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Résumé de la thèse en français

Cette thèse présente un projet développé au Laboratoire d’Optique et des Biosciences au
sein du groupe Microscopies avancées et physiologie des tissus. Parmi les défis actuels de
la microscopie optique, la microscopie multiphotonique (ou non linéaire) permet d’aborder
l’imagerie en profondeur dans les échantillons diffusants. Ce travail a porté spécifique-
ment sur le développement et l’optimisation de la microscopie à trois photons (3P) en tant
que méthode d’imagerie non linéaire quantitative pour les applications biologiques. Nous
décrivons deux approches permettant d’étendre le nombre de paramètres observables avec
cette méthode d’imagerie.

Dans le premier chapitre de ce manuscrit, nous présentons la microscopie multiphotonique
comme une méthode efficace de sectionnement optique 3D. Nous décrivons ses principes
et les caractéristiques qui la rendent efficace dans les milieux diffusants. Nous discu-
tons ensuite la limite de profondeur d’imagerie en microscopie à deux photons, qui est
principalement due à l’émission de lumière hors du plan focal. Nous décrivons comment
la microscopie à trois photons surmonte cette limite grâce à son confinement optique
plus fort. Ce sectionnement optique est ensuite analysé à l’aide d’un modèle numérique
pour étudier l’effet des paramètres d’excitation sur le rapport signal sur bruit de fond
à grandes profondeurs d’imagerie. Nous discutons enfin les limites actuelles de la mi-
croscopie à trois photons et nous proposons de relever deux défis : le développement de
l’instrument (Chapitre 2) et l’extension du nombre de paramètres observables (Chapitres
3 et 4).

Dans le Chapitre 2, nous présentons notre travail sur le développement et l’optimisation
d’un microscope à trois photons. Tout d’abord, nous décrivons la source laser, un proto-
type d’amplificateur paramétrique optique (OPA) construit en laboratoire et conçu pour
les applications à trois photons. Fonctionnant à une fréquence de répétition de 1MHz, elle
délivre des impulsions laser de l’ordre du microjoule, permettant l’excitation 3P à 1300
et 1700 nm, les bandes spectrales optimales pour l’imagerie 3P des tissus profonds. Ce
chapitre présente les avantages et les inconvénients de cette source laser et des prototypes
précommerciaux suivants, conçus pour notre laboratoire. Enfin, nous décrivons notre
travail sur les voies de conditionnement des faisceaux et sur la conception du microscope
pour optimiser l’imagerie 3P.

Dans le Chapitre 3, nous explorons la possibilité d’exciter à trois photons des protéines
fluorescentes bleues, ce qui reste peu étudié jusqu’à présent. Les rapports les plus récem-
ment publiés sur l’excitation à trois photons des protéines fluorescentes se concentrent
sur les protéines fluorescentes vertes et rouges, qui peuvent être excitées dans la gamme
de longueurs d’onde de 1300 à 1700 nm. Ils concluent tous que le spectre d’excitation
multiphotonique ne peut pas être déduit du spectre d’excitation linéaire et peut présen-



ter des différences significatives. Pour cette raison, il n’est pas possible de prédire les
propriétés d’excitation 3P de protéines fluorescentes spécifiques à partir de leurs spectres
linéaires. Nous présentons ici une étude dans laquelle trois protéines fluorescentes bleues
sont excitées à la longueur d’onde de 1030 nm afin de déterminer dans quelles conditions
elles peuvent être utilisées en microscopie 3P.

Enfin, dans le Chapitre 4, nous mettons en œuvre et explorons une nouvelle modalité
de contraste cohérent compatible avec la microscopie à fluorescence 3P et basée sur la
génération de somme de fréquences du troisième ordre (TSFG). Une imagerie TSFG à
plusieurs longueurs d’onde est obtenue par le mélange de fréquences de deux impulsions
synchronisées. Nous étudions comment les signaux de TSFG et de génération de troisième
harmonique (THG) peuvent être exaltés par la présence de résonances électroniques dans
un milieu absorbant. Nous montrons qu’un tel effet résonant 3P est présent près de la
bande de Soret de l’hémoglobine et nous l’utilisons pour réaliser une imagerie sans mar-
quage spécifique à l’hémoglobine qui permet une segmentation automatique des globules
rouges. Enfin, nous démontrons également comment cet effet, ainsi que les différences
spectrales entre l’hémoglobine oxygénée et l’hémoglobine désoxygénée ont un potentiel
pour l’imagerie fonctionnelle de l’état d’oxygénation des globules rouges.

L’ensemble de ces résultats contribue au développement instrumental de la microscopie
3P, ainsi qu’à l’ouverture de nouveaux domaines d’applications en bioimagerie.
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Preamble

This thesis presents a project developed at the Laboratory for Optics and Biosciences
within the Advanced microscopies and tissue physiology group. Among current challenges
in optical microscopy, imaging deep inside scattering samples can be addressed by using
multiphoton (or nonlinear) microscopy. This work specifically focused on the development
and optimization of three-photon (3P) microscopy as a quantitative nonlinear imaging
method for biological applications. We extended the number of observable parameters
with this technique using two different approaches.

In the first chapter of this manuscript, we start by introducing multiphoton microscopy
as an efficient 3D optical sectioning method. We describe its principles and the main
characteristics which make it effective in scattering media. We then discuss the imaging
depth limit in two-photon microscopy, which is mainly due to out-of-focus light emission.
We describe how three-photon microscopy overcomes this limitation thanks to its stronger
optical confinement. This optical sectioning is then analysed using a numerical model to
investigate the effect of the excitation parameters on the signal to background ratio at
large imaging depths. We then discuss the current limitations of three-photon microscopy
and propose to address two challenges: the development of the instrument (Chapter 2)
and the extension of the number of observable parameters (Chapters 3 and 4).

In Chapter 2, we present our work on the development and optimization of a three-photon
microscope. First, we describe the laser source, a lab-built OPA prototype designed for
three-photon applications. Operating at MHz repetition rate, it delivers microjoule laser
pulses allowing 3P excitation at 1300 and at 1700 nm, the optimal spectral bands for
deep-tissue 3P imaging. This chapter reports on the advantages and disadvantages of
this laser source and the following pre-commercial prototypes that were designed for our
laboratory. Finally, we describe our work on the beam conditioning paths and on the
microscope design to optimize 3P imaging.

In Chapter 3, we explore the possibility of three-photon excitation of blue fluorescent
proteins, which remains poorly investigated so far. Most recently published reports on
three-photon excitation of fluorescent proteins focus on green and red fluorescent proteins,
which can be excited in the 1300 - 1700 nm wavelength range. They all conclude that the
multiphoton spectrum cannot be deduced from the linear one and might present signifi-
cant differences. For this reason, it is not possible to predict the 3P excitation properties
of specific fluorescent proteins from their linear spectra. Here, we present a study in which
three blue fluorescent proteins are excited at a fixed wavelength to determine in which
condition they can be used in 3P microscopy.

Finally, in Chapter 4, we implement and explore a new coherent contrast modality compat-



ible with 3P fluorescence microscopy and based on third-order sum frequency generation
(TSFG). Colour TSFG is obtained by mixing two synchronized pulses. We discuss how
TSFG and third-harmonic generation (THG) signals can be enhanced when real energy
levels such as absorption bands are present near the virtual transitions. We show that
such a 3P-resonant effect is present near the Soret band in hemoglobin, and use it to
achieve label-free hemoglobin-sensitive imaging and automated red blood cells segmenta-
tion. Finally, we also demonstrate how this effect together with the spectral differences
between oxygenated hemoglobin and deoxygenated hemoglobin have a potential for func-
tional imaging of the oxygenation state of red blood cells.
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1 Making visible the invisible
Antonie van Leeuwenhoek crafted the first high-resolution microscopes in the 17th century
driven by his curiosity about microorganisms. With his hand-held instruments, he made
visible what was invisible at that time, and pioneered the field of microscope making.
Many developments have followed since then to fulfill the requirements of the scientists
to perform observations at higher magnification, larger depth and higher speed. These
improvements have been possible thanks to technological advances such as mastering the
fabrication of lenses or the advent of the laser in the 1960’s. Technology has enabled the
development of new imaging methods and instruments, some of them so complex that
they need the size of a whole room.
Figure 1.1 classifies several bioimaging techniques according to their spatial resolution and
penetration in tissues. It illustrates that there is a global trade-off between spatial res-
olution and imaging depth. However, there are other important imaging properties that
can be experimentally required for a particular application such as sensitivity or imaging
speed. Such requirements have motivated the development of many imaging techniques
focusing on the improvement of one or two of these parameters. In practice, a compro-
mise must generally be found between spatial resolution, imaging depth, imaging speed,
contrast specificity, and non-invasiveness.

Optical microscopy provides a spatial resolution on the order of the micrometer, which
makes it ideal for the observation of biological objects at the cellular and sub-cellular
scale. In addition, it offers high sensitivity and specificity through its combination with
fluorescence labelling, which makes it unique for studying cell structure and function.
On the other hand, light is strongly scattered when propagating in biological media, so
that the imaging depth of optical microscopes in tissues is limited to a few hundreds of
micrometers at best.
In this thesis work, we focus on three-photon microscopy, a recent approach providing en-
hanced penetration depth in tissues. Our aim will be to optimize both imaging depth and
contrast specificity, while keeping an acceptable spatial resolution for studying cells in situ.

Let us first introduce some general concepts and methods relevant to in-depth microscopy.
Wide-field illumination microscopy is the most standard approach in optical microscopy.
As we will briefly review, it does not provide 3D information of the sample. This is
a limitation inherent to the imaging process. Due to energy conservation, the amount
of light illuminating any plane perpendicular to the optical axis is the same. It follows
that the image of a thick 3D object consists of a sharp image of the plane of interest
superimposed to blurred images of the other planes. This out-of-focus light produces a
background that diminishes the image contrast, which can be quantified by means of the
signal to background ratio (SBR).
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2. 3D optical sectioning methods

Figure 1.1: Illustration of several standard imaging techniques classified in terms of their spa-
tial resolution and penetration depth. a) Scanning Electron microscopy (SEM): normal
human blood. Source: NCI. TEM: transmission electron microscopy. b) Super resolution
microscopy: bovine pulmonary artery endothelial cell, showing actin (blue) and mitochon-
dria (orange). Source: NSW. c) Confocal microscopy: brainbow labelled neurons in the
hippocampus of a mouse [1]. d) Multiphoton microscopy: second harmonic generation
(green) and two-photon autofluorescence (red) image of collagen fibrils of a parchment [2]. e)
Ultrasound imaging: a fetus in the womb at 12 weeks of pregnancy. Source: wikipedia (W.
Moroder). f) Magnetic Resonance Imaging (MRI): sagittal section of the head of an adult
human. Source: Radnet. g) Radiography: specimen of Darwinius masillae adapted from [3].

To achieve 3D resolution, two techniques have been principally developed using linear
optics: confocal microscopy and light sheet microscopy. In Section 2, we briefly review
the strategy used to avoid out-of-focus light in these two approaches. However, these linear
microscopy methods fail to maintain 3D sectioning deep in scattering tissues. Indeed, as
imaging depth increases, scattering results in a loss of signal and an increase in background
scattered light. One workaround that maintains optical sectioning at larger depth is
multiphoton microscopy, discussed in Section 2.3. In Section 3, we then present more
specifically the differences between two-photon (2P) and three-photon (3P) fluorescence
microscopy focusing on the details of the latter. Finally, in Section 4, we introduce the
objectives of this thesis.

2 3D optical sectioning methods

2.1 Confocal microscopy
Confocal microscopy [4] was initially described by Marvin Minsky in 1953, and the first
commercial instruments were produced in the 1980’s thanks to the availability of efficient
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laser sources, detectors and scanning methods. It is now a reference technique in cell
biology.
The principle is the following: the illumination is focused onto a point in the sample, and
a pinhole is placed in a conjugated position in the detector plane. The pinhole lets the
light from the focus reach the detector, and blocks light coming from all other positions
in the sample, in particular out-of-focus light. This is illustrated in Figure 1.2.

