parasitic THG noise generation inside the silica bead when trying to perform 3PEF or
THG imaging. It also corrects the clipping issue caused by the high NA at the output
of this bead functionalization, which forces to raise the excitation power, leading to a
2PEF noise generation at the cladding / low index polymer interface. In term, it raises
the imaging noise when applying 2PEF or SHG modalities. Imaging comparison, using
2PEF and 3PEE of both designs shows a massive increase of contrast and overall image
quality when using the GRIN fiber functionalization.
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Chapter 4

Nonlinear endoscopic imaging

The main attribute of the present endoscope is the multimodality. We give a particu-
lar attention to the integration of 3PEF and THG imaging modalities to 2PEE SHG and
CARS techniques, already demonstrated in similar devices [15, 19, 21, 55, 64, 112]. 3PEF
and THG modalities benefit from an improved spatial resolution and SNR, thanks to a
higher excitation localization [26], and allow imaging for depth into tissues in the mil-
limeter range [10, 12], unreachable by 2PEF and SHG [27-32] because of the adequacy
of its excitation wavelength for propagation in biological tissues [6].

However, the generation of 3PEF and THG effects requires higher peak power than
2PEF and SHG which causes issues when transferring these techniques from NLOM to
micro-endoscopy (see chapter 1). First reports consisted of fiber-based sources with
bulk distal optics [6, 28, 32, 113], though it did not provide a truly flexible and miniature
endoscope. With the generation of solitons directly inside the endoscopic solid core
fiber, Akhoundi er al. [52] obtained a flexible and miniature probe capable of 3PEF and
THG, but restrained to a single excitation wavelength, thus not suitable for multimodal
imaging. Recently, a 3PEF endo-microscope was realized for in-vivo imaging deep
inside a mouse brain using a hollow core fiber [31], but again with a relatively bulky
head (> 1 cm in diameter).

In this chapter, we present the experimental setup implemented to perform mul-
timodal nonlinear endoscopic imaging. Characterization of the endoscope design
fabricated is provided through spatial and axial resolution measurement and compar-
ison between 2PEF and 3PEF imaging on various samples. A study of the different
acquisition parameters, in particular the acquisition rate and averaging, and their im-
pact on the image quality is then outlined. Afterward, a thorough description of all
samples studied in this work and a demonstration of imaging capability of the endo-
scope is detailed, covering 2PEE SHG, 3PEF and THG imaging on unlabeled biological
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tissues at different depths bellow the sample surface. A separate section is dedicated to
CARS imaging. It presents the experimental setup with spatial and temporal alignment
considerations for the two excitation beams, as well as an imaging demonstration on
unlabeled biological tissues. Finally, the photo-bleaching limitation, inherent of the
piezo tube scanning mechanism, is discussed and future perspectives are outlined to
improve the endoscope design and setup.
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4.1 Multiphoton imaging

We first turn our attention to multiphoton imaging, i.e. based on either 2PEE SHG,
3PEF or THG. A single excitation source is needed and the target effect is chosen by
adjusting the spectral range of the detection channel. CARS imaging, for which two
excitation beams are required, will be described separately with different considerations.

4.1.1 Setup and excitation laser properties

The experimental endoscopy setup for multiphoton imaging is represented in figure
4.1. The excitation source is composed of an ytterbium doped master oscillator (Monaco,
Coherent) pumping a broadband optical parametric oscillator (Opera-E Coherent),
tunable over the 640-940 nm and 1147-2676 nm ranges. It delivers 40-80 fs pulses
(depending on the wavelength) with an energy of a few pJ, at a 1 MHz repetition rate.
Excitation pulses are injected inside the hollow core of a 2 m long DC-HCF with a lens of
40 mm focal length to excite the sample and generate nonlinear imaging effects at the
distal end of the endoscope. The quality of injection, in the FM, is ensured by imaging
the near field at the output of the endoscope with either a Si (DCC1645C, Thorlabs) or
InGaAs (SU320KTS-1.7RT, SUI) camera. It avoids spurious light propagation inside the
fiber double clad and maximizes the coupling to the core FM. A minimum coupling
efficiency of 80 % at 920 nm, 1300 nm and 1700 nm is measured through this 2 m long
endoscope.

PM
lenses i« sample

endoscope——ﬁ

head

filter

DUmp IaSer
OP4 3

dichroic miror

Figure 4.1: Schematic representation of the experimental setup implemented to perform endo-
scopic multiphoton imaging.

The collected signal is back-propagated by the fiber double clad, then separated
from the excitation by an 850 nm dichroic mirror. A bandpass filter is placed before
the photo-multiplier (PM, H7422-40, Hamamatsu) to select the detection wavelength
and thus the nonlinear effect to visualize. Because of the difference in NA of the core
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and double clad of the fiber (respectively 0.024-0.034 and 0.38, as seen in chapter 2),
different lenses have to be employed for injection into the core and collection from
the double clad. Therefore, the dichroic mirror is placed between the fiber proximal
tip and the injection/collection lenses, which complicates the alignment and forces
the use of lenses with sufficiently long focal lengths. A half-wave plate coupled with
a polarizer (not shown in figure 4.1) are placed before the injection into the fiber to
control the excitation average power. The endoscope is either moved freely in the
hand of the operator, or fixed on a 3D-moving stage in front of the sample under study.
When the sample is removed, the output of the endoscope can be imaged to control
the injection into the fiber core, sent to a PSD to calibrate the scanning mechanism, or
to a powermeter to measure the excitation average power immediately after an image
acquisition. All images are acquired with the highest possible excitation average power,
producing the highest contrast, without inducing photobleaching or damage to the
sample.

4.1.2 Two and three photon fluorescence imaging comparison

The aim of this work is primarily to integrate 3PEF and THG imaging techniques
into a highly multimodal endoscope that already performs 2PEF and SHG imaging.
While THG allows imaging different structures, 3PEF imaging targets are identical to
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Figure 4.2: (a) Experimental setup to measure the PSF of the endoscope. (b) Data points and
Gaussian fit (gray line) of the PSF at the output of the functionalized fiber (red) and full endoscope
(green), for a wavelength of A = 920 nm.
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2PEE However, this section highlights the advantages provided by 3PEF imaging, in
particular a higher spatial resolution, SNR and optical sectioning. It is also possible to
image deeper inside tissues than with 2PEF [32], although it is not demonstrated here,
due to the limited working distance of the present micro-objective.

Spatial resolution

The spatial resolution of images acquired with the endoscope is tied to the PSF at its
output. In fact, for a proper sampling, the PSF represents the smallest distinguishable
spot, and therefore clamps the spatial resolution. Accordingly, we measure the PSF
with a calibrated setup presented in figure 4.2 (a). The spot is imaged onto a Si camera
(DCC1645C, Thorlabs) with a x40 microscope objective (Olympus) coupled with a tube
lens of 200 mm focal length. The spot profile is depicted in figure 4.2 (b) for the fiber
with GRIN functionalization (red dots) and with the addition of a GRIN micro-objective
(green dots). A Gaussian fit (gray solid line) supplies the PSF measurement (FWHM).

As it was mentioned in chapter 3, the PSF measured after functionalization of the
DC-HCF with a GRIN fiber of Lgriny = 120 pm length is 3.7 pm. With the addition of the
GRIN micro-objective, the PSF value drops down to 1.1 um. The decrease is notable,
and this PSF at the output of the endoscope is small enough to provide high resolution
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Figure 4.3: (a, ¢) and (b, d): 2PEF (Aexc = 920 nm, in green on all subfigures) and 3PEF (Aexc =
1300 nm, in red on all subfigures) imaging comparison of 2 um fluorescent beads at two different
positions on the sample. Scale bars are 10 um, and excitation average power on the sample is
10 mW for 2PEF and 12 mW for 3PEE Images are recorded with a 2 FPS acquisition rate and
averaged over 5 images.

89



CHAPTER 4. NONLINEAR ENDOSCOPIC IMAGING

images on biological samples. Still, when taking the 0.22 magnification factor of the
objective into account, a 0.8 um PSF is expected but not reached in practice. It can be
explained by considering the focal spot after the GRIN lens. The measured NA is about
0.11, which is significantly less than the 0.16 NA on this side of the micro-objective.
Consequently, the GRIN micro-objective pupil on the proximal side is not filled, hence
the 0.7 NA on the distal side is not reached either, which leads to a spot size larger than
expected.

Figure 4.3 shows that this spot size is enough to resolve fluorescent beads with a
2 ym diameter. As an example, two different positions on the sample, (a, c) and (b,
d), are imaged with 2PEF (green) and 3PEF (red). Excitation wavelengths are 920 nm
and 1300 nm respectively, and the detection filter is a 565+66 nm bandpass (BP). Even
though both techniques allow seeing individual beads, 3PEF provides a better definition
of the contours and renders the beads more distinguishable, especially when clustered
together.

To emphasize on this, a plot along the white dashed lines in figure 4.3 (a) and (c) is
presented in figure 4.3 (e). It confirms that 3PEF allows to outline the shape of the beads
more precisely. It also discloses a considerable increase in signal-to-noise ratio (SNR)
that can be explained by an improvement in optical sectioning, as we shall see below.

Additionally, this enhancement in overall image quality is underlined by a compar-
(e) (f)

Figure 4.4: 2PEF (Aexc = 920 nm, in green on all subfigures) and 3PEF (Aexc = 1300 nm, in red on
all subfigures) imaging comparison of oak leaves. Scale bars are (a, d) 40 um and (b, ¢, e, ) 50 um,

and excitation average power on the sample is 16 mW for 2PEF and 20 mW for 3PEE. Images are
recorded with a 2 FPS acquisition rate and averaged over 5 images.
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ison of 2PEF and 3PEF images of oak leaves in figure 4.4. Again the cells contour is
sharper with 3PEF and the contrast is much better because of the increased SNR.

(a) PM
<4+t—>
BP filter =—————— fluo. beads
N2 4> sample
fs laser . \
DC-HCF
polarizer 850 nm y
dichroic mirror Az

—~
O
~—

=

N
I
°

2PEF - FWHM = 14.9 ym
3PEF - FWHM = 5.2 um

=
o
1

o
0]
I

©
o~
1

fluo. intensity (a.u.)
o
[e)}

o
N
1

o

o
>
>

|
w
o

Figure 4.5: (a) Axial resolution measurement setup by recording the 2PEF (Adexc = 920 nm, in
green on all subfigures) and 3PEF (Adexc = 1300 nm, in red on all subfigures) signals on a single
fluorescent bead and moving the endoscope in the z direction. (b) Data points and Gaussian fit
(gray line) of the endoscope axial resolution. (c) 2PEF and (d) 3PEF imaging comparison on optical
cleaning paper. Scale bars are 50 um, and excitation average power on the sample is 15 mW for

2PEF and 14 mW for 3PEE Images are recorded with a 2 FPS acquisition rate and averaged over 5
images.
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Axial resolution

To characterize the optical sectioning of the endoscope, we measure the axial reso-
lution of 2PEF and 3PEF imaging. For that, we used the experimental setup exhibited
in figure 4.5 (a), similar to the imaging setup described above, with a sample moving
along the z direction. The endoscope is placed to excite fluorescence on a single 2 pym
bead, and the signal is measured when adding a displacement Az. Results are plotted in
figure 4.5 (b), and a Gaussian fit (gray solid line) allows to extract the axial resolution,
here defined as the FWHM.

The measured axial resolution is 14.9 pm for 2PEE and drops down to 5.2 um for 3PEE
It is a substantial improvement in optical sectioning that explains the SNR increase
denoted above. It is also particularly visible on certain images where out-of-focus
structures are apparent. For instance, figures 4.5 (c) and (d) show 2PEF and 3PEF images
of optical cleaning paper. Some tissue fibers out of the focus plane, especially at the top
of the images, emit a 2PEF signal and are therefore imaged in figure 4.5 (c) whereas they
are completely absent of the 3PEF image (figure 4.5 (d)).

Figure 4.6: 2PEF (Aexc = 920 nm, in green on all subfigures) and 3PEF (Aexc = 1300 nm, in red on
all subfigures) imaging comparison of 2 um fluorescent beads, for acquisition rate of: (a, d) 2 FPS,
(b, ) 5 FPS and (c, f) 10 FPS. Scale bars are 10 um, and excitation average power on the sample
is 16 mW for 2PEF and 18 mW for 3PEFE Images are single shot acquisition (i.e. no averaging is

performed).
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4.1.3 Acquisition rate and image averaging

To accommodate the image acquisition to specific requirements, three parameters
are tunable. The FoV is adjusted by the driving voltage applied to the piezoelectric
tube, and limited by the size of the endoscope head and the magnification ratio of the
objective. The acquisition rate is fixed by the duration set for each step of a scanning
cycle, i.e. scan, break and rest phases. In practice, essentially the scan duration will
affect it, as it represents most of the cycle duration, and both brake and rest phases are
chosen to be as short as possible. The acquisition rate is capped by the sampling and
PSE because the distance between two consecutive circles of the spiral scan must be as
small as the PSF and the pixel size, as detailed in chapter 3.

Another limiting effect is the signal collection. The signal generated is constant
over time, though the amount of it that is collected to render an image depends on the
acquisition duration. Thus, a higher acquisition rate leads to a decrease in SNR. In this
scope, we compare in figure 4.6 2PEF and 3PEF single shot images of 2 pm fluorescent
beads acquired at (a, d) 2 FPS, (b, e) 5 FPS and (c, f) 10 fps. At 2 FPS, both techniques
allow a good image quality, with a slight SNR advantage for 3PEE The SNR clearly drops
down for the 2PEF image at 5 FPS (figure 4.6 (b)) whereas 3PEEF still provides a good
contrast with low background noise (figure 4.6 (e)). At 10 FPS, the 3PEF image (figure
4.6 (f)) quality is distinctly impacted, but individual beads are still identifiable, and
the background noise is fairly low. On the other hand, individual beads are hardly
distinguishable with 2PEF (figure 4.6 (c)) as the noise gets closer to the fluorescent signal
detected.

It points out yet another advantage of using 3PEF imaging, deriving from the SNR
improvement, especially for investigation of dynamical activities inside biological tis-
sues.

single shot average over 5 images average over 10 images

(a) (b) (c)

Figure 4.7: Comparison of image averaging for 3PEF (Aexc = 1300 nm) images of 2 um fluorescent
beads. Images are either (a) single shot acquisition, or averaged over (b) 5 or (c) 10 images. Scale
bar is 10 um, excitation average power on the sample is 12 mW, and acquisition rate is 2 FPS.

The last acquisition parameter is the image averaging. Ideally, single shot acquisi-
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tions should be preferred because it allows real-time observation of active processes.
Yet, image averaging increases the contrast and can bring out weakly emitting structures,
otherwise hidden under the noise level. To grasp this effect, figure 4.7 shows a 3PEF
imaging comparison on 2 um fluorescent beads. Averaging over 5 frames (b) notably
decreases the noise and leads to a better defined beads contour than the single shot
acquisition (a). The 10 images average (c), however, only faintly improves the image

quality.

For these reasons, an averaging over 5 frames is applied to most images rendered
here, for presentation purposes, but real-time imaging without any averaging is still
feasible with acceptable image quality and SNR.

4.1.4 Biological samples preparation

Various samples were used in this work, and each was prepared separately. Con-
cerning the samples exploited above, oak leaves and optical cleaning paper were simply
pressed between a microscope slide and a 120 um thick cover-slip, and both have a
thickness of about 300 um. The fluorescent 2 um beads were diluted inside water, spread
and dried onto a microscope slide with a cover-slide as well. A single layer of beads is
produced on most of the sample surface, although some clusters are also formed.

Regarding the biological samples, the only one labeled for fluorescence imaging is
the mouse brain'. It is extracted from a transgenic mouse, for the purpose of amplifying
the fluorescence emission with green fluorescent protein (GFP). To demonstrate the
label-free capacities of the endoscope, no other sample is labeled.

All mouse samples were fixed with paraformaldehyde (PFA) following common his-
tology procedures, before being sliced at various thickness and placed on a microscope
slide. A cover-slip is then added to mouse brain and retina samples, whereas skin and
liver samples were left uncovered to increase the achievable imaging depth. The mouse
tissue slices have a thickness of about 300 pm for the skin, 200 um for the brain and liver,
and 50 pm for the retina.