Figure 1.2: Scheme of the confocal microscopy principle (left). Only the photons coming from
the focal plane enter the pinhole, which rejects all the out-of-focus light. DM: dichroic mirror.
Example of a confocal image: immortalized human skin cells (HaCaT keratinocytes) expressing
fluorescently tagged keratin (right). Source: The Netherlands Cancer Institute.

The excitation spot is then scanned in 2D or 3D across the sample, and an image is
recorded in a point-by-point manner. This imaging method is known as point-scanning.
One limitation of the confocal microscope is its phototoxicity when it is used for 3D
imaging. Indeed, by principle, each 2D confocal image requires to illuminate the sample
over its entire thickness, and to then reject all the collected light that does not come from
the focal plane. As a consequence, photo-perturbation becomes a limiting factor when
performing 3D or sustained imaging of fragile samples. A second limitation of confocal
microscopy is that its point-scanning acquisition principle necessarily limits the imaging
speed.

2.2 Light sheet microscopy
Light sheet microscopy provides a solution to achieve faster and less-phototoxic 3D-
resolved imaging than confocal microscopy. It is based on a different imaging geometry, as
shown in Figure 1.3.a [5]. The excitation and the detection axes are orthogonal, generally
including an objective lens each. In the most usual implementations, the illumination
beam cone is shaped into a sheet of light either by means of a cylindrical lens, or with a
rapid scanning mirror. Thus, only one plane is illuminated at a time and no out-of-focus
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light is generated. This principle brings two additional advantages. The first one is that
the imaging speed can be greatly increased since the acquisition is parallelized. In prac-
tice, a camera rather than a point detector is used to acquire 2D images. The second one
is that, because only the imaged region is illuminated, photodamage is strongly reduced
compared to confocal microscopy.

Figure 1.3: (a) Geometry of light sheet microscopy, adapted from [5]. (b) Examples of different
possible light sheet shapes, adapted from [6].

Light sheet microscopy is a recent method and is still undergoing many technical and
methodological developments. Due to the coupling between the axial and lateral dimen-
sions in a focused beam, the thickness and the axial extension of the light sheet are also
coupled. Thus, there is a trade-off in light sheet microscopy between axial resolution,
related to the sheet thickness, and field-of-view (FOV), related to the sheet axial dimen-
sion. A current field of research is therefore to try to engineer optimal sheet shapes using
phase masks at the back focal aperture of the illumination objective (see Figure 1.3.b).

2.3 Multiphoton microscopy
2.3.1 Principles

Multiphoton absorption is a process by which 𝑛 photons of energy ~𝜔/n combine their
energies to allow an optical transition normally requiring a single photon of energy 𝐸 =
~𝜔. It was predicted by Maria Goeppert-Mayer in 1931 [7], and first applied to microscopy
by Denk et al. in 1990 [8]. This latter group reported 3D-resolved microscopy based on
two-photon excited fluorescence (2PEF) contrast, and pioneered the field of multiphoton
microscopy.
The imaging principle at the heart of multiphoton microscopy is that, because of the
nonlinearity of the contrast mechanism, excitation is intrinsically restricted to a small
probe volume. For example in the case of 2PEF microscopy, fluorescence excitation is
proportional to the square of the excitation intensity; when the excitation beam is focused
by a high numerical aperture (NA) objective, the squared intensity distribution is confined
to a micrometer-scale volume around the focal point, as we will detail in Section 3.2.1.
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This property is illustrated in Figure 1.4. The micrometric probe volume is then scanned
in 2D or 3D to form an image. Excitation confinement results in an intrinsic optical
sectioning without the need for a pinhole to reject light from other planes like in confocal
microscopy.

Figure 1.4: Localisation of linear excitation (a) and two-photon excitation (b) in a sample
of fluorescein by focused 488 nm continuous-wave light and focused femtosecond 960 nm laser
pulses (0.16 NA). Figure from [9].

Molecular two-photon absorption cross sections are very small (on the order of 10−48𝑐𝑚4

for the green fluorescent protein [10]) so that laser light must be concentrated spatially
and temporally to achieve efficient excitation. Spatial concentration is achieved by using a
high numerical aperture (NA ≈ 1) microscope objective, but this is not sufficient to reach
reasonable acquisition times. Experimentally, 2PEF microscopy has been made possible
by the advent of femtosecond oscillators in the near infrared (≈ 900 nm) wavelength
range. Typical temporal parameters of these lasers are a pulse duration τ of 100 fs and a
repetition rate 1/𝑇 of 80 MHz (Figure 1.5).

Figure 1.5: Temporal distribution of the photons (black dots) in the case (a) of a continuous-
wave laser and (b) of a pulsed laser of pulse duration τ and repetition rate 1/𝑇 . Figure from [11].

As summarized in Table 1.11, pulsed excitation increases the probability of nonlinear
excitation for a given average excitation power 𝑃0. This makes it possible to enhance
nonlinear processes while minimizing sample heating by linear absorption.

1A detailed derivation of these dependences is included in Section 2.3 in Chapter 4 for the case of 3P
excitation.
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N = 1 (linear) 𝑆1𝑃 ∝ 𝑃0

N = 2 𝑆2𝑃 ∝
(︁𝑇

τ

)︁
⟨𝑃0⟩2

N = 3 𝑆3𝑃 ∝
(︁𝑇

τ

)︁2
⟨𝑃0⟩3

N 𝑆NP ∝
(︁𝑇

τ

)︁N−1
⟨𝑃0⟩N

Table 1.1: Dependence of linear and nonlinear optical processes on laser average power and
temporal parameters. Explicit expressions of the signal (S) are given for 1, 2 and 3 photon
processes, together with the general expression for a N-photon process.

Two distinctive advantages of multiphoton microscopy are that it performs better in scat-
tering media than linear microscopy techniques, and it offers additional contrast modali-
ties, as we will see below.

2.3.2 Advantages in scattering media

Multiphoton microscopy performs better in scattering media than linear techniques such
as confocal microscopy, for three reasons: (i) longer excitation wavelengths experience
reduced scattering; (ii) excitation confinement is preserved up to a few scattering lengths;
(iii) detection is relatively unaffected by scattering.

Longer wavelengths provide reduced scattering

Figure 1.6: Scattering dependence on wavelength in skin and breast tissue. Adapted from [12].

Scattering is the phenomenon responsible for the change of light propagation direction
occurring when a photon encounters an obstacle. Non-scattered photons with straight tra-
jectories are usually termed ballistic photons. Microscopy, i.e. diffraction-limited imaging,
relies on the detection of ballistic photons only. However, the scattering nature of tissues
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makes in-depth microscopy difficult because the number of ballistic photons decreases
with the propagation distance. This attenuation is described as an exponential decay of
the intensity characterized by the scattering length or scattering mean free path 𝑙𝑠. It is
defined as the distance after which the ballistic intensity is attenuated by a factor of 1/𝑒
and can also be understood as the average distance travelled by a photon between two
scattering events. The scattering coefficient, 𝜇𝑠, is the inverse of the scattering length and
decreases with increasing wavelengths as shown in Figure 1.6 [12].

As discussed earlier, the SBR in confocal microscopy of a thick transparent object is high
because the pinhole rejects out-of-focus light. However, its value decreases with increas-
ing imaging depth inside a scattering sample, for two reasons. Firstly, some photons
originating from the focal region are deviated and rejected by the pinhole, which reduces
the signal. Secondly, some scattered photons originating from out-of-focus planes are
not properly rejected by the pinhole and reach the detector, which increases the back-
ground. In light sheet microscopy, scattering also causes a similar effect by broadening
the illuminated region.
Multiphoton microscopy presents a superior penetration inside scattering media compared
to confocal and light sheet microscopy [13] because it uses longer excitation wavelengths
in the infrared range, which experience less scattering in tissues.

Robustness of multiphoton optical sectioning in scattering media

The second advantage of multiphoton microscopy for tissue imaging is that the con-
finement of the excitation is relatively well preserved over ≈ 4 scattering mean free
paths [14, 15]. This limit will be discussed in more detail in Section 3 of this chapter.
This mechanisms result in a conservation of the SBR up to an imaging depth of a few
hundreds of microns in practical applications.

Detection in multiphoton microscopy is little affected by scattering

The last step of the imaging process is the fluorescence collection. A strong advantage
of multiphoton microscopy in scattering media is that fluorescence light does not need to
be refocused on a pinhole before detection. Indeed, since the excitation is confined, all
emitted photons originate from the focal region and contribute to the signal, whether they
are ballistic or scattered. In the case of a non-scattering sample (Figure 1.7, left), confocal
detection performs well through the whole sample volume. In a scattering sample (Figure
1.7, right) however, confocal microscopy fails to provide strong signal, as most of the
photons are deviated and rejected by the pinhole. The absence of pinhole in multiphoton
microscopy allows the collection of a larger amount of photons.

As a summary, the advantages of multiphoton microscopy for imaging inside a scattering
medium are presented in Figure 1.8.

2.3.3 Contrast mechanisms

In addition to the superior performance for in-depth imaging of scattering media, another
specific advantage of multiphoton microscopy is that it gives access to different contrast
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Figure 1.7: Collection efficiency in multiphoton microscopy. Non scattering sample (left): all
the detected light consists of ballistic photons. Scattering sample (right): ballistic and non-
ballistic photons contribute to the detected signal. Since all the fluorescence originates from the
focal region, the detection of scattered light increases the signal without degrading the contrast.

Figure 1.8: Scheme of the excitation, optical sectioning and collection in multiphoton mi-
croscopy. Inspired from [16].

mechanisms based on nonlinear optical processes, which can be combined to provide
complementary information.
Figure 1.9 presents several processes that can be used as contrast mechanisms in multipho-
ton microscopy. First, chromophores can be excited using a two-photon or a three-photon
process before emitting fluorescence (2PEF, 3PEF). 2PEF is the most widely used contrast
modality in nonlinear microscopy. We will discuss 3PEF in more detail in Chapter 3. In
addition, coherent nonlinear processes can be used as contrast mechanisms. These include
second harmonic generation (SHG) [17–19], third harmonic generation (THG) [20, 21] or
coherent anti-Stokes Raman scattering (CARS) [22–24]. SHG is specifically observed in
non centrosymmetric media. It can be used to visualize in a label-free manner certain
dense polarized biological structures such as collagen fibers, myosin filaments or micro-
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tubule bundles. THG is sensitive to interfaces and can be used to visualize the presence
of dense inclusions such as lipid droplets, interfaces, and pigments. We will discuss it
in more detail in Chapter 4. CARS is sensitive to vibration modes and can be used to
visualize the density of lipids, water and other tissue components.

Figure 1.9: Schematic representation of several contrast mechanisms in multiphoton mi-
croscopy compared to one-photon excited fluorescence (1PEF). Real energy levels are repre-
sented by solid lines whereas dashed lines stand for virtual energy states. The dependence of
the detected signal S on the excitation intensities I is shown with a colour code correspondent
to the energy scheme.

The possibility to easily combine these signals in the same instrument is an important
advantage of multiphoton microscopy. Fluorescence can be used to label specific compo-
nents, while SHG and THG provide complementary structural information. Figure 1.10
presents an example of multimodal imaging where 4 different label-free nonlinear signals
are detected simultaneously.

3 Three-photon microscopy
In this section we analyse the limits of 2P microscopy at large imaging depths and how
3P microscopy is able to overcome them. We present a more precise study of optical
sectioning including an analysis of the SBR depending on several parameters.