Fresh human colon biopsies? are set in water between a microscope slide and a

cover-slip, set apart by a 1 mm spacer. The fresh ox liver sample is about 5 cm thick, and
placed on a microscope slide without any cover, to allow the endoscope to be sunk into
the tissue.

'Mouse brain slices are coming from the Institut des Neurosciences de la Méditerranée following
INMED agreement number B13-055-19 and OGM agreement number 5817.

2Colon tissue samples are coming from the Biobank of the Assistance Publique des hopitaux de Mar-
seille (AP-HM), Marseille, FRANCE. The AP-HM biobank is open to research projects and administrated
by an executive and ethic committee.

94



4.1. MULTIPHOTON IMAGING

To summarize, all samples specifications are concentrated in the following table:

sample thickness fixed labeled cover-slip
2 pm beads 2 um no yes (GFP) yes
oak leaves ~ 300 um no no yes
optics paper ~ 300 pm no no yes
mouse skin ~ 300 pum yes no no
mouse brain 200 um yes yes (GFP) yes
mouse retina 50 pm yes no yes
mouse liver 200 pm yes no no
human colon ~1mm no no no
ox liver ~5cm no no no

The reported studies have been conducted following the EU ethical rules on animals
and humans.

4.1.5 Multimodal imaging

A set of multiphoton images captured on biological tissues is presented in figure
4.8. It demonstrates the ability of the endoscope to image various structures in different
types of tissues, covering all four imaging techniques described before, namely 2PEE,
SHG, 3PEF and THG. An optical filter wheel is placed in front of the PM to select
the nonlinear effect to target, allowing to quickly switch the imaging effect during
an acquisition session. Filters used in this work are: a 565+66 nm BP for 2PEF at
Aexe = 920 nm and 3PEF at Adey. = 1300 nm, a 447460 nm BP for SHG and THG at
the same wavelengths, a 630+46 nm BP for 3PEF and a 562+20 nm BP for THG at
Aexc = 1700 nm.

First of all, the upper dermis layer of unstained mouse skin is successively imaged
using SHG at Adexc =920 nm (figure 4.8 (a)), 3PEF and THG at Aexc = 1300 nm (figures
4.8 (b) and (c) respectively), at the same position on the sample. The strong SHG signal
shows the collagen fibrils organization, surrounding cells are outlined by THG, and 3PEF
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shows autofluorescence from proteins inside the tissue. Figure 4.8 (d) is a composite
image, i.e. a stack of the three images presented above. The use of false colors (yellow for
SHG, red for 3PEF and blue for THG) allows to underline the convenience of multimodal
imaging to identify the different structures inside a tissue and their organization with

(a) mouse skin (b) mouse skin (c) mouse skin (d) mouse skin

(e) mouse brain (f) mouse brain (g) mouse brain (h) mouse brain

(1) human colon (m) human colon

Figure 4.8: (@) SHG (Aexe = 920 nm), (b) 3PEF (Aexe = 1300 nm) and (c) THG (Aexc = 1300 nm)
images of a mouse skin. (d) is a composite image of (a), (b) and (c). Mouse brain images using
(e) 2PEF (Aexc =920 nm), (f) SPEF (Aexc = 1300 nm), (g) 3PEF (red) and THG (blue) combination
(Aexc = 1300 nm), and (h) 3PEF (Aexc = 1700 nm). 3PEF images of a mouse retina: radial (i) and
transverse section in the (j) ganglion cell layer (GCL) and (k) inner plexiform layer (IPL). Human
colon images using () 2PEF (Aexc = 920 nm), 3PEF at (m) Aexc = 1300 nm and (n) Aexc = 1700 nm,
and (0) THG (Aexc = 1700 nmy). Scale bars are 40 um for (e, f, g) and 50 um for all other subfigures.
Images are recorded with a 2 FPS acquisition rate and averaged over 5 images.

96



4.1. MULTIPHOTON IMAGING

one another. Because only one PM is used to collect the nonlinear signals in our setup,
images must be acquired one after the other, with a change of collection filter and/or
excitation wavelength between each. However, they could be recorded simultaneously
with multiple PM by cascading dichroic mirrors of appropriate cut-off wavelength in
the detection channel.

Because 3PEF has recently gained attention in neurology [28-32], an endoscope
integrating this modality would be an ideal tool to investigate neurons in-vivo. In this
scope, we produce 2PEF at Adgxc = 920 nm and 3PEF at Aey . = 1300 nm images at a
100 um depth inside a transgenic mouse brain slice in figures 4.8 (e) and (f) respectively.
Intense fluorescence signals identify individual neurons, separated from the lower
background signal of surrounding environment. Figure 4.8 (g) demonstrate again the
ability to separate the 3PEF signal from neurons (red) from the THG generated by other
histological structures, with the same excitation wavelength Aexc = 1300 nm. Finally,
neurons and some interconnections can also be imaged with a different excitation
wavelength, for instance Ae¢xc = 1700 nm as shown in figure 4.8 (h).

In addition, we perform label-free 3PEF imaging of a radial section showing the
different layers in a mouse retina [114, 115] at Aexc = 1300 nm in figure 4.8 (i). The
strongest autofluorescence emission hails from the ganglion cell layer (GCL) and enables
a great contrast, with a broad range of signals from weak to bright fluorescent cells, as
evidenced by the transverse section shown in figure 4.8 (j), displaying cells of various
sizes. Although it emits a lower fluorescence signal, the inner plexiform layer (IPL)
allows singling out individual cones, exhibited in the transverse section in figure 4.8 (k).
Between these two, the inner nuclear layer (INL) emits the weakest signal, and is then
not depicted here.

Lastly, two and three photon autofluorescence images, at Aexc = 920 nm and Aeye =
1300 nm respectively, of a fresh human colon biopsy are produced in figures 4.8 (1) and
(m). Images of 3PEF and THG at Aexc = 1700 nm are displayed as well in figures 4.8 (n)
and (o). These images, acquired at depths of (1) 90 um, (m) 115 pm, (n) 60 pm and (o)
85 um below the sample surface, confer information on the tissue organization, even
though individual cells are not distinguishable.

Because of the optical sectioning provided by multiphoton imaging, structures
inside a tissue can be mapped with respect to the depth to recreate the 3D organization
of the sample. This is illustrated in figure 4.9 by the stacked images presented as a
function of the imaging depth. Figure 4.9 (a) depicts 2PEF images of unlabeled mouse
liver at Adexc = 920 nm. THG images at Aeyc = 1700 nm inside a fresh human colon
biopsy are showed in figure 4.9 (b). Finally, 3PEF images of neurons inside a mouse
brain acquired over a 45 pm thickness at Aexc = 1300 nm are featured in figure 4.9 (c).
Ideally, in order to produce a real 3D representation from these images, the gap between
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Figure 4.9: Multiphoton images as a function of the depth under the sample surface. (a) 2PEF
Aexc = 920 nm) images of a mouse liver. (b) THG (Lexc = 1700 nm) images of a human colon. (c)
3PEF (Aexc = 1300 nm) images of a mouse brain. Scale bars are respectively: (a, b) 50 um and (c)
40 um. Excitation average power on the sample are respectively: (a) 23 mW, (b) 27 mW and (c)
31 mW. Images are recorded with a 2 FPS acquisition rate and averaged over 5 images.

consecutive images should be smaller than the axial resolution to provide a proper
sampling.

4.2 CARS imaging

This section describes the experimental setup implemented to perform CARS imag-
ing with the same endoscope used for multiphoton imaging. In this case, two excitation
sources are needed to probe the vibrational transitions inside tissues. Spatial and
temporal alignment considerations, as well as imaging trials are presented afterward.
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4.2.1 Setup and excitation laser properties

The excitation source employed in the CARS setup, represented in figure 4.10, is
made of a Ti:Sa laser (Chameleon, Coherent) pumping an optical parametric oscillator
(Chameleon compact OPO, A.PE). It delivers two beams with more flexibility than the
source used for multiphoton imaging, described above, with the ability to tune both
outputs separately. The energy difference between the excitation beams corresponds to
the vibration of the targeted molecular bond. In our case, CH, and CH3 chemical bonds,
with energy around 2850 cm ™!, are excited and an emission wavelength of 700 nm is
selected. It results in two excitation sources at Apymp = 874 nm and Ag¢kes = 1164 nm for
the pump and Stokes beams respectively. The laser provides both at 80 MHz repetition
rate, and with pulse durations of 125 fs pulses (FWHM) for the pump and 250 fs pulses
(FWHM) for the Stokes.

delay line PM

‘ f i/ sample
endoscope——m

head

Stokes
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Figure 4.10: Schematic representation of the experimental setup implemented to perform
endoscopic CARS imaging. A second excitation beam (Stokes) is spatially overlapped with the
pump beam with a dichroic mirror and temporally by means of a delay line.

Spatial superimposition of the excitation beams is realized by adding a 950 nm
dichroic mirror, depicted in figure 4.10. Alignment of both beams is first performed with
two iris diaphragms far apart one another, then by maximizing injection into the FM
of the DC-HCEF for each beam separately. Temporal superimposition is performed by
adding a delay line on the Stokes beam path. It is first coarsely placed based on the beam
path of each outputs inside the OPO, then finely tuned to maximize the overlap between
pump and Stokes pulses. The endoscope and detection channel remain unchanged
from the experimental setup previously described for multiphoton imaging.

4.2.2 Pulse synchronization

Synchronization of the two excitation pulses is a central element to enable CARS
imaging. Two mirrors set on a mechanical stage operated from a software with a 0.01
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Figure 4.11: (a) Experimental setup to temporally superimpose the pump and Stokes pulses.
(b) Cross-correlation measurement and Gaussian fit (gray line) before (blue) and after (green)
propagation inside the endoscope. Intensities are normalized to clearly depict both peaks, and the
signal when pulses are not overlapping is set to zero. Temporal superimposition of the pulses is
reached at the peak of the Gaussian function, and corresponds to a specific delay line position.

mm precision allow to adjust the delay between pulses without affecting the spatial
beams alignment. The overlap between pulses is estimated with a cross correlation
measurement. Figure 4.11 (a) describes the experimental setup including a silicon
photodiode placed immediately before or after propagation inside the endoscope to
perform cross-correlation measurements using two photon absorption (TPA) in the
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photodiode. To provide sufficient power density on the detector, a lens with focal length
f' =11 mm focalizes the beams onto the photodiode placed before injection into the
endoscope. No lens is needed at the distal end as the focalization is already provided by
the optics of the endoscopic head.

Both excitation pulses generate a TPA signal inside the photodiode which issetto 1V
measured with a multimeter by adjusting the average power of each beam. Additionally,
another signal is generated by absorption of one photon from each beam, only when
pulses are overlapping. Therefore, cross-correlation is obtained by measuring the
voltage generated from the photodiode when scanning the delay line position. Results
are laid out in figure 4.11 (b), measured before (blue) and after (green) propagation
inside the endoscope.

The cross-correlation traces, with a Gaussian shape, reveal the optimal position
of the delay line to maximize the overlap between pump and Stokes pulses. We also
note the shift in temporal alignment after propagation inside the endoscope, which
correspond to about 500 fs. A pulse duration increase from 60 fs to 81 fs, measured at
A =1300 nm, when adding the commercial GRIN fiber micro-objective to the scheme
suggests that this is mainly caused by dispersion inside it. In fact, this dispersion effect
can be beneficial in our case because the pulses will mostly not overlap inside the
objective and gradually move closer to one another to be synchronized on the output
sample. Yet it was presented in chapter 1 that the major effect causing noise to CARS
imaging is FWM [116], which mostly happens inside the objective. Consequently, having
weakly overlapping pulses should reduce FWM to an acceptable value.

4.2.3 CARS imaging

Hydrocarbon chains, lipids in particular, should emit a strong CARS signal because
of their high concentration of CH, and CH3 bonds. To estimate the impact of parasitic
FWM as compared to CARS, we exploit this by recording the signal collected when
placing a small olive oil tank at the output of the endoscope. For an excitation average
power of 75 mW in total on the sample, a signal of about 3.5 M counts/s was recorded
at different positions inside the oil sample. When completely removing the sample,
and for the same excitation power, a signal of 80 k counts/s is measured. It grants a
43.75 SNR and the residual signal is believed to be mainly caused by parasitic FWM in
the GRIN micro-objective. To ensure its origin, a slight misalignment of the delay line
is provoked and results in a considerable raise of the noise level, corresponding to an
increase in temporal overlap of the pulses inside the objective.

Synchronization of the pulses at the output of the endoscope should then allow high
contrast CARS imaging with low FWM background. It is evidenced by images of fat cells
inside a fresh human colon biopsy in figure 4.12 (a) and (b). Additionally, figure 4.12
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Figure 4.12: CARS imaging (Apump = 874 nm, Asiokes = 1164 nm) on (a, b) a human colon and (c,
d) an ox liver. Scale bars are respectively: (a) 50 um, (b) 50 um, (c) 25 um and (d) 50 um. Excitation
average power on the sample is 19 mW for colon images and 12 mW for liver images. Images are
recorded with a 2 FPS acquisition rate and averaged over 5 images.

shows low (c) and high (d) lipid droplets density regions of fresh ox liver sample, of 5 cm
thickness. This is performed by inserting the endoscope head 3 mm deep inside the
tissue. It demonstrates the ability of the endoscope to be used freely for histological
imaging, even deep bellow the surface.

4.3 Photo-bleaching limitation and perspectives

Regardless of the nonlinear imaging effect, the signal generated, and by extension the
signal collected, remains quite weak. Increasing the excitation average power enhances
the signal generation, up to a certain limitation over which photo-bleaching will be
induced in the sample. It is caused by an irreversible alteration of the emitting molecules
by the excitation source and leads to a suppression of nonlinear emission.

It is the primary cause of restrain on the imaging contrast, and is well known for
devices performing with a piezoelectric scanner. Indeed, the resonant frequency of the
spiral is constant, thus the duration to cover a full circle is also constant throughout the
spiral scan. However, because the circles are smaller at the center of the pattern, the
surface covered by unit of time is much smaller than on the outskirt. Consequently, the
area around the image center will have a higher illumination. It means that the signal
generated tends to be non-uniform, which could be numerically corrected, but also that
photo-bleaching is more likely to happen at the center of the imaged area. Additionally,
the center point is continually illuminated during the rest phase of the scanner cycle,
as the fiber remains in an almost stationary position, which exacerbates the induced
photo-bleaching.

To illustrate it, figure 4.13 (a) is a 3PEF image of mouse retina, similar to the one
presented in figure 4.8 (k). When lightly increasing the excitation average power (in
this case from 22 mW to 29 mW) and after a few image acquisitions, a large dark area
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appears at the center, due to photo-bleaching, and if we continue the acquisition, it
grows until the image is completely blank.
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Figure 4.13: (a) Example of photo-bleaching visible at the center of a 3PEF (Aexc = 1300 nm)
image of mouse retina. Scale bar is 50 um, excitation average power on the sample is 29 mW, and
acquisition rate is 2 FPS. (b) Acousto-optic modulation (AOM) applied to the excitation source to
restrain photo-bleaching effects.

Because of this issue, imaging contrast was limited throughout this work and some
samples could not be imaged properly even though nonlinear signals were generated
and detected. To overcome this limitation, the addition of an acousto-optic modulator
(AOM) to the experimental setup is currently under investigation. The idea is first to
allow the fiber to deliver an excitation signal only during the scan phase, but also to add
a modulation that lets the power increase during the spiral scan. Figure 4.13 (b) shows
an example of acousto-optic modulation that could be applied to the excitation light by
an AOM placed just before injection into the fiber, with a linear ramp during the scan,
and no transmission during the rest of the scanning cycle. Alternatively, a sinusoidal
modulation can be employed to better fit the shape of the scanner driving signals.

Conclusion

The reported results show that, although 2PEF and 3PEF modalities grant the same
chemical information about biological tissues, 3PEF provides an improved axial res-
olution, as well as an increase in SNR. Additionally, because of the higher excitation
wavelength, 3PEF should also allow to image much deeper below the tissue surface,
although this could not be demonstrated here because of the limited working distance
of the GRIN micro-objective. Besides, the present endoscope is the first reported demon-
stration of 3PEF endoscopic imaging of unstained biological tissues. Moreover, images
presented in this chapter demonstrate the high multimodality of the endoscope assem-
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bled, integrating 2PEE SHG, 3PEE THG and CARS modalities in a single device. It is
capable of imaging biological tissues, fixed or fresh, without the need to stain them.
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Chapter 5

Hollow core double clad fiber coupler
(HC-DCFC)

Signal collection is a crucial element in the endoscope scheme, and three parameters
are to be taken into account when implementing it: collection efficiency, bulkiness
and overtime stability. Collecting with a double clad fiber (DCF) grants the smallest
probe size, yet a separation of collection and excitation scheme must be added to the
proximal end of the fiber. In the previous chapters, this separation was performed by
a dichroic mirror, but the NA mismatch between the hollow core and the double clad
of the fiber made it mandatory to use different lenses for injection and collection. The
resulting spatial clutter renders the alignment more complicated. This scheme is also
prone to misalignment over time, requiring a regular adjustment to maintain optimal
performances.