3.1 Depth limit in 2PEF
As we have mentioned in the previous section, scattering is a parameter that limits the
number of non-scattered photons reaching the focal plane as the imaging depth increases.
Assuming that only these ballistic photons contribute to nonlinear excitation, the excita-
tion intensity decreases exponentially in terms of the imaging depth z according to:

𝐼(𝑧) = 𝐼0 exp − 𝑧

𝑙𝑠
, (1.1)

where 𝐼0 is the excitation intensity at the surface of the sample and 𝑙𝑠 the scattering
length. We have also seen that 2P excitation is inversely proportional to the duty cycle
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3. Three-photon microscopy

Figure 1.10: Pharynx of a C. elegans imaged with four simultaneous channels corresponding
to label-free signals: THG (b), Four Wave Mixing (FWM) (c), SHG (d) and endogenous 2PEF.
Adapted from [25].

of the laser (τ/𝑇 ) and scales as the squared excitation intensity (Table 1.1). Thus, the
generated 2PEF signal in depth can be expressed as:

𝑆2𝑃 𝐸𝐹 ∝ 𝑇

τ

(︁
𝐼0 exp − 𝑧

𝑙𝑠

)︁2
= 𝑇

τ
𝐼2

0 exp −2𝑧

𝑙𝑠
. (1.2)

For a given maximum available laser power, 𝑃0, this exponential dependence results in
a maximum imaging depth 𝑧𝑚𝑎𝑥 at which the signal decays below the sensitivity of the
microscope. In the absence of background, one can write [26]:

𝑧𝑚𝑎𝑥 ≈ 𝑙𝑠 𝑙𝑛(𝛼𝑃𝑠

√︃
𝑇

τ
φ(𝑧𝑚𝑎𝑥)),

where 𝛼 is a parameter including fluorophore efficiency as well as detector and shot noise.
𝑃𝑠 is the average power available at the surface of the sample and φ(𝑧) is the collected
fraction of fluorescence.
In what follows we review some studies investigating strategies to increase the maximum
imaging depth.

3.1.1 Longer excitation wavelengths

One of the parameters that can be adjusted in Equation 1.2 is the wavelength. As we
have seen in Figure 1.6, longer wavelengths exhibit longer scattering lengths. With this
property in mind, the authors in [27] demonstrated an important increase in imaging depth
when using longer excitation wavelengths compared to shorter ones. As seen in Figure
1.11, they imaged the brain of mice in vivo. The vasculature of the cortex was labelled
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both with fluorescein and Alexa680 emitting at the wavelengths of 515 nm and 700 nm,
respectively. 2P excitation was performed sequentially at 775 nm and at 1280 nm. The
maximum imaging depth achieved at 1280 nm is of the order of 1 mm whereas at 775 nm
excitation the signal is lost at around 600 µm in accordance to other references [28, 29].

Figure 1.11: In vivo 2PEF imaging of mouse cortex vasculature. Normalized image stacks
excited at 1280 nm and 775 nm (a) and attenuation of the average intensity in depth (b). The two
different slopes correspond to different scattering lengths for each wavelength. Figure from [27].

3.1.2 Amplified pulses

Apart from using longer wavelengths, another parameter affecting the 2PEF signal for a
given average excitation power 𝑃0 is the duty cycle of the laser (τ/𝑇 ).
Some efforts have been done to reduce the pulse duration to smaller values than the typical
100 fs [30,31]. Still, shortening the pulse duration below ≈ 20 fs is useless because the pulse
spectral width becomes larger than the excitation spectrum of the fluorophores. Moreover,
such short pulses experience considerable dispersion by microscope optical components.
This complicates their use in microscopy applications. In practice, sub-20 fs pulses are
very rarely used in 2PEF imaging.
The gain in imaging depth can be much more important by reducing the laser repetition
rate. This strategy was introduced by Beaurepaire et al. [32] and by Theer and Denk
[33]. They proposed the use of regenerative amplifiers on mode-locked lasers used for
2P microscopy. These lasers are typically Ti:Sapphire oscillators working at a repetition
rate of 80 MHz. A regenerative amplifier is a device that by means of a switch increases
the number of round trips of the pulse inside the resonator cavity. This increases the
amplification of the pulses on the gain medium. This way, the average output power of
the laser (typically 1 W) is unchanged, but energy is temporally redistributed into more
energetic pulses with lower repetition rate. The pulse duration does not vary but the
repetition rate can be of the order of 200 kHz. In the absence of saturation, the more
energetic the excitation pulses are, the higher the generated fluorescence signal. However,
saturation and photodamage thresholds impose a limit peak intensity per pulse 𝐼𝑝𝑚𝑎𝑥
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which leads to a maximum fluorescence signal per pulse 𝐹𝑝𝑚𝑎𝑥. The total fluorescence
signal is then 𝐹𝑝𝑚𝑎𝑥/𝑇 .
Figure 1.12 represents the fluorescence profile in depth. At low depths, excess power is
available from the laser. Laser power is therefore adjusted to keep the intensity under the
limit 𝐼𝑝𝑚𝑎𝑥 at the focal plane. As imaging depth increases, the laser power is increased
exponentially to compensate scattering and maintain a constant detected signal. At some
point the power of the laser is tuned to its maximum and the fluorescence profile decreases
exponentially with depth. The comparison of two different excitation regimes in Figure
1.12 illustrates how high repetition rates are advantageous at shallow depths since the
generated fluorescence rate is high. At deeper planes, however, lower repetition rate
lasers perform better.
This strategy comes at the price of a lower average fluorescence level. As the repetition
rate decreases, the pixel dwell time needs to be increased if one wants to maintain a
constant number of pulses per pixel and signal level. This results in a decrease of the
imaging speed and thus, limits the temporal resolution.

Figure 1.12: 2PEF signal profile in depth. In the first case, a high repetition rate laser gives a
strong fluorescence signal at low depth, but the excitation is rapidly attenuated by scattering as
the imaging depth increases. With a regenerative amplifier, imaging speed is slower for shallow
depths but the low repetition rate allows deeper imaging for the same average excitation power.
Inspired from [32].

3.1.3 Loss of SBR in depth in 2PEF

Theer and Denk [33] confirmed experimentally that regenerative amplifiers (200 kHz,
925 nm) can provide deeper 2PEF imaging in brain tissue. They estimated an improve-
ment of ≈ 3 scattering lengths compared with standard mode-locked lasers.
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Figure 1.13: Z-stacks of images of tissue phantom made of fluorescent beads (a), stained
vasculature in mouse brain (b) and fluorescent labelled mouse neurons (c). Taken from [33].

They demonstrated imaging up to 1050 µm deep in mouse brain with this strategy (see
Figure 1.13) without being limited by the required laser power. However, they identified
another depth limiting factor: at imaging depths greater than 800 µm, out-of-focus light
starts to blur the images. This phenomenon is a fundamental limit of the 2P excitation
process which causes a loss of contrast at large imaging depths in scattering samples.
In the next section we analyse in detail the origin of this limitation and present 3P
microscopy as an alternative imaging method to overcome it.

3.2 Optical sectioning analysis
In this section we present a more detailed description of optical sectioning in multiphoton
microscopy. First, we define the parameters of the focal volume as described by Zipfel et
al. in [9] for the case of 2PEF. We generalize them to the case of N-photon excitation.
Then, inspired on the model proposed by Xu’s group introduced in [34], we derive an
expression of the excitation profile in depth in the case of non-scattering and scattering
samples. These expressions, also generalized to N-photon excitation, allow to explain
some features observed in our experimental measurements. Moreover, based on these
calculations, we complete the study with simulations of the SBR that allow to evaluate
the effect of experimental parameters such as nonlinear order, excitation wavelength and
focusing NA.

3.2.1 Excitation volume and spatial resolution

The dimensions of the focal volume give an estimation of the smallest structures that
can be resolved in the images. In microscopy, the illumination intensity near the focus is
usually described using the illumination point spread function (PSF). This concept can be
generalised to multiphoton microscopy using the linear PSF raised to the power of 𝑁 , the
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order of the excitation process. After Zipfel et al. [9], we can approximate the nonlinear
excitation volume as a gaussian-gaussian distribution centered at the focus, with lateral
and axial half-widths at 1/𝑒2 of this distribution given by:

𝑟𝑥𝑦 =

⎧⎪⎪⎪⎪⎨⎪⎪⎪⎪⎩
0.320

√
2 λ√

𝑁 NA
, for NA ≤ 0.7 (1.3)

0.325
√

2 λ√
𝑁 NA0.91 , for NA > 0.7 (1.4)

𝑟𝑧 = 0.532
√

2 λ√
𝑁

⎛⎝ 1
𝑛 −

√︁
𝑛2 − NA2

⎞⎠ (1.5)

λ is the wavelength at vacuum, 𝑁 the excitation order of the process, NA the numerical
aperture and 𝑛 the refractive index of the immersion medium. Both expressions, 𝑟𝑥𝑦 and
𝑟𝑧 are used in the following sections to simulate the axial excitation profile and the signal
to background ratio.
The focal volume of N-photon excitation is defined as:

𝑉𝑁𝑃 =
(︁ 𝜋

2𝑁

)︁3/2
𝑟2

𝑥𝑦𝑟𝑧

Except in the limit of very tight focussing, its dimensions scale with NA as follows: 𝑟𝑥𝑦 ∝
1/NA , 𝑟𝑧 ∝ 1/NA2. Experimentally, the most convenient definition of the width of the
spatial gaussian functions is the full width at half maximum (FWHM). Along this thesis
we call spatial resolution 𝛿 the FWHM of the lateral (along x and y) and axial (along z)
profiles measured on 3D stacks of images acquired on small objects, typically fluorescent
beads of radius ≤ 0.5 µm. This parameter is related to the previous ones by:

𝛿𝑥𝑦 =
√

2 ln 2 · 𝑟𝑥𝑦 𝛿𝑧 =
√

2 ln 2 · 𝑟𝑧

Considering an excitation wavelength of 1300 nm and a water immersion objective of
NA = 1.05, the axial resolution is ≈ 1.6 µm with 2P excitation and ≈ 1.3 µm with 3P
excitation.

3.2.2 Dependence of 2P and 3P signals on NA

Based on the relations given above, it is also interesting to derive general rules on the
dependence of two-photon and three-photon signals on excitation numerical aperture.
Assuming moderate focusing for simplicity, we can consider that the excitation volume
approximately scales as NA−4, with an axial extent proportional to NA−2 and a transverse
section 𝑆 also proportional to NA−2. For a constant incident power 𝑃 , the intensity at the
focus 𝐼 scales as 𝑃/𝑆 ∝ NA2. It follows that when the beam is focused in a homogeneous
fluorescent medium (with extent larger than the excitation volume, as illustrated in Figure
1.14.a), the total two-photon fluorescence 𝐹2𝑃 scales as 𝐼2𝑉2𝑃 ∝ NA0 and therefore does
not depend on NA. This is a known property of two-photon microscopy: an enlargement
of the excitation PSF does not induce a large signal drop when imaging objects larger
than the focal volume (for example cell bodies). In contrast, the 3P signal 𝐹3𝑃 from
a large homogeneous object scales as 𝐼3𝑉3𝑃 ∝ NA2, and rapidly decreases when NA is
reduced. Maintaining a tight focus is therefore more important in 3P microscopy than in
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Figure 1.14: Illustration of the 2P and 3P fluorescence signal dependence on NA in the case of:
(a) A homogeneous fluorescent medium. At the size scale of the excitation volume dimensions, a
labelled cell body appears as a homogeneous medium. (b) A punctual fluorescent object smaller
than the excitation volume. Examples of this case are nanoparticles in solution or small sample
features.

2P microscopy. We can also note that in the case of a point-like object (Figure 1.14.b),
2P signals scale as 𝐹2𝑃 ∝ 𝐼2 ∝ NA4 and 3P signals have an even stronger dependence on
NA scaling as 𝐹3𝑃 ∝ 𝐼3 ∝ NA6.