Alternatively, separating collection from excitation with a double clad fiber coupler
(DCFCQC) [117-122] seems to be the ideal solution to match the setup requirements as
the collection fiber can be plugged directly to the detector. Yet, such device has never
been reported with hollow core fibers because of the incompatibility of the fabrication
process.

This chapter presents the first fabrication of a hollow core double clad fiber coupler
(HC-DCEFC) and its implementation in nonlinear endoscopy. First, the context and state
of the art of DCFC is outlined. We then present numerical simulations, with beam prop-
agation method, leading to a target design, and the fabrication considerations to realize
such a device. Finally, a full characterization of the coupler and its implementation into
a nonlinear endoscope is demonstrated.

105
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5.1 State of the art and motivations

In a nonlinear endoscopy scheme, signal collection can either be performed by the
same fiber as the excitation delivery, or by a separate collection only fiber [123]. In the
latter, there is no need for an additional device to separate collection from excitation
as two distinct fibers are used, and the collection fiber can be directly plugged to the
detector with appropriate filters. However, it results in a bulkier endoscopic head with a
more complicated design. Alternatively, nonlinear collection can be performed by the
same fiber as the excitation delivery by addition of a double clad, as it was presented
above. The excitation / collection separation is then moved to the proximal part of the
endoscope where bulkiness is not much an issue.

5.1.1 Core/ cladding separation in endoscopic fiber

When excitation and collection signals propagate inside the same optical fiber, re-
spectively inside the core and inner cladding, a separation scheme must be added to the
proximal end of the endoscope. In the results presented heretofore, it was accomplished
by adding a dichroic mirror and a collection lens. An example of experimental setup as
such is represented in figure 5.1 (a). Despite its ability to be successfully implemented
in an endoscopy setup, as demonstrated in the previous chapter, this solution is not
ideal. The collection lens must match the NA of the DC-HCF cladding, and the injection
lens that of the fiber core. Because of the large mismatch between both, injection and
collection must be performed with different optics. Consequently, the dichroic mirror
has to be placed between the fiber tip and the optics. The alignment is thus more
complicated, time-consuming and prone to misalignment.

@) PMT ()
PMT
filter
sample filter sample

Tunable Tunable \ =
fs laser fs laser

dichroic mirror endoscope endoscope

head head

Figure 5.1: Schematic representation of an experimental setup to perform nonlinear endoscopic
imaging, where excitation and collection signals are separated either (a) with a dichroic mirror
and optics, or (b) with a DCFC.
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Moreover, such a setup needs to be realigned on a regular basis in order to maintain
optimal performances. Still, it is essential for endoscopes to be readily usable at any
time and maintain performances, even for long imaging sessions. To overcome these
difficulties, DCFCs have been integrated into endoscope schemes [52, 119].

Figure 5.1 (b) shows an endoscopy setup where excitation / collection separation is
accomplished by a DCFC. The injection into the fiber core remains unchanged, but as
much as possible of the multimode signal collected is coupled to a second fiber. The
latter is then directly plugged to the detector, with appropriate collection filter.

5.1.2 Double clad fiber coupler with solid core fibers

All DCFC reported so far have revolved around step index solid core DCE First
demonstrations involved two identical DCFs, arranged such as presented in figure
5.2 (a). In early reports, DCFC were fabricated without fusion, either by side etching the
fibers and pressing them one against the other [117], or by twisting them [118]. Yet the
multimode (MM) transfer, from the double clad of one fiber to the other, only reached
about 30 %.

Adding a fusion step, and eventually tapering, to the fabrication process allowed to
draw near a 50 % MM transfer [119]. As a matter of fact, it is the theoretical limit in such
a symmetric coupler design [120].

On the other hand, this limitation was outperformed by switching to an asymmetri-
cal design [121], represented in figure 5.2 (b). The fusion and tapering process remains
the same, as does the collection DCE The receiving MME however, has a larger diame-
ter, and because only a multimode transmission is needed, the core is removed. The

(a) (b)

T o
To

—c

Figure 5.2: Lateral view of (a) symmetric and (b) asymmetric DCFC schematically represented,
with a transverse view at the vertical dashed line. The black horizontal segment represents the
so-called overlap 6 between fibers.
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simplest model for this coreless MMF is a silica rod, but any MMF can be considered.
MM transfer as high as 70 % is reached with this design, and even 80 % when twisting
the fibers during fusion to an almost circular coupler cross-section [122].

5.1.3 Double clad fiber coupler with hollow core fibers

The coupler designs with solid core double clad fibers presented above grant sub-
stantial results that enabled DCFCs to be integrated in nonlinear endoscopy setups [52,
121]. However, in this work we focused our attention to hollow core DCFs because solid
core DCFs based endoscopes are limited in peak power delivery, even with dispersion
and nonlinearity pre-compensation, and their use is generally restrained to a single
excitation wavelength (see chapter 1).

A hollow core double clad fiber coupler (HC-DCFC) would be ideal to provide
robustness and ease of use to the experimental setup. Yet it has never been reported,
chiefly because of the inadequacy of a fusion process to be applied to hollow core fibers
without impacting the microstructure. In the following sections, we propose a DCFC
design with a fabrication process especially conceived for microstructured hollow core
fibers, to match as best as possible the state-of-the-art solid core DCFCs performances.

5.2 Design and fabrication

5.2.1 Numerical simulations

Relying on previously reported work, we decided to opt for an asymmetric DCFC
design, with a simple rod as the MMF to maximize the MM transfer from the double
clad of the endoscopic fiber. To determine the target outer diameter of the MME we first
take a look at the transmission analytical formula from [121] that calculates the MM
transfer in such a design. It is based on the optical etendue calculation G = 7S(INV A)?,
where N A is the numerical aperture of the fiber and S the surface of its cross-section!.
The multimode transfer from the DCF to the MMF is calculated as such [121] :

G 1
T— MMF _

Gumr+Gper 1+ gDJ
MMF

(5.1)

Based on this formula and the parameters of the DCE namely a 300 um outer
diameter and a 0.38 NA, we calculate the MM transfer to a MMF as a function of its
outer diameter in figure 5.3. For a first estimation, the NA of the MMF is assumed to be

n the case of the endoscopic fiber, only the cross-section of the double clad is taken into considera-
tion.

108



5.2. DESIGN AND FABRICATION

100

multimode transfer (%)

200 400 600 800 1000
MMF diameter (um)

Figure 5.3: Multimode transfer inside an asymmetric DCFC as a function of the MMF diameter,
calculated from equation 5.1. The DCF diameter is fixed at 300 um, and the coupling length is
considered to be infinite. The black dashed line represents a symmetric coupler design, and the
black solid line the target design with a MMF of 500 um outer diameter.

equal to the DCF’s. As we can expect, a symmetric design provides a 50 % MM transfer
(black dashed lines), while for a larger MME it sharply increases to about 80 %, for a
MMEF diameter Dy;pr = 600 um, then continues increasing but on a much softer slope.

To allow a sufficient MM transfer, we chose a 500 um outer diameter MME which
should provide more than 70 % MM transfer (black solid lines in figure 5.3). We could
further increase it for better performances, but it would also make the MMF more
fragile and delicate to manipulate, which would in term reflect on the coupler. Besides,
the enhancement would not be substantial, and a larger MMF could have increased
propagation losses.

To further elaborate the coupler design, we perform numerical simulations based
on a beam propagation method (BPM) using a finite element method [124] to study the
impact of the coupling length. Firstly, we ensure the MM transfer calculation is correctly
performed by plotting in figure 5.4 the MM power inside the DCF (dashed lines) and the
MMF (solid lines) with respect to the number of input modes inside the DCE

After a certain propagation distance inside the coupler, the power in each fiber
reaches a constant value, regardless of the number of modes at the input. We also note
that the MM transfer to the MMF is about 70 %, confirming results previously obtained
from the analytical formula of [121].