3.2.3 Axial Signal

As in light sheet microscopy, the optical sectioning in multiphoton microscopy is achieved
by confining the excitation to the imaging plane. In the following section, we derive a
simple model to compare the axial distribution of fluorescence excitation in multiphoton
microscopy. This model will help us analyse the optical sectioning properties of multi-
photon microscopy in transparent and scattering samples.
We define the axial signal, 𝑆𝑁(𝑧), as the total excitation intensity in each plane perpen-
dicular to the optical axis raised to the power of the nonlinear order of the process 𝑁 . It
can be expressed mathematically as:

𝑆𝑁(𝑧) =
+∞∫︁∫︁
−∞

𝐼𝑁(𝑥, 𝑦, 𝑧) 𝑑𝑥𝑑𝑦

Non-scattering sample

Let us consider a Gaussian profile for the excitation intensity as:

𝐼(𝑟, 𝑧) = 𝐼0

(︂
𝑤0

𝑤(𝑧)

)︂2
exp

{︂ −2𝑟2

𝑤(𝑧)2

}︂
,
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where the beam radius at 1/𝑒2 is defined as

𝑤(𝑧) = 𝑤0

√︃
1 +

(︁ 𝑧

𝑧𝑅

)︁2
,

where 𝑤0 is the beam waist and 𝑧𝑅 the Rayleigh range defined as 𝑧𝑅 = 𝜋𝑤2
0𝑛

λ
, with 𝑛 the

refractive index and λ the wavelength of the beam in free space.
With this geometry it is more convenient to work in cylindrical coordinates:

𝑆𝑁(𝑧) =
2𝜋∫︁
0

+∞∫︁
0

𝐼𝑁(𝑟, 𝑧) 𝑑𝑟𝑑𝜃 = 2𝜋

+∞∫︁
0

𝑟𝐼𝑁(𝑟, 𝑧) 𝑑𝑟 (1.6)

Let us calculate this integral for the case of 1, 2 and 3P excitation.2

• N = 1: linear excitation

𝑆1(𝑧) = 2𝜋

+∞∫︁
0

𝑟𝐼(𝑟, 𝑧) 𝑑𝑟 = 2𝜋𝐼0

(︂
𝑤0

𝑤(𝑧)

)︂2 +∞∫︁
0

𝑟 exp
{︂ −2𝑟2

𝑤(𝑧)2

}︂
𝑑𝑟

= 2𝜋𝐼0

(︂
𝑤0

𝑤(𝑧)

)︂2 𝑤2(𝑧)
4 = 1

2𝜋𝐼0𝑤
2
0 ≡ 𝑃0.

This result confirms that the excitation axial profile in linear microscopy is constant
and equal to the excitation power, which explains why there is no optical sectioning.
The out-of-focus light comes from all the planes at the same magnitude and degrades
the image SBR. Techniques as confocal pinholes are needed to improve it.

• N = 2: Two-photon excitation

𝑆2(𝑧) = 2𝜋

+∞∫︁
0

𝑟𝐼2(𝑟, 𝑧) 𝑑𝑟 = 2𝜋𝐼2
0

(︂
𝑤0

𝑤(𝑧)

)︂4 +∞∫︁
0

𝑟 exp
{︂ −4𝑟2

𝑤(𝑧)2

}︂
𝑑𝑟

= 2𝜋𝐼2
0

(︂
𝑤0

𝑤(𝑧)

)︂4 𝑤2(𝑧)
8 = 𝑃 2

0
𝜋𝑤(𝑧)2 ∝ 1

𝑧2 .

This result demonstrates the axial confinement in 2P microscopy. It indicates that
the excitation decays as 1/𝑧2 away from the focal plane, providing a strong section-
ing.

• N = 3: Three-photon excitation

𝑆3(𝑧) = 2𝜋

+∞∫︁
0

𝑟𝐼3(𝑟, 𝑧) 𝑑𝑟 = 2𝜋𝐼3
0

(︂
𝑤0

𝑤(𝑧)

)︂6 +∞∫︁
0

𝑟 exp
{︂ −6𝑟2

𝑤(𝑧)2

}︂
𝑑𝑟

= 2𝜋𝐼3
0

(︂
𝑤0

𝑤(𝑧)

)︂6 𝑤2(𝑧)
12 = 4

3
𝑃 3

0
𝜋2𝑤(𝑧)4 ∝ 1

𝑧4 .

This result shows that the axial sectioning in 3P microscopy is stronger than that
of 2P microscopy. The excitation in this case decays as 1/𝑧4 away from the focal
plane.

2The following result is used for the integration of 𝑆𝑁 in each case:
∫︀ +∞

0 𝑥 exp{−2𝑁( 𝑥
𝑎 )2} 𝑑𝑥 = 𝑎2

4𝑁 .
This solution is easily achieved by the following change of variable 𝑢 = −2𝑁

(︀
𝑥
𝑎

)︀2.
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• General case: N-photon excitation
The previous results can be summarized in a general expression for the axial con-
finement:

𝑆𝑁(𝑧) = 𝑃 𝑁
0

𝑁

(︂ 2
𝜋𝑤(𝑧)2

)︂𝑁−1
∝

(︂ 1
𝑧𝑁−1

)︂2
.

These expressions have been adapted to compare the axial signal in linear, 2P and 3P
excitation. The simulations use an excitation wavelength of λ = 1300 nm and a typical
scattering length of 𝑙𝑠 = 315 µm. As in our experimental system described in Chapter 2,
we use a NA = 1.05. Figure 1.15 shows the axial signal in terms of imaging depth when
the laser is focused 1500 µm deep inside a transparent medium.

Figure 1.15: Calculations of axial signal in a transparent medium. Simulation parameters:
excitation wavelength λ = 1300 nm, scattering length 𝑙𝑠 = 315 µm, objective lens numerical
aperture NA = 1.05, focusing depth 𝑧𝑓 = 1500 µm.

In the graph in Figure 1.15 it can be observed that the signal coming from other planes
is orders of magnitude lower than that from the focal plane in multiphoton microscopy.
For the case of 2P, for instance, in the simulated conditions, excitation at the surface is
seven orders of magnitude below the near-focus fluorescence, causing no background. For
non-scattering samples, thus, 2P microscopy performs well in depth. Let us analyse now
the case of a scattering sample.

Scattering sample

In this case we consider the same excitation profile as in the previous case but with an
exponentially decreasing factor according to Equation 1.1:

𝐼(𝑟, 𝑧) = 𝐼0

(︂
𝑤0

𝑤(𝑧)

)︂2
exp

{︂ −2𝑟2

𝑤(𝑧)2

}︂
exp

{︂−𝑧

𝑙𝑠

}︂
.

The results of the integral in Equation 1.6 for this case can be similarly derived since the
scattering factor does not depend on the surface coordinates:
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• N = 1: linear excitation

𝑆1(𝑧) = 1
2𝜋𝐼0𝑤

2
0 exp

{︂−𝑧

𝑙𝑠

}︂
= 𝑃0 exp

{︂−𝑧

𝑙𝑠

}︂
.

• N = 2: Two-photon excitation

𝑆2(𝑧) = 𝑃 2
0

𝜋𝑤(𝑧)2 exp
{︂−2𝑧

𝑙𝑠

}︂
∝ 1

𝑧2 exp
{︂−2𝑧

𝑙𝑠

}︂
.

• N = 3: Three-photon excitation

𝑆3(𝑧) = 4
3

𝑃 3
0

𝜋2𝑤(𝑧)4 exp
{︂−3𝑧

𝑙𝑠

}︂
∝ 1

𝑧4 exp
{︂−3𝑧

𝑙𝑠

}︂
.

• General case: N-photon excitation

𝑆𝑁(𝑧) = 𝑃 𝑁
0

𝑁

(︂ 2
𝜋𝑤(𝑧)2

)︂𝑁−1
exp

{︂−𝑁𝑧

𝑙𝑠

}︂
∝

(︂ 1
𝑧𝑁−1

)︂2
exp

{︂−𝑁𝑧

𝑙𝑠

}︂
.

The expressions show that all excitation profiles are attenuated by an exponential decay.
In practice, this attenuation is compensated by increasing the laser power with imaging
depth, in order to maintain a constant intensity in the focal plane and therefore a constant
signal level. The consequence is that more fluorescence is generated in the superficial
regions of the sample. This is visible in the simulation in Figure 1.16, where 2P and 3P
excitation profiles are normalized to unity at the focal plane.

Figure 1.16: Calculations of axial signal in a scattering medium (solid lines), and in a non-
scattering medium (dashed lines). Simulation parameters: excitation wavelength λ = 1300 nm,
scattering length 𝑙𝑠 = 315 µm, objective lens numerical aperture NA = 1.05, focusing depth 𝑧𝑓 =
1500 µm. The multiphoton axial signal profiles are normalized to keep constant excitation at
the focus as laser power is increased to keep a constant signal in depth.

In other words, the SBR of 2P microscopy degrades at large depths in scattering sam-
ples. Indeed, the exponential decay factor on the axial signal profile (blue solid line in
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Figure 1.16) results in out-of-focus light generated at the surface of the sample. As il-
lustrated in the simulation, 2P fluorescence produced in superficial regions is comparable
to that produced near focus when the beam is focused at ≈ 4 scattering lengths below
the surface. 3P excitation is an efficient strategy to overcome this limitation. Since the
axial confinement is stronger for 3P processes (decaying as 𝑧−4 away from the focal plane
in transparent media) the superficial 3P excitation remains orders of magnitude smaller
than the near-focus signal even at depths exceeding 6 scattering lengths (see Figure 1.16).
Out-of-focus 3P excitation in a scattering medium remains even lower than out-focus 2P
excitation in a transparent sample (blue dashed line).

We did an experimental demonstration of this 3P advantage for deep imaging in a scat-
tering sample with the system described in Chapter 2. Our collaborators at Institut de
la Vision (Jean Livet’s team) provided us with a fixed P14 cytbow mouse brain, which
exhibits dense cytoplasmic tdTomato labelling. We imaged this brain at increasing depths
with 2P excitation at 1030 nm and with 3P excitation at 1700 nm. Figure 1.17 illustrates
how the SBR decreases with depth in the case of 2P microscopy, while it is maintained
with 3P excitation. The degradation of SBR with depth in 2P imaging can be attributed
to the presence of out-of-focus fluorescence produced near the surface and producing a
homogeneous background.

Figure 1.17: Comparison of 2P and 3P imaging at different depths of a P14 cytbow (tdTomato
labelling) mouse brain. The SBR decreases with depth in 2P microscopy images due to the
presence of background fluorescence produced in superficial regions.

3.2.4 Signal to Background Ratio

Following the analysis of Horton et al. [34], the expressions of the fluorescence axial dis-
tribution derived in the previous section can be used for calculations of the SBR.

We define the signal as a quantity proportional to the integral of the axial signal within
the excitation volume. The proportionality constant depends on experimental parameters
such as the absorption cross section and quantum yield of the fluorophores as well as the
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collection and detection efficiency of the system.

Concerning the background, we can distinguish between two types [35]: bulk background
and defocus background. The first one accounts for the out-of-focus light mainly gener-
ated at the surface due to the loss of axial confinement combined with the compensation of
power loss due to scattering in depth. With the same constant as for the signal, we define
this bulk background proportional to the integral of the axial signal within one scatter-
ing length of the tissue from the surface, since the out-of-focus light is mostly generated
there. Both integrals, signal and bulk background, are represented as the surface under
the axial signal curve in Figure 1.18.a. The defocus background has a different origin.
The focussing PSF degrades due to tissue aberrations becoming a larger spot rather than
a sharp focal point. The side lobes of this distorted PSF, though less important than in
2P microscopy, result in a background which can appear even at shallow depths. In the
following simulations we take only the bulk background into account to study the effect
of the imaging depth.

Consequently, the SBR is:

𝑆𝐵𝑅𝑁(𝑧) =

𝑧𝑓 +𝑟𝑧∫︁
𝑧𝑓 −𝑟𝑧

𝑆𝑁(𝑧) 𝑑𝑧

𝑙𝑠∫︁
0

𝑆𝑁(𝑧) 𝑑𝑧

,

where 𝑧𝑓 is the focussing depth and 𝑟𝑧 refers to the axial extension of the N-photon exci-
tation volume as defined in Equation 1.5.

This simple model does not take into account the degradation of the illumination PSF
in depth caused by scattering and aberrations. PSF degradation causes a reduction of
the intensity at focus and of the signal, particularly in the case of 3P excitation. For this
reason, the absolute SBR values given in the following simulations are overestimated and
should not be taken as a quantitative reference to which compare experimental data. Nev-
ertheless, the model allows relative comparisons of the SBR and is accurate to understand
the effect of the experimental parameters. The integrals were performed numerically and
are shown in Figure 1.18.b for the case of non-scattering and scattering samples.
It can be seen that in the case of the simulation parameters (1300 nm excitation, 𝑙𝑠 =
315 µm, NA = 1.05 and 𝑧𝑓 = 1500 µm), at a focusing depth of 750 µm the SBR at 3P
on scattering samples is already superior than that of 2P in transparent samples. The
figure also shows that when imaging through scattering samples of this thickness the SBR
at 2P strongly decreases resulting in blurred images as shown in Figure 1.17, whereas
3P excitation presents a SBR six orders of magnitude higher. This model considers a
uniform labelling of density 1 of the sample volume. Less dense labelling results in a lower
axial signal profile, proportional to the label density. Non-uniformly labelled samples
present changes on the profile. The labelling density also affects the bulk background
since sparser labelling results in less fluorescence. At 2 % of labelled volume fraction as
in brain vasculature, the maximum imaging depth in 2P excitation is predicted to be ≈
5 𝑙𝑠 (where the SBR approaches 1) [14, 33, 36]. Experimentally, this limit at ≈ 920 nm
excitation has been measured to appear at a depth ranging from 450 to 850 nm in the
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Figure 1.18: a) Signal and background integrals representation as the surface under the axial
signal curve. The scattering lentgh and the excitation volume are not to scale to help the
visualisation. b) SBR comparison for 1, 2 and 3P excitation in the case of non-scattering (dashed
lines) and scattering sample (solid lines). Simulation parameters: excitation wavelength λ =
1300 nm, scattering length 𝑙𝑠 = 315 µm, objective lens numerical aperture NA = 1.05, focusing
depth 𝑧𝑓 = 1500 µm.

mouse cortex depending on the sample variation and density of the labelling [33, 37, 38].
Different alternatives have been proposed to reduce this background, such as low-density
labelling, layer specific labelling or neocortex removal [35].
On the other hand, 3P microscopy maintains image contrast at larger depths. SBR was
measured to be ≈ 40 at a depth of 2100 µm excited at 1700 nm, corresponding to ≈ 5
𝑙𝑠 [39].
Figure 1.18.b also illustrates well the absence of optical sectioning that provides poor
contrast in linear microscopy, justifying the use of confocal pinholes or other strategies.
This result is consistent with those presented by Horton et al. [34]. In the supplementary
information they present the following expressions of SBR for 2P and 3P excitation:

𝑆𝐵𝑅2𝑃 ≈ 6(𝑁𝐴)2𝑧2

λ 𝑙𝑠
exp

{︂
− 2𝑧

𝑙𝑠

}︂
(1.7)

𝑆𝐵𝑅3𝑃 ≈ 14.7(𝑁𝐴)6𝑧4

λ3 𝑙𝑠
exp

{︂
− 3𝑧

𝑙𝑠

}︂
(1.8)

With the model we have described, we simulate in the following sections the effect that
several parameters (NA, λ, 𝑙𝑠 and absorption) have on the axial signal and on the SBR.

3.2.5 Effect of the numerical aperture

Figure 1.19 shows the importance of using high NA objectives, especially for 3P excitation
(SBR3P scales as NA6 according to Equations 1.7 and 1.8). In the case of an excitation
at 1300 nm and 𝑙𝑠 = 315 µm, an order of magnitude improvement in SBR is predicted
at 750 µm of imaging depth by exciting with a NA of 1.1 instead of 0.7. This can be
understood as follows: higher NA means higher angle of the illumination cone. This results
in a stronger focussing at the focal plane (enhancing the signal) and a larger illuminated
area at the planes close to the sample surface, resulting in lower intensity for the same
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3. Three-photon microscopy

Figure 1.19: Axial signal at a focusing depth of 𝑧𝑓 = 1500 µm (left) and SBR (right) simulated
for different values of the numerical aperture for 2P and 3P excitation. Simulation parameters:
excitation wavelength λ = 1300 nm, scattering length 𝑙𝑠 = 315 µm, immersion liquid refractive
index 𝑛 = 1.33.

excitation power compared to lower NA excitation (reducing the background). However,
not many high NA objectives are available providing both a large working distance and
good infrared transmission. Being usually used also for epidetection, an ideal objective
for 3P microscopy should transmit a remarkably large range of wavelengths ranging from
350 to 1700 nm, which is not commonly available.

3.2.6 Effect of the wavelength

Now we examine the dependence of the axial signal and the SBR on the wavelength.

Figure 1.20: Axial signal at a focusing depth of 𝑧𝑓 = 1500 µm (left) and SBR (right) simulated
for different wavelengths using 2P and 3P excitation assuming constant 𝑙𝑠. Simulation param-
eters: scattering length 𝑙𝑠 = 315 µm, objective lens numerical aperture NA = 1.05, immersion
liquid refractive index 𝑛 = 1.33.

Figure 1.20 presents a theoretical simulation where the wavelength varies while 𝑙𝑠 is kept
constant. The SBR is improved when imaging with shorter wavelengths, although the

25



Chapter 1. Introduction

effect is limited, in accordance to Equations 1.7 and 1.8. As shown above (Figure 1.6),
however, 𝑙𝑠 does depend on the wavelength. The effect of this dependence is analysed in
the following analyses.

3.2.7 Effect of the scattering length

Figure 1.21: Axial signal at a focusing depth of 𝑧𝑓 = 1500 µm (left) and SBR (right) simu-
lated for different scattering mean free paths for 2P and 3P excitation. Simulation parameters:
excitation wavelength λ = 1300 nmm, objective lens numerical aperture NA = 1.05, immersion
liquid refractive index 𝑛 = 1.33.

Figure 1.21 confirms that the scattering properties of the tissue have a drastic effect on the
axial signal and SBR as predicted by Equations 1.7 and 1.8. The shorter the scattering
length, the shorter the light penetration depth inside the tissue, resulting in a loss of SBR.
On the other hand, shorter scattering lengths are associated with shorter wavelengths
(see Section 2.3.2), for which we have just seen that the SBR is improved compared to
longer wavelengths. For this reason, it is more realistic to include the dependence of
the scattering length on the wavelength to evaluate both effects simultaneously. This
dependence is analysed together with absorption in the following section.

3.2.8 Effect of the absorption

Until the development of 3P microscopy, absorption has often been considered to play
a negligible role compared to scattering in multiphoton microscopy. The reason is that
the excitation wavelengths commonly used lay within the so-called optical window of
biological tissues. This wavelength range located between 0.7 and 1.3 µm corresponds
to the region for which light absorption by tissue components (water, blood, lipids) is
minimal. At the longer excitation wavelengths used for 3P excitation, however, tissue
absorption is an important parameter to take into account. It contributes significantly
to the attenuation of the excitation light reducing the number of photons that reach the
focal point, and to tissue heating. Figure 1.22 presents the spectral properties of the main
biological absorbers.
The absorption coefficient is the inverse of the absorption length 𝑙𝑎, a parameter that
describes the exponential decay of excitation light in depth caused by absorption in an
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Figure 1.22: Absorption coefficient of the main components of biological tissues including
water, proteins, melanin, oxygenated (HbO2) and de-oxygenated (Hb) hemoglobin and collagen.
The main excitation wavelengths (from 1030 to 1700 nm) used in this thesis have been indicated
with vertical lines. Adapted from [40].

equivalent way as that of scattering. Therefore, the two effects can be combined and
quantified by means of the effective attenuation length, 𝑙𝑒, defined as:

1
𝑙𝑒

≡ 1
𝑙𝑎

+ 1
𝑙𝑠

.

Water is the main component of tissues, and as seen in Figure 1.22 its absorption is low
between 200 and 1000 nm. For this reason, signal attenuation with depth in 2P microscopy
is dominated by scattering.

Figure 1.23: Tissue scattering (grey) and water absorption (blue) coefficients and the combi-
nation of the two effects (black) plotted together with experimental points reviewed or measured
in [41] (coloured stars). The main excitation wavelengths (from 1030 to 1700 nm) used in this
thesis have been indicated with vertical lines. Adapted from [42].

3P microscopy needs longer wavelengths to excite the same fluorophores and thus water
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absorption becomes a concern. Xu et al. [41] conducted a study in which a theoretical
model of the attenuation inside the in vivo mouse brain is validated through experimental
measurements. The authors conclude that up to 1300 nm, attenuation is dominated by
scattering. For longer wavelengths, however, water absorption increases and the combi-
nation of the two effects needs to be taken into account. Beyond this wavelength, the
assumption that longer wavelengths penetrate deeper inside the tissue is no longer valid
as shown by the black curve in Figure 1.23.
From the figure, it can be concluded that the best wavelengths to perform 3P excitation
minimizing the combined effect of absorption and scattering are 1300 and 1700 nm. Al-
though this is a very valuable information, one must bear in mind that it is valid for the
mouse cortex, but that scattering properties depend on the tissue and slightly different
minima may be found in other cases. Nevertheless, no significant changes are expected
since water absorption remains the same for all tissues. These results give good indicative
values for deep tissue imaging. The following table summarizes the effective attenuation
values at different wavelengths [41] inside the mouse cortex (coloured stars in Figure 1.23):

λ (nm) 775 920 1300 1450 1500 1550 1700

𝑙𝑒 (µm) 131 155 315 191 246 286 375

We have used this data to simulate the axial signal and SBR in mouse cortex in more
realistic conditions than in the previous sections where the parameters varied indepen-
dently. The results are shown in Figure 1.24 and confirm that the best SBR are achieved
indeed at 1300 and 1700 nm excitation, although the precise minima depend slightly on
the tissue 𝑙𝑠. The dependence of 𝑙𝑒 on wavelength has a strong effect on imaging depth. If
we consider that the minimal acceptable SBR is 2, it can be seen in Figure 1.24 that the
maximum 3P imaging depth in the mouse cortex is increased by a factor of more than
two by changing from 1450 to 1700 nm excitation.

Figure 1.24: Axial signal at a focusing depth of 𝑧𝑓 = 1500 µm (left) and SBR (right) simulated
for different typical conditions at 2P and 3P excitation. Simulation parameters: objective lens
numerical aperture NA = 1.05, immersion liquid refractive index 𝑛 = 1.33, 𝑙𝑒 values are those
referenced for the mouse cortex on the table above.

In conclusion, these simulations show together that the important excitation parameters
affecting the imaging depth are NA and the effect of the wavelength on scattering and
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absorption. High NA and excitation around 1300 and 1700 nm are preferred for deep
imaging.

3.3 State of the art (2018) of 3P microscopy
Initial demonstrations of 3P microscopy were reported in 1996 by three different research
groups [43–45], but its potential for deep imaging was not completely identified at that
time. Technical difficulties were undeniably present: 3P imaging required both higher
excitation pulse energy than that needed for 2P excitation and also longer excitation
wavelengths, which seemed difficult to obtain with the available commercial sources of
the time. Additionally, there were concerns about tissue heating as well as technical dif-
ficulties which delayed the development of laser sources adapted to 3P microscopy.

Figure 1.25: 1.Three-dimensional reconstruction of a z-stack of 3P images of a labelled brain
containing RFP on pyramidal neurons excited at 1700 nm. Adapted from [34]. 2. 3P images of
spontaneous activity in neuronal population labelled with GCaMP6s in the SP layer of the CA1
region of the mouse hippocampus (green, fluorescence; magenta, THG). (a) 3D reconstruction
of 3PM images of GCaMP6s-labelled neurons in the mouse cortex and the hippocampus. (b)
Selected XY frames at various depths in a. THG visualizes blood vessels and myelinated axons.
Scale bars, 50 µm. (c) Activity recording site in the SP layer of the hippocampus located at
984 µm beneath the dura. Scale bar, 20 µm. (d) Spontaneous activity recorded from the labelled
neurons indicated in c. Figure from [46].