On the other hand, the propagation distance needed to reach the maximal transfer
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Figure 5.4: BPM simulation of the multimode power inside the DCF (dashed lines) and MMF
(solid lines) of a HC-DCFC depending on the coupling length, for several input modes.

from one fiber to the other largely depends on the number of input modes. It is about
100 mm when 300 modes are set at the input of the DCE and drops down to about
30 mm for 2000 modes. However, when increasing the number of modes over 2000, no
notable shift is observed, suggesting that 2000 modes is sufficient to properly simulate
the MM propagation inside the DCE Hence, the following simulations will be performed
with this value.

Besides the coupling length, the contact surface between the fibers is a major param-
eter in defining the coupler performances. We define it here by the distance between
the fibers outer edge, and call overlap 8, as depicted by a horizontal black line in figure
5.2.

Figure 5.5 shows the simulated MM transfer for a 30 um (blue lines) and 50 pm (red
lines) overlap between fibers. Similarly to the results obtained above, the MM power in
each fiber tends to a constant value irrespective of the overlap, but it is reached quicker
when the contact surface is increased.

The only issue of a higher overlap value is the constraints it creates for the fabrication
process, thus the value will be set by the maximal attainable in practice as we shall see
hereafter. We also keep in mind that, for a fixed value of the overlap §, adjusting the
coupler length, i.e. the length over which the fibers will be spliced, is also possible to
reach the maximal MM transfer.
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Figure 5.5: BPM simulation of the multimode power inside the DCF (dashed lines) and MMF
(solid lines) of a HC-DCFC depending on the coupling length, for an overlap between fibers of
6 =30 um (blue) and 6 =50 um (red).

5.2.2 Fabrication process

To develop the fabrication process, identify the optimal parameters and evaluate
the performances of the coupler, we first use a simple silica capillary fiber, of 300 pm
outer diameter and 70 um inner diameter, to mimic the DC-HCF without having to
fabricate a complicated microstructured fiber. Indeed, only the double clad is needed to
measure the MM transfer, and just a large hollow core is sufficient to estimate the impact
of the fabrication process. A low index polymer (Desolight DF-0016) surrounds the
fiber to ensure guidance, to which a high index polymer layer is added for mechanical
protection.

A splicing of the capillary fiber to a silica rod fiber, with the same double polymer
coating and a 500 pm outer diameter (MMF), is performed to obtain the highest possible
MM transfer. As opposed to previously reported studies [119-122], no elongation is
performed during heating here as it is bound to generate distortions of the hollow
microstructure. The coupler fabrication process is represented in figure 5.6 (a). For the
fibers to be in contact on the whole splicing length, they have to be held against each
other without their coating. For this, both fibers are stripped of their polymer coating
on a 20 cm length so that they can be pressed against each other in V-shaped groove
holders (clamps) on either side of the splicing area. Fusion between fibers is realized by
a CO, laser (LZM-100, Fujikura) with control over the heating power and movement of
the fibers with regard to the laser beam. To avoid any distortion of the fibers caused by
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Figure 5.6: (a) Schematic representation of the DCFC fabrication process. (b) Measured overlap
parameter 0 between the fibers of a HC-DCFC as a function of the CO, laser heating power.
Measurements were realized using a silica (blue dots) or and borosilicate glass (red dots) MME

a relaxation of the constraints at the process start, linear heating ramps are added at the
beginning and end of the process. After the fabrication process, the overlap between
fibers can be measured with an optical microscope after cleaving the coupler. Figure
5.6 (b) shows a direct correlation measured between overlap and heating power for a
500 um outer diameter silica (blue dots) or borosilicate glass (Simax glass, red dots)
MME Once the fibers are fused, the portion stripped of coating is re-coated using a
homemade device with a low index polymer to provide guidance and protection to the
coupler.

After splicing at different heating power, and while measuring the overlap, we also
measure the inner diameter of the capillary fiber and plot it as a function of the measured
overlap in figure 5.7. The inner diameter, initially 70 um and marked with a horizontal
dashed black line, is significantly reduced when increasing the overlap between the
capillary fiber and the silica rod MMF (blue dots). For an overlap > 20 um, the hollow
core even completely collapses as attested by the inset picture of figure 5.7. In fact,
even for an overlap close to 0, where fibers are barely spliced, the inner diameter is still
reduced to < 60 um. This is a major issue as the hollow microstructure can not be kept
unchanged, hence the guidance properties would be affected as well. We note that this
issue could be addressed by pressurizing the hollow core and hollow capillaries of the
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Figure 5.7: Measured capillary fiber hollow core diameter as a function of the overlap parameter

6 between the fibers of a HC-DCFC for a silica (blue dots) or borosilicate (red dots) MME The
horizontal black dashed line is the hollow core diameter measured on the capillary fiber before
the fabrication process. Insets show a transverse view of the couplers fabricated at low and high
overlap in both cases, and are acquired using an optical microscope.

fiber during the process, similarly to the pressure applied during the fiber draw (see
chapter 2). Still, it would be very complicated to achieve as both need to be pressurized
separately inside the fiber, which is much smaller than the cane pressurized during the
fiber draw.

However, this drawback can be addressed by switching the MMF to a different
material with a fusion temperature far lower than silica. In this case, the MMF can be
heated to a softening point, and spliced to the DCE while remaining far under the fusion
temperature of silica, and therefore without affecting the silica fiber. Apart from the
fusion temperature, the MMF material must have a higher refractive index than silica
and be transparent in the visible range, to allow MM transfer of the nonlinear signals
collected. An adequate and low-cost option is to use a borosilicate glass. For instance,
in this work we use Simax glass. Its melting point is about 820°C, far lower than silica
(1710°C), and its refractive index is 1.478 at 500 nm, which is higher than silica (1.462).
As for the fabrication process, the only restriction is to keep the MME which will be the
only melted fiber, above the DCE

As attested by the red dots and insets of figure 5.7, when fusing the capillary silica
fiber to a borosilicate 500 um diameter rod, the inner diameter remains unchanged at
70 um even for overlap > 30 pm. Consequently, the borosilicate MMF allows to fabricate
the coupler with an overlap as high as 35 pum without affecting the hollow structure
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of the capillary fiber. For heating power corresponding to higher overlap, distortions
of the borosilicate fiber tended to appear and the process was no longer repeatable.
Still, further inquiries will be presented subsequently in this chapter to ensure that
the fabrication process does not affect the structure nor the performances of an actual
microstructured DC-HCE

5.2.3 Optimal fabrication parameters

In order to establish the best suited parameters that maximize the MM transfer from
the DCF to the MME we once again use the silica capillary fiber of 300 um outer diameter
and 70 um inner diameter, coupled with a 500 pum outer diameter borosilicate rod as
the MME Different DCFC with various parameters are fabricated then characterized to
determine their MM transfer, using the experimental setup represented in figure 5.8.
The source is a homemade supercontinuum that covers the visible spectrum. With it, a
bandpass filter allows addressing individual wavelengths. To ensure proper excitation
of all guided modes inside the double clad of the capillary fiber, injection is performed
using a x40 microscope objective with a NA of 0.65 far higher than the fiber of NA = 0.38,
and preceded by an optical diffuser in order to fill the pupil of the microscope objective.
The power at the output of both fibers is measured and compared to the input power
after cleaving the capillary fiber 10 cm before the coupler start. If not specified, all
fiber lengths, before and after the spliced area, are kept identical throughout the results
presented hereafter to provide a proper comparison regardless of the propagation loss.
Indeed, the following results inherently include the propagation loss of the fibers, which
will be addressed hereafter.

filter  diffuser powermeter

Supercontinuum | : “ DC-HCF ‘

x40 microscope ——

objectve T '
MMF splice L
MMF

Figure 5.8: Schematic representation of the experimental setup realized to characterize the HC-
DCFC. Injection inside the double clad is performed with a high NA (0.65) microscope objective.