A more active research on the topic awakened in the beginning of the 2010s pioneered
by the group of Chris Xu at Cornell University. In 2013 [34], they analysed some of the
parameters involved in 3P excitation and identified 1300 and 1700 nm as the best candi-
date wavelengths taking into account scattering and absorption as seen in the previous
section. They demonstrated the axial sectioning performance of 3P microscopy (Figure
1.25.1, [34]). In addition, the emergence of new commercial and lab-built [42] laser sources
delivering µJ femtosecond pulses in the short wavelength infrared (SWIR) range facilitated
the development of 3P microscopy in the following years. In 2017, the recently developed
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GCaMP6 calcium indicator allowed the first 3P excitation (at 1300 nm) of neuronal ac-
tivity in the hippocampus in an intact mouse brain [46]. The authors demonstrated the
acquisition of the spontaneous activity of 150 neurons at 1 mm depth and with high spatial
and temporal resolution as shown in Figure 1.25.2. Moreover, in 2018, 1300 nm-excited
3P functional imaging at single-cell resolution was demonstrated at a depth of 500 µm
through the intact skull of a mouse [47].

3.4 Limitations in 3P microscopy
In Section 3.2 we have discussed why 3P microscopy is superior to 2P microscopy for
imaging deep inside scattering tissues. However, there are technical and experimental is-
sues associated with the efficient implementation of 3P microscopy. These are principally:
(i) the need for adapted laser sources; (ii) the limited number of parameters and signals
that can be observed on a 3P microscope; (iii) the reduced imaging speed, and (iv) the
potentially increased photodamage. The first two limitations are discussed in more detail
in Chapters 2, 3 and 4 of this thesis in which we present the efforts that we have done
to overcome them. In the remaning part of this section, we briefly discuss the two last
issues.

3.4.1 Compromise between imaging speed and imaging depth

We have stated in Section 3.1.2 that to extend the imaging depth in 2P microscopy
the laser duty cycle can be reduced. According to the expressions in Table 1.1, 3P
excitation depends on the duty cycle raised to the power of −2. This reveals that the
temporal parameters of the laser are critical for the optimisation of the signal. Therefore,
microscopists seek to reduce both the repetition rate and the pulse duration of the laser.
In this section, we focus on the decrease of the repetition rate, which provides a lower
fluorescence signal per unit of time at the surface of the sample but allows a higher imaging
depth.
To compensate for signal attenuation caused by scattering and absorption in depth, the
laser power can be increased. The rate of this increase is determined by 𝑙𝑒 (Section 3.2.8).
Without any means of attenuation compensation (which happens in depth when the laser
has reached its maximum power), an exponential decay of the signal is observed in depth.
An alternative way to keep a constant signal is then to scan several times the sample and
cumulate all the frames.
These two strategies both result in slowing down the imaging speed. Indeed, reducing
the duty cycle results in less pulses per second. The pixel dwell time is increased to keep
the number of pulses per pixel constant. Thus, a compromise between imaging depth and
imaging speed must be made depending on the application.

3.4.2 Photodamage

Photodamage can be present in the form of thermal effects (linear) or in the form of
nonlinear effects [48].

Heat-induced damage affects the entire illuminated volume of tissue and depend mostly
on the average power administered to the sample, but also on the FOV size and on
imaging depth. Due to the increased absorption coefficient of water corresponding to
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longer wavelengths, 3P excitation causes more tissue heating than 2P for the same average
power [12,49,50].

Figure 1.26: Left: light intensity distribution and brain temperature profile simulated for 920
nm 2PM and 1320 nm 3PM, after 60 s of continuous scanning (sufficient to reach steady states)
at the given average power (the bottom left corner of each plot). For 1320 nm, the distinction is
made between the average power after the objective lens and at the brain surface (in brackets),
due to the absorption by the immersion water (H2O). The absorption by immersion water is
negligible at 920 nm, and the power at the brain surface is equal to that after the objective lens.
Right: The maximum brain temperature as a function of imaging depth and average power,
calculated by Monte Carlo simulation for 920 and 1320 nm. Figures adapted from [38,35].

Xu et al. developed numerical simulations to investigate tissue heating during 3P imaging.
They used a Monte Carlo method to estimate the temperature profile inside the mouse
brain comparing it to experimental data [38,51]. These studies compare 2P excitation at ≈
920 nm and 3P excitation at ≈ 1320 nm. They demonstrate that heat dissipation through
a cranial window on top of the mouse brain allows keeping the tissue at a physiological
temperature ≤ 37 °C down to a certain depth. As imaging depth increases, attenuation
losses are compensated by an increase in power. However, the window dissipation is not
enough to compensate for the increased heating. This continuous heating perturbs normal
physiological functions such as the neuron firing rate or the immune responses. According
to the simulations, ≈ 63 % of the excitation photons at 1320 nm are absorbed by the tissue
contributing to heating in the illuminated volume, in comparison to ≈ 20 % at 920 nm
2P excitation. In the simulations on the left-hand side of Figure 1.26 it can be seen
that 2P excitation at 920 nm allows using 250 mW of average power without exceeding
reasonable temperatures, whereas 3P excitation at 1320 nm is limited to 82 mW. On the
right-hand side of the figure, the maximum brain temperature is plotted depending on the
average power at the surface of the sample and the effective attenuation length (EAL or
𝑙𝑒). It is visible that the tissue temperature increases faster with increasing average power
at 1320 nm. Moreover, the numerical values given here depend strongly on the tissue
and on the experimental conditions of heat dissipation and cannot be straightforwardly
generalized to other experiments, which will require an equivalent phototoxicity study.
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They show that the effect of pulsed excitation has a negligible effect on temperature
increase on the tissue [35] as expected from Table 1.1. The main concern when using
high peak intensities is nonlinear effects, related to the spot size, pulse energy and pulse
duration. First of all, high peak intensities can lead to fluorophore saturation, which
reduces the excitation efficiency and enlarges the focal spot [52]. Secondly, at higher
peak intensities than those of fluorophore saturation, ionisation and recombination of
molecules can happen under strong electric field excitation damaging the tissue beyond a
given threshold [35]. As shown in Figure 1.27, this damage on fluorescent samples often
results in an irreversible increase of brightness.

Figure 1.27: Tissue ablation induced by intense excitation pulses at the focus (λ = 1320 nm).
Probability of damage (damaged area/total scanned area) versus pulse energy (40 fs pulse dura-
tion, 1.0 NA, focused at 150 µm depth), left. Tissue appearance before and after the ablation,
right. Scale bar: 100 µm. Adapted from [53].

3.4.3 Excitation parameters optimisation in 3P microscopy

Taking into account the limitations discussed above, the authors in [35] propose guidelines
for the adjustment of the excitation parameters. At first and to maximise the signal, the
peak intensity should be set to the maximum acceptable value. That is to say just below
the threshold for nonlinear damage at shallow depths. Then, the repetition rate can be
increased to improve the imaging speed until absorption starts to be an issue through
tissue heating. These optimisations can be deduced from the parameter maps in Figure
1.28.
If the resulting repetition rate is not enough for the time dynamics of the application, other
faster scanning strategies might be considered. Some examples are temporal focusing, 3P
Bessel beam, remote focusing, reverberation microscopy or 3P light sheet microscopy re-
viewed in [35]. These maps help making the good choice of parameters. For instance, as
shown by the white arrows in the left plot, it is much more interesting to double the pulse
energy than the repetition rate: the signal is multiplied by 8 on the first case and only by
two on the second situation even when the average power increase is the same in both of
them. The limit for average power is not well determined and it depends also on the size
of the FOV.
The authors conclude that the optimal repetition rate can be deduced by dividing the
maximum average power by the pulse energy at the surface of the sample. But as the
imaging depth increases, the average power is increased exponentially to compensate for
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Figure 1.28: Surface pulse energy against repetition rate in 3P excitation at two different
imaging depths. The green regions represent the combination of average power (blue dashed
lines) and repetition rate that are tolerated by the tissue. The yellow star represents the max-
imisation of the signal (red solid lines) within the safe area, shadowed in green. The pink and
orange zones correspond to combination of parameters that can cause measurable brain heating
responses and adverse nonlinear effects, respectively. Pulse energy was calculated taking into
account a pulse duration of 60 fs and a NA of 0.7. Figure from [35].

attenuation and the heat dissipation is not enough to avoid heating. That is why the
optimal repetition rate decreases with imaging depth as seen in Figure 1.28 (≈ 7 MHz at
600 µm and ≈ 1 MHz at 1 mm in the mouse brain.).

In general, commercial lasers for multiphoton microscopy do not allow varying the repe-
tition rate, which hampers the investigation of photodamage. In practice, the repetition
rate sets the maximum imaging depth attainable with 3P microscopy before tissue heating
becomes too important.

4 Challenges and objectives of this thesis

4.1 Technical developments for 3P microscopy
As we have discussed in this chapter, 3P microscopy requires laser sources providing short
pulse duration and working in the MHz repetition rate regime. Moreover, the optimal
excitation wavelengths have been identified to be 1300 and 1700 nm due to reduced scat-
tering and absorption of biological samples. However, the domain is still relatively new
and although commercial sources adapted for 3P microscopy have become available, there
is still room for technological improvements, and new sources will certainly push the field
further.
During this thesis work, we developed and optimised a 3P microscope based on a pro-
totype multibeam OPA source operating at ≈ 1 MHz repetition rate. In Chapter 2 we
describe the details of this multicolour source and report on its advantages and disad-
vantages. We also discuss the consequences of the characteristics of this source on the
design and optimization of the microscope and describe how we addressed the main issues
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encountered.
We conclude by showing initial imaging demonstrations.

4.2 Observable parameters
In the second part of this thesis, we address another current limitation of 3P microscopy
which is the reduced number of observable parameters. Indeed, the available data on 3P
excitation of fluorophores is limited to few green and red fluorescent proteins that can be
excited at 1300 and 1700 nm, respectively. In consequence, 3PEF imaging is generally re-
stricted to one or two spectral channels and cannot benefit from the possibilities provided
by multicolour labelling approaches.
In this work we first try to extend the available colour palette by exploring 3PEF of blue
fluorescent proteins. In Chapter 3, we present a characterization of the 3P excitation
properties of three blue fluorescent proteins, along with preliminary imaging demonstra-
tions.
In Chapter 4, we develop a complementary approach to extend the number of observ-
able parameters in a 3P microscope. We demonstrate and characterize a new third-order
coherent imaging modality based on third-order sum frequency generation (TSFG) pro-
viding information at several wavelengths. We demonstrate that this contrast modality
is sensitive to hemoglobin in blood, and is potentially applicable to label-free reporting
on red blood cells oxygenation.

5 Conclusion and perspectives of Chapter 1

In this chapter, we have presented multiphoton microscopy as an efficient 3D imaging
technique to image deep into scattering samples. We have discussed its principles,
main advantages and the imaging depth limit of 2P microscopy. We then have shown
how 3P fluorescence microscopy overcomes this limitation using a model to study the
axial confinement. Through these simulations, we have analysed the effect on the
SBR of several parameters of the excitation such as numerical aperture, scattering
mean free path or absorption. It allowed us to confirm that the optimum excitation
wavelengths for 3P microscopy are the bands at 1300 and 1700 nm, as reported in the
literature. However, we noted this model overestimates the SBR. Indeed, it does not
take into account the degradation of the PSF in depth due to scattering and aber-
rations nor the contribution of the scattered photons to the background. Therefore,
one perspective of this study is to refine our model to include such processes [54].
In the last part of this chapter we have presented several technical and experimental
bottlenecks limiting the development of 3P microscopy: (i) the lack of adapted laser
sources and instrumentation, (ii) the limited number of observable parameters, (iii)
the compromise between imaging speed and imaging depth governed by the laser rep-
etition rate and (iv) the potential photodamage. Finally, we have presented the main
goals of this thesis to address (i) and (ii) and contribute to improve the performances
of 3P microscopy.
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1 Introduction to Chapter 2
This chapter presents the work done during this PhD to build and optimize an imaging
platform for 3P microscopy. Focusing on the laser source first, let us introduce two families
of sources used to reach wavelengths beyond 1050 nm for 2P and 3P microscopy: optical
parametric oscillators and optical parametric amplifiers.

• Optical parametric oscillators (OPO): An optical parametric oscillator is based
on a cavity similar to that of a laser, with the difference that the amplification
medium is a nonlinear crystal instead of a material inducing population inversion
for stimulated emission (Figure 2.1). The configuration is otherwise very similar:
a pump beam (generally from a laser) is injected in an oscillating cavity. In a
resonator, the repetition rate is related to the length of the cavity through the
speed of light. A commonly used repetition rate for 2P imaging is 80 MHz, related
to a cavity length of 𝐿 = 𝑐/80 MHz = 3.75 m, with 𝑐 = 3 × 108 m/s.

Figure 2.1: Energy diagram of the difference frequency generation process governing the energy
conversion on an OPO (left) and ray diagram of the oscillator and the different beams involved
(right).

The nonlinear crystal, which presents non-zero second order susceptibility (𝜒(2)),
is chosen to phase match the desired conversion, for which one pump photon (of
frequency 𝜔𝑝) gives one signal photon (𝜔𝑠) and one idler photon (𝜔𝑖) following
the energy conservation expression: 𝜔𝑝 = 𝜔𝑠 + 𝜔𝑖. This process is usually called
difference frequency generation. One of the advantages of this system is that the
phase matching of the crystal can be adjusted to match a different conversion,
resulting in a wavelength tunable source. This configuration provides a large range
of wavelengths that can be used for microscopy. In Chapter 4, we present results
obtained using a commercial femtosecond OPO (Insight X3, Spectra-Physics) with
available wavelengths ranging from 760 to 1300 nm. Specifically, we will present
spectroscopic THG experiments performed in the range 1120 to 1300 nm with this
source.
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• Optical parametric amplifiers (OPA): Given the lower repetition rate require-
ment of 3P microscopy (discussed in Section 3.1.2 in Chapter 1), an OPO system
would involve a very long cavity (𝐿 = 300 m for 1 MHz repetition rate) which is
impractical. For this reason, a more viable option for 3P microscopy is to use OPA
sources. An OPA is also based on the process of difference frequency generation,
but without a resonator. Output pulses with higher energy are obtained using a
powerful pump laser (20 to 60 W). Additionally, OPAs usually need a seed pulse at
either the signal or the idler wavelength allowing to drive the specific energy con-
version. This small seed pulse is amplified during the conversion process, hence the
term ‘optical parametric amplifier’. If the obtained output power is not sufficient,
two OPA stages can be implemented sequentially. In this configuration, a first OPA
is optimized to provide a clean seed pulse train for a second one, which allows to
reach higher conversion rates.

Figure 2.2: Energy diagram of the difference frequency generation process governing the energy
conversion on an OPA (left) and ray diagram of the the different beams involved (right).

During this thesis work we characterized and used several generations of OPA prototypes
designed for 3P microscopy. We started with a lab-built multibeam OPA source designed
by Frédéric Druon’s team at Laboratoire Charles Fabry (LCF) at Institut d’Optique,
Palaiseau. One distinctive characteristic of this source is that it provided efficient exci-
tation simultaneously at 1300 and 1700 nm [42]. As we will see, however, we concluded
that despite its potential for colour imaging, the original design proved to be too unstable
for developing biological applications. Based on this feedback, two pre-industrial OPA
prototypes were then successively implemented by the LCF-Amplitude common labora-
tory hosted by Institut d’Optique, and benchmarked during the thesis. In Section 2 we
present these various sources along with their advantages and disadvantages.
In Section 3 we present how we control the different parameters of the excitation beams,
the necessary steps to pre-compensate their dispersion, and how they are combined and
routed into the microscope. Finally, we describe the main elements forming the microscope
installed and optimised during this thesis, and present some first imaging demonstrations.

2 OPA sources used in this thesis
In this section we present the most essential element of our 3P microscope: the laser
source. We have stated in Chapter 1 the need of sources optimized for this regime,
requiring µJ-range pulses with MHz repetition rate at 1300 and 1700 nm.
Our team has worked on this topic in close collaboration with the group of Frédéric Druon
(at LCF) whose research is devoted to the development of laser sources for biophotonics,
and with the LCF-Amplitude joint lab at IOGS.
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The LCF group initially developed an original OPA scheme producing simultaneously two
pulse trains at 1300 nm and at 1700 nm with characteristics appropriate for 3P microscopy.
The general structure of the source starts with a high-power beam at 1030 nm. It is the
pump of the OPA process and is also used to generate a supercontinuum from which a
seed/signal beam at 1700 nm is amplified. The corresponding idler beam at 2600 nm is
then frequency-doubled, resulting in 1300 nm pulses. This approach provides two beams
at wavelengths targeting the most appropriate spectral ranges for 3P microscopy (Section
3.2.8 in Chapter 1), and enables the simultaneous optimal excitation of green and red
fluorophores. In addition, the design is based on a double OPA stage, which enables to
reach an average power of ≈ 4 W in the 1700 nm beam, which was significantly higher
than the performance of commercially available OPAs in 2018. One first objective of this
thesis at the time was to also inject the pump beam in the microscope, and explore the
possibilities of 3P imaging at 1030 nm in addition to 1300 and 1700 nm.
Although the design and performance of this source were very attractive for developing 3P
bioimaging applications, in practice it exhibited important stability issues which strongly
restricted its use for that purpose. Prior to this thesis work, initial proof-of-principle
experiments had been done in presence of the OPA builder (Khmaies Guesmi), who
ensured its proper operation for each test. When starting this thesis, there was a transfer
of expertise to the LOB and we took the task of realigning the source when needed.
In practice, the first two years of this thesis work turned out to be largely devoted to the
maintenance and upgrade of the source because of its complexity. One first important
period of time was needed to master the alignment of the various stages of the dual-output
OPA. Then, we spent another period characterizing and trying to improve its optical sta-
bility. Temperature and humidity were identified to have a critical influence on the source
performance. However, after a lot of efforts we concluded that despite its unique char-
acteristics, this first OPA prototype was not stable enough to enable sustained imaging
sessions of biological samples.

In parallel, an alternative option was developed at the LCF-Amplitude joint laboratory
by Alexandre Thai, Frédéric Druon and coworkers. This second prototype was installed
at LOB in October 2019. It lacked the output at 1300 nm due to difficulties with the
doubling stage, but exhibited stable performance at 1700 nm and enabled us to focus on
microscope optimization and on the temporal compression of a fraction of the 1030 nm
pump beam for use in the microscope.

By July 2020, a third prototype was installed at LOB, which enabled the use of all three
beams: at 1030, 1300 and 1700 nm.

2.1 First prototype
In this section we describe the first prototype of the source. Because it was lab-made and
we were managing it on our own, it is the prototype that we know in greater detail.

2.1.1 Structure and stages

As illustrated in Figure 2.3, two consecutive OPA stages (OPA1 and OPA2) form the basis
of the source. The pump (λ𝑝 = 1030 nm) and the signal (λ𝑠 = 1700 nm) are mixed in a
periodically poled lithium niobate (PPLN) crystal giving as a result an amplification of
the signal and an idler (λ𝑖 = 2600 nm), according to energy conservation. The idler is
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Figure 2.3: Simplified scheme of the different stages of the OPA source including power indi-
cations for the different pump fractions. SC: supercontinuum, Si: Si plate, DM: dichroic mirror,
DL: delay line, PPLN: periodically pooled lithium niobate, SHG: second harmonic generation.
Numers 1), 2) and 3) indicate the locations where pump pick-ups where tried for imaging at
1030 nm as described in Section 2.1.3.

then doubled in frequency to produce a beam at λSHG = 1300 nm. Previous to the OPA
stages, a seed at λ𝑠 = 1700 nm is obtained through supercontinuum generation.

The pump of the OPA is a high-power commercial ytterbium femtosecond fibre Laser
(Satsuma HP3, Amplitude), which provides a pulsed beam at 1.25 MHz repetition rate,
centered at λ𝑝 = 1030 nm with pulse duration τ𝑝 = 300 fs. The average power of this
pump laser is 𝑃 = 50 W, requiring a water-cooling system.

The first step of the OPA system is to generate the seed, a beam at λ𝑠 = 1700 nm to
be amplified in stage OPA1. Therefore, a fraction (3 W) of the pump laser is focused
onto a 10 mm YAG crystal where supercontinuum (SC) generation is achieved. A pinhole
is used to reject the colour cone (off-axis frequencies, see Figure 2.4) of the SC and to
homogenize it. Then, a 3 mm Si plate stretches the pulses as in chirped pulse amplification
also working as a spectral longpass filter. The length of this plate was chosen so that a
proper temporal overlap is achieved between the seed (the spectral component of the SC
spectrum at λ𝑠 = 1700 nm) and the pump (at λ𝑝 = 1030 nm). Another ≈ 3 W fraction of
the 1030 nm main beam is used as the pump in this first OPA stage, and focused onto the
first PPLN crystal. The remaining power on the main beam (≈ 40 W) is used as pump
in the second OPA stage OPA2, which uses the signal generated at OPA1 as its seed.
In both stages, a delay line is introduced in the pump path to allow temporal synchro-
nisation with the signal. Adjusting the pump delay line is particularly critical in OPA1

because of the signal chirp. Depending on the relative delay between the two beams, the
pump can be mixed with the spectral component at λ𝑠 or with another one, which would
result in an undesired energy conversion. For this reason, to adjust the delay line, the
resulting signal wavelength is measured with a spectrometer. This wavelength-selection
mechanism is not present in OPA2 because the seed for this second stage comes from
OPA1 and is narrow-band. Thus, the adjustment of the delay line is simpler.
Apart from being temporally synchronised, the two beams need to be spatially overlapped
on the nonlinear crystal position. This is achieved using a pair of mirrors for each beam.
It is also critical to control the relative diameters of the two beams. The pump spot on
the crystal needs to be at least as large as the signal one to achieve a homogeneous gain on
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Figure 2.4: Picture of the supercontinuum generation on a yz profile. The generated colour
cone can be observed including off-axis angles which are rejected in our source by the pinhole.

the signal beam. Otherwise, the output signal exhibits an inhomogeneous pattern with an
amplified region (corresponding to the pump-signal overlapping region) well distinguished
from a non-amplified part of the profile (corresponding to the non-overlapping region).
Therefore, telescopes are included to control the beam dimensions.

After OPA1, the signal is amplified reaching an average power of ≈ 200 mW, and the idler
and the non-converted pump are filtered out spectrally (DM in Figure 2.3). The overall
efficiency of OPA2 is 𝜀 = (𝑃𝑠 + 𝑃𝑖)/𝑃𝑝 ≈ 0.17, where 𝑃𝑠 and 𝑃𝑖 are the output signal and
idler average powers respectively, while 𝑃𝑝 = 42 W is the average power of the incident
pump (the incident signal power is negligible compared to this value). At the output of
the source, the average power of the signal beam (λ𝑠 = 1700 nm) is ≈ 4.3 W.
Finally, the three beams are spatially separated after OPA2 using dichroic mirrors. A
third PPLN crystal is used to perform idler frequency doubling with 40 % efficiency, pro-
ducing a beam at 1300 nm with average power 1.15 W.