Recoating of the coupler is performed immediately after fabrication to avoid any
external contamination on stripped fibers. However, the recoating process itself could
induce losses, due to impurities or air bubbles for instance. Figure 5.9 (b) shows the
measured MM transfer over the visible range for a DCFC immediately after fabrication
(blue dots) and after the recoating process (green dots). Almost identical performances
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Figure 5.9: Measured multimode transfer of a DC-HCF with a 300 um diameter DC-HCF and a
500 um outer diameter borosilicate MMF before (blue dots) and after (green dots) the recoating

process.

are obtained in both cases, indicating that the recoating process does not lead to any
significant additional loss.

As suggested from the BPM simulations, the two main geometrical parameters
affecting the performances of the DCFC are the spliced length and the overlap parameter
6. To optimize the fabrication process, we tested each independently. Figure 5.10 (a)
shows the MM transfer at 500 nm from the capillary fiber to the MMF with respect to
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Figure 5.10: Measured multimode transfer of a HC-DCFC with a 300 um outer diameter DC-
HCF and a 500 pm outer diameter borosilicate MMF as a function of (a) the coupler length Lgyjice
and (b) the overlap parameter§.
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the spliced length Lgpjice. The overlap parameter 6 is here fixed at 15 um. As expected,
an increase in MM transfer with the coupler length is observed until an almost constant
value, just under 50 %, is reached for Lgpjice > 20 mm. We note that this value is under
the expected 70 %, and will address it below. Similarly, we measured the MM transfer
as a function of the overlap parameter ¢ for a fixed spliced length Lgpjice = 25 mm. The
results, depicted in figure 5.10 (b), show again an almost constant MM transfer but with
a sharp decrease for overlaps smaller than 7 um. Consequently, an overlap parameter §
of 10 to 30 pm and a coupler length of 20 to 50 mm should provide optimal performances
of the coupler in terms of MM transfer to the borosilicate MME Fixing parameters in
these ranges should also allow for repeatable efficiency. Therefore, all subsequent results
presented here will concern a DCFC with § = 15 pum and Lgpjice = 25 mm.

Even though replacing the silica rod by a borosilicate fiber allowed us to successfully
fabricate a HC-DCFC, its material losses in the visible range, of interest to us here,
remains an issue. Figure 5.11 (a) shows the propagation losses of a borosilicate rod of
500 um outer diameter, measured with an experimental setup similar to the one in figure
5.8. Losses in the order of 10 dB/m are measured across the range of interest, meaning
that only 10 % of the power remains after 1 m of propagation. In figure 5.11 (b), we
illustrate this by measuring the MM transfer to the borosilicate MMF cleaved 20 cm after
the coupler (green dots), then when the MMF is cleaved 10 cm after the coupler (blue
dots). A very high improvement in MM transfer is observed when removing only 10 cm
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Figure 5.11: (a) Measured attenuation spectrum of the 500 um outer diameter borosilicate MMF.

(b) Measured multimode transfer after 10 cm (blue dots) or 20 cm (green dots) of propagation
inside the borosilicate MMF after the coupler, and residual signal inside the silica clad of the
DC-HCF after the same coupler (gray dots).
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of borosilicate fiber, highlighting the significant impact of its propagation losses on the
DCFC performances. We found that Lypyr = 10 cm is the shortest length that allows to
safely separate both fibers and place them on their respective channels (excitation for
the DCF and detection for the MMF) without risking breaking them. Nevertheless, figure
5.11 (b) shows that a MM transfer of almost 60 % is achievable across the visible range
with this coupler, which should be sufficient to perform a first endoscopic imaging
demonstration. Moreover, we note that the power remaining in the double clad of the
capillary fiber (marked by gray dots in figure 5.11 (b)) is just a little under 20 %. Hence,
80 % is the theoretical limit of MM transfer to the borosilicate MMF that we could attain
with this coupler if free of propagation losses.

5.3 Coupler characterization

We have established that a HC-DCEFC is attainable by using a borosilicate fiber in
addition to the silica DCE with multimode coupling from one fiber to the other allowing
decent performances. We now fabricate a HC-DCFC with the process and parameters
detailed above and replacing the capillary fiber by a double clad hollow core fiber similar
to the endoscopic fiber described in chapter 2, of which a SEM is shown in figure 5.12 (a).
Hollow core guidance is achieved with seven capillaries of 13.1 um outer diameter and
350 nm wall thickness. The hollow core has a 34 um diameter, resulting in a measured
fundamental mode MFD of 30.5 um. The first transmission band covers a large spectrum
in the near infrared (NIR), from 800 nm to more than 1.8 pum, with propagation losses in
the range of 0.6 dB/m. The fiber outer diameter is 200 pm, and it is spliced to a 500 pm
outer diameter borosilicate rod over a 25 mm length and with a 15 um overlap between
fibers.

5.3.1 Multimode transfer

In section 5.2.3, we chose a capillary fiber with a design close to the double clad of
the fiber previously mentioned to fabricate the nonlinear endoscope. Consequently,
we observe similar performances with the full coupler fabricated. Still, because the
DC-HCEF is here slightly thinner (200 um outer diameter), the size difference between
fibers is larger. Hence, improved performances can be expected. With the borosilicate
MMEF cleaved 10 cm away from the coupler, we measure a MM transfer from the double
clad of the DC-HCEF to the MMF slightly above 60 % across the visible spectral range,
alike figure 5.11 (b).
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Figure 5.12: Scanning electron micrograph of (a) the 7 capillary tubular DC-HCF and (b) the
HC-DCFC fabricated with a 500 um outer diameter borosilicate MME (c) Hollow core fundamental
mode (FM) coupling ratio of the DC-HCEF before (blue dots) and after (green dots) fabrication of
the coupler.

5.3.2 Hollow core transmission

Figure 5.12 (b) is a scanning electron micrograph (SEM) of the HC-DCEFC fabricated.
Geometrical properties of the microstructure were measured and less than 5 % differ-
ence from the original DC-HCF was observed. We can safely assure from this that the
hollow microstructure of the fiber is unaltered by the coupler fabrication process, even
with a heating step. The transmission properties of the hollow core are inquired by
measuring the FM coupling ratio, i.e. the ratio of power at the output of the fiber to the
power before injection to the core FM. Results in the NIR range are depicted in figure
5.12 (c) for the DC-HCEF alone (blue dots) and after being spliced to the MMF (green
dots). No significant drop of FM coupling ratio is observed after fabrication of the fiber,
which states that the hollow core transmission properties are indeed not affected by the
coupler fabrication.

We further highlight this by imaging the hollow core FM in figure 5.13 for the fiber
before (a) and after (c) fabricating the coupler. The mode profile is also plotted along
the dashed line for each (b and d), and a Gaussian fit is added (gray solid line) to certify
the proper shape of the fundamental mode.

We fabricated a HC-DCFC that allows to retrieve about 60 % of the MM power
from the double clad of the endoscopic fiber to a separate fiber, without affecting the
excitation mode nor its transmission ratio. We now need to prove the applicability to an
endoscopic setup, for nonlinear signal collection and detection.
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5.3.3 Nonlinear signal collection in an endoscopic setup

The HC-DCFC performances are compared to the standard dichroic mirror separa-
tion of the excitation and collection channels in a real endoscopic setup. The experi-
mental setup described in figure 5.1 (a) is realized, only without an endoscopic head.
166 fs excitation pulses at 920 nm with a 80 MHz repetition rate are provided by a Ti:Sa
laser (Chameleon, Coherent) and injected to the DC-HCEF core. On the distal end of the
fiber, this excitation pulses generate a 2PEF signal on 2 um fluorescent beads, placed
on the surface of a coverslip as described in section 4.1.4. The 2PEF signal is separated
from the excitation by a 850 nm dichroic mirror (Semrock) and isolated by a 565+66 nm
bandpass filter, before detection by a photo-multiplier (PM, H7422-40, Hamamatsu).
The fluorescent signal detected with respect to the excitation average power, measured
before injection into the DC-HCE is represented by the blue dots in figure 5.14 (a). A
quadratic fit is included (gray solid line) to confirm the proper trend is measured.

Afterwards, the same fiber is used to fabricate a HC-DCFC with the process and
parameters detailed above. The same experiment is repeated, following the setup of
figure 5.1 (b) to generate and collect the 2PEF signal from 2 um fluorescent beads. The
green dots in figure 5.14 (a) show the dependence on excitation power of the signal
detected. Although it is about 20 % lower than the signal detected with the dichroic
mirror based setup, it is still in the same order which indicates that endoscopic imaging
should be attainable. It should be noted that the sample used is rather homogeneous,
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Figure 5.13: Imaged hollow core FM of the DC-HCF before (a) and after (b) fabrication of the
coupler, with (b, d) a profile plot along the marked horizontal dashed line and a Gaussian fit (gray
solid line).

119



CHAPTER 5. HOLLOW CORE DOUBLE CLAD FIBER COUPLER (HC-DCFC)

but to avert any inconsistency that can be caused by a weakly emitting area on a specific
position of the sample, each point in figure 5.14 (a) is a mean value of 5 acquisitions
corresponding to different positions on the sample.

Moreover, the ratio of 2PEF signal measured with the HC-DCFC to the one measured
with dichroic mirror with respect to the excitation power is depicted in figure 5.14 (b).
Performances of the HC-DCFC setup are in the 65-75 % range from the more standard
dichroic setup. Itis higher than expected from the results acquired heretofore, which can
be explained by avoidance of some losses when using a dichroic mirror and collection
optics, namely absorption and reflection inside these optics, potential clipping if the
beam is too large because of the high double clad NA, and because the dichroic mirror
reflection rate is inherently < 1. We also note that performances seems almost identical
for very low excitation average power (< 5 mW), which is actually caused by a SNR
decrease to almost 1.

(a) (b) 100
5| © dichroic + optics -
e DCFC R 901
=
B 41 S 801
2 S
c ©
S 5 | 70 A
g3 E
= & 60+
321 o
o G 50
&)
1 S 40
o
O - T T T 30 T T T
10 20 30 10 20 30
Plaser (mW) I:)Iaser (mW)

Figure 5.14: (a) 2PEF signal generated on a sample of 2 um fluorescent beads at the output of the

DC-HCE with Aex. = 920 nm, and collected by the double clad of the same fiber, as a function of
the excitation power. Collected signal is separated from the excitation either by a dichroic mirror
and appropriate optics (blue dots) or by a DCFC with a 500 um outer diameter borosilicate MMF
(green dots), and (b) power ratio between both.

5.3.4 Nonlinear imaging

Finally, we investigate the ability of the HC-DCF to be implemented in an actual
nonlinear endoscope. For this, we functionalized the distal end of the hollow core
with a 160 um long GRIN lens of 60 um core diameter. A commercial GRIN fiber based
micro-objective (GRINTECH GmbH) added to the endoscope head allows to obtain a
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Figure 5.15: (a) 2PEF image of 2 um fluorescent beads with (b) an intensity plot along the white
line (Aexc = 920 nm), scale bar is 20 um. (c) SHG image of unstained mouse skin (Aexc = 920 nm),
scale bar is 50 um. Images have been acquired with a 2 fps acquisition rate and averaged over 5
images.

1.3 um PSF at the output of the endoscope, as well as a doubly resonant piezoelectric
tube, providing performances similar to the endoscope characterized in the previous
chapters.

We first demonstrate 2PEF imaging of 2 um fluorescent beads in figure 5.15 (a)
with an excitation wavelength of Aexc = 920 nm. Alike imaging performed above, a
565+66 nm bandpass filter is preceding the detector to isolate the 2PEF signal. Figure
5.15 (b) displays a plot along the white dashed line in figure 5.15 (a). It shows that
even with a weaker signal detection, a decent contrast is achieved, with beads contours
well-defined.

We further emphasize on the imaging performances by providing a biological image
of unstained mouse skin using SHG in figure 5.15 (c). Collagen fibrils, arranged in a
rather disorganized manner, are undoubtedly emerging, as collagen is known to be a
strong SHG emitter. Excitation is still realized at Aexc = 920 nm and SHG signal is now
detected using a 447+60 nm bandpass filter.

Conclusion

A hollow core double clad fiber coupler is demonstrated for endoscopic applications.
The fabrication is made possible, including a fusion process, by combining two fibers of
different materials, in our case silica and borosilicate glass. A 60 % multimode transfer
from the double clad of the silica fiber to the borosilicate MMF and a 70 % nonlinear
signal detected as compared to a similar setup without coupler are obtained, notably
by designing an asymmetric coupler geometry. The main restraining issue is the high
absorption losses of borosilicate in the visible range. Alternative materials can be
used, as long as its fusion temperature is below silica and its refractive index is higher.
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Nonlinear imaging is performed, even on unstained biological samples, demonstrating
the applicability of this device to nonlinear endoscopy, which offers a simpler and more
robust alignment, crucial for such applications.
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Conclusions and perspectives

This thesis outlines the various nonlinear imaging modalities and their use cases
for biological investigations. These techniques are useful because of their chemical
specificity, improved resolution and penetration depth of the excitation source, ideal
for endoscopy though it is still predominantly present in tabletop microscopy. We
presented the requirements to transfer this technology to endoscopy, specifically to
integrate 3PEF into the endoscope scheme. The delivery of high power ultrashort
pulses to the sample is realized by a negative curvature hollow core fiber. To form
a highly multimodal endoscope, the first transmission band ranges from 850 nm to
more than 1750 nm, covering typical excitation wavelengths, with propagation losses
under 0.7 dB/m and group velocity dispersion under 2 ps/nm/km. Collection and back
propagation of the signal is performed by the same fiber, via a silica double clad with
a large surface and high NA. The fiber is functionalized at its distal tip to reduce the
large output mode, which improves the imaging resolution. It is carried out by either
inserting a silica bead inside the hollow core, or splicing a GRIN lens to its endface.
Although, we demonstrated that the GRIN lens functionalization allows to increase the
imaging contrast by reducing the parasitic noise generated inside the endoscope.

Scanning is realized by a piezoelectric tube, exciting resonantly the fiber tip in
two orthogonal directions to create a spiral pattern, with a field of view up to 600 um
with the micro-lens objective or 200 um with the GRIN fiber objective. This objective
is also added to the distal end, resulting in a working distance of 600 pm or 300 pm
respectively. Distal parts of the endoscope are encased inside a 3 mm large and 40 mm
long steel tube forming the endoscope head. Separation of the collection and excitation
signals is performed at the proximal end of the fiber by a dichroic mirror and lenses
for injection and collection. Although, an alternative solution is proposed with the
first demonstration of a hollow core double clad fiber coupler. Its fabrication, with
fusion from a CO», laser, is permitted by the use of two different materials, namely silica
for the endoscopic DC-HCF and borosilicate glass for the collection multimode fiber.
Despite the high propagation losses of the borosilicate glass in the visible range, a 60 %
multimode transfer from the double clad fiber to the borosilicate MMF is measured,
and a 70 % signal collection with respect to the alternative dichroic mirror based setup.
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Conclusions and perspectives

3PEF endoscopic imaging on unstained biological tissues is demonstrated for the
first time, and adds to 2PEE SHG, THG and CARS imaging modalities to form a highly
multimodal endoscope. It is also, to our knowledge, the first demonstration of a non-
linear endoscope integrating all these imaging modalities. Moreover, CARS images
obtained with the endoscope inserted 3 mm deep inside a fresh ox liver tissue demon-
strated the usability of the endoscope. We have yet to demonstrate in vivo 3PEF imaging
using this endoscope, but results presented in this work support the feasibility of such
investigations, and 2PEF in-vivo images of neuronal activities inside a freely moving
mouse have been attained recently. Yet some issues still need to be addressed. The
working distance provided by the commercial micro-objective remains far from the
performances of NLOMs, and increasing this would allow accessing the full potential
of 3PEF imaging. Furthermore, we performed CARS imaging with sub-ps excitation
pulses, which allowed us to take advantage of the dispersion inside the objective to
temporally overlap both pulses only at the output of the endoscope. On the other hand,
CARS imaging is often performed with longer excitation pulses to increase the spectral
resolution, which has yet to be demonstrated with our endoscope design. Parasitic
FWM generated inside the objective could rise due to a stronger temporal overlap of the
pump and Stokes pulses, and hinder CARS imaging contrast.

Finally, because of the recent interest in 3PEF imaging and the versatility of a highly
multimodal endoscope, many fields could benefit from such a device. In this scope,
nonlinear micro-endoscope are destined to be commercialized to benefit lab research,
and in term clinical investigations. In fact, commercialization is already in progress by a
company called Lightcore Technologies, and development is under way, including in
due time the hollow core double clad fiber coupler.
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