2.1.2 Phase matching and PPLN crystals

Frequency conversion efficiency in a nonlinear crystal is generally limited by the phase
mismatch between the input and output beams that build up during propagation in the
crystal, due to refractive index dispersion. Phase matching is usually achieved through
the use of birefringent crystals, either by angle tuning or temperature tuning [55]. The
first method involves precise angular orientation of the crystal with respect to the inci-
dent polarisation of the waves involved in the process whereas the latter uses the strong
dependence of birefringence on temperature.
The nonlinear processes in our OPA source are based on quasi phase matching. This
alternative technique uses a periodically poled nonlinear medium (Figure 2.5.a), i.e. con-
sisting of stacked layers of a birefringent material with alternate orientations of one of
the crystalline axis [55]. This change of orientation can compensate for a wavevector mis-
match inverting the coupling of the interacting waves. The different domains are regularly
spaced with a period Λ chosen to match the coherence length of the nonlinear process
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Figure 2.5: a) Illustration of a periodically-poled nonlinear medium. The inverted orientation
domains alternate with a spatial period Λ. b) Amplitude of the generated field on a nonlinear
process represented along the propagation length inside the nonlinear medium. The case of
quasi phase matching is compared to a perfect phase matching and with the case in which there
is a wavevector mismatch. Figure adapted from [55].

resulting in a monotonically increase of the generated field amplitude (Figure 2.5.b). In
our case, magnesium-doped periodically-poled lithium niobate (PPLN) crystals are used
in OPA1, OPA2 and SHG stages (Figure 2.3). The coherence length of the OPA pro-
cesses is on the order of 30 µm but not precisely known. For this reason, several crystals
with slightly varying periods between neighbours (ranging from Λ1 = 29.52 µm to Λ5 =
31.59 µm) are stuck to one another. This way one can select the periodicity providing
the most efficient conversion experimentally, which was obtained with Λ3 = 30.49 µm.
Finally, the efficiency of the process is optimised by precise temperature tuning of the
crystals. A dedicate oven for each crystal keeps it at a constant temperature through a
proportional-integral-derivative (PID) system: 115 °C for the two OPA crystals and 30 °C
for the SHG crystal.

2.1.3 Stability issues

In this section we summarize the main points in which this first prototype lacked the
required stability for imaging experiments.

Temperature-related issues

Thermal effects were the major cause of stability issues experienced with this first proto-
type. First, the stabilization time after which the maximum power is reached was about
3 h after switching on the pump. Therefore, the source was generally turned on on Mon-
day mornings and switched off on Friday evenings to guarantee the best possible stability.
Then, we realized that the source was very sensitive to temperature changes in the room.
When the room was kept closed for a day, we could measure OPA power fluctuations
correlated with the cooling cycles of the room air conditioning system, as illustrated in
Figure 2.6.
We reduced these effects by building an OPA enclosure with passive ventilation openings
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to allow efficient dissipation of the heat produced by pumped optical components, with
minimal perturbation from the air conditioning flow in the room. Although the enclosure
did improve the source stability, we could not fully compensate the effects of the poor
performance of the room air conditioning system.

Figure 2.6: The upper graph shows the power measurements on a fraction of the output power
at 1700 nm measured during 10 h in one of the source’s most stable days. The first 3 hours
correspond to warming up and stabilization time. Then a succession of stable and fluctuating
periods is visible. The bottom graph shows corresponding temperature measurements by two
probes located inside the OPA enclosure (orange) and on the optical table (blue). Cooling
periods are shadowed in blue, and are correlated with higher stability of the source.

Another cause of power drop was related to temperature perturbations on the oven sensors.
Sometimes, due to a thermal drift, the heat dissipated by the pump on the crystal reached
a temperature sensor causing the oven to stop heating. The temperature needed was
no longer maintained and thus phase matching was no longer obtained, resulting in a
conversion efficiency drop.

Consequence for alignment stability at the output of the source

In addition to the OPA efficiency issues, temperature also had important effects on beam
pointing stability at the output of the source. We observed that the alignment of the
beams from the source to the microscope was not stable over a few hours and presented
a continuous drift out of the optimum point during the day. This probably originated
from a slow thermal stabilisation of the optomechanical elements inside the source. Some-
times, it also correlated with instabilities in the air conditioning system related to weather
changes, and on other times the cause remained unclear.

We also note that the presence of an important misalignment inside the OPA cavity could
be dangerous for the optical elements. The average pump beam powers (3 W for OPA1

and 40 W for OPA2) can indeed cause damage to many materials. For example, the ovens
were equipped with a cover enclosing the crystal with a small entrance for the pump
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beam. When drift or misalignment of the pump beam became large, this cover could be
hit by the laser. On occasions, this produced smoke or ashes falling on nearby optics or
the crystal itself, causing irreversible damage.

Issues with 1030 nm beam pickup

Another consequence of these instabilities was a difficulty to pick up a stable fraction of
the 1030 nm beam for imaging purposes. One of the objectives of this thesis project was
to explore the use of this wavelength in combination with 1300 or 1700 nm beams in the
context of three-photon microscopy. A first straightforward implementation of this idea
was to use for this purpose the remaining pump from OPA2, of average power ≈ 10 W
(labelled as 1) in Figure 2.3). An optical path was installed to route this beam to the
microscope, but we then realized that because of the fluctuations in the OPA conver-
sion efficiency, this remaining pump beam also exhibited important power and pointer
fluctuations. We then decided to use a portion of the beam that does not go through
the second OPA stage, which exhibited the highest fluctuations. We therefore installed a
pickup of the remaining pump of the first OPA stage (labelled as 2) in Figure 2.3), but
unfortunately we also observed fluctuations at this stage. The best option was finally to
extract a part of the main pump before it entered the second OPA stage, which turned
out to be as stable as the main pump laser. This pickup (beam labelled as 3) in Figure
2.3), of power up to 2 W was performed by adjusting the angular position of a half wave
plate, resulting in a moderately diminished OPA power.

Issues with SHG stage

The SHG stage producing a 1300 nm output from the 2600 nm idler beam is a critical
module of the source. This stage is in fact even more sensitive to stability issues than the
steps discussed previously. First, intensity fluctuations in the idler are of course raised
to the power of two in the 1300 nm output. Secondly, the idler wavelength (2600 nm) is
strongly absorbed by water and sensitive to room humidity (see Figure 1.22). Therefore,
the optical path length of this beam between OPA2 and the SHG stage was minimized in
the source design. Still, we found that SHG efficiency was very unstable both in output
intensity and beam pointing. We considered the option of enclosing this path in a cham-
ber filled with a neutral gas such as N2; this could have been a useful solution for a future
version, although our collaborators at the LCF-Amplitude joint lab decided to first go for
a simpler design for the following prototypes described below.

Hands-on feedback on the first prototype

All these instabilities made our multibeam OPA source much less adapted for bioimaging
applications than we originally thought. Firstly, power oscillations which could be as
important as 50 %, as illustrated in Figure 2.7 resulted in a high uncertainty on the power
at the sample plane, which in fact requires precise control. Secondly, these fluctuations
affected also the beam pointing directions. After propagation through the paths on the
optical table, these fluctuations caused misalignments and even larger power drops at
the objective focal plane. In practice, microscope realignments were needed every ≈ 2 h.
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Although the injection beam paths were re-designed to make this task relatively simple,
this requirement combined with daily alignment and care of the source prevented us
from developing bioimaging experiments going beyond initial proofs of principle with this
system.

Figure 2.7: Power on a fraction of the 1700 nm beam recorded along several hours on a typical
day of poor stability of the source. These fluctuations made the source unpractical for biological
imaging.

2.2 Second prototype
A second prototype was designed by Alexandre Thai (Amplitude), Frédéric Druon et
al. at the LCF-Amplitude joint lab with the goal of building a simplified system with
stable characteristics, at the cost of reduced efficiency. This system was implemented
in an industrial package (Satsuma mechanical frame) and used only one OPA stage (see
Figure 2.8). It used a different pump laser (Satsuma HP2, Amplitude) with the following

Figure 2.8: Simplified representation of the compact design of the second prototype of the
OPA source built by the LCF-Amplitude lab.

characteristics: 1030 nm center wavelength, 20 W average power, 250 fs pulse duration and
1 MHz repetition rate. This pump beam was guided inside the OPA frame which was much
more compact than the previous lab-made system (Figure 2.8). Three mechanical shutters
were installed on the three output beams with 3.1 W available at 1700 nm (minimum pulse
duration ≈ 80 fs), 500 mW available at 1030 nm, and only 80 mW available at 1300 nm.
Alexandre Thai et al. experienced difficulties for the optimization and stabilization of the
SHG stage. They had to perform a systematic study of the doubling crystals available
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on the marked for this purpose, which turned out to be a complicated task. In practice,
the beam at 1300 nm was not available on this prototype (see Figure 2.15). While the
issue was being solved, this version of the source was used for developing 3P imaging
experiments with 1030 and 1700 nm excitation. Unlike the first prototype, this model was
very stable in terms of output power and beam pointing.

2.3 Third prototype
The third OPA prototype used during this thesis is in fact an upgraded version of the
second one. This source provides 2.9 W at 1700 nm, 500 mW at 1300 nm and 550 mW
at 1030 nm. The minimum pulse durations of the OPA beams were ≈ 80 fs whereas the
pump pulse duration was on the order of 250 fs. It is as compact and stable as the second
version (Figure 2.9), requiring alignment only once a month: the pump injection mirror
can be adjusted and there are two screws per crystal to optimize each nonlinear process.
The SHG stage is especially delicate and it is the one which needs the most frequent
tuning. After testing different types of crystals for the SHG stage, our collaborators chose
the best possible option but this stage could be further improved. One of the main issues
encountered by the builders of the source is the difficulty to find companies able to provide
frequency doubling crystals for these conditions.

Figure 2.9: Simplified representation of the compact design of the third prototype of the OPA
source built by the LCF-Amplitude lab.

3 Beam conditioning paths
In this section we describe the optical paths of the beams and the different stages they
go through from the output of the source up to their injection into the microscope. Much
effort and attention has been given to the optimization of these stages, which have been
progressively adapted and improved for each source version.

3.1 General design principles for the optical paths
A few basic design rules have been used when implementing optical paths for our multi-
beam microscope.

• Length minimization
As a first general principle, we seek to minimize the length of the beam paths
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between the laser and the microscope. One reason is to minimize beam diver-
gence caused by propagation over long distances, because it must be compensated
with additional collimation optics which may introduce aberrations in the initially
clean beam profiles. Another reason is to avoid unnecessary mirrors and related
power losses. Silver mirrors (PF10-03-P01, Thorlabs) were used for the 1300 and
1700 nm beams (3 and 4 % of losses respectively at 45° of incidence). For the 1030 nm
pump pick-up beam, dielectric mirrors (custom made, Eksma Optics) were used with
higher reflectivity (>99 %). Similar care was given to select all the optics coatings.

• Beam stirring and alignment modularity
Another guideline is to have a modular design with two stirring mirrors between
each alignment-sensitive key element in the path: source output, pulse compressor,
beam size controller, microscope injection point. This arrangement is important
to compensate for possible source pointing instabilities and proved to be essential
when using the first prototype of the source. Each pair of beam-stirring mirrors
is followed by a relatively long straight path where the laser is aligned using a
classical beam-walking strategy: a first diaphragm is located close to the second
mirror, and a second diaphragm is placed far from the two mirrors. The beam
is iteratively centered on each diaphragm with its associated mirror until it goes
through both targets. This procedure allows to efficiently recover the alignment up
to the microscope even in the case of a large pointing change of the source.

• Beam height
In addition, the paths were designed so that all beams propagate at the same height
on the table. A single movable pinhole has been calibrated to the height of the
microscope entrance (≈ 13.5 cm above the table), and is used all along the paths as
an alignment reference. To reach this beam height at the laser output, a periscope
was installed on each beam to raise it from its original height (8 cm for the second
and third prototypes) to that of the microscope entrance.

In the following sections we present the details of the different modules.

3.2 Power control
For each beam at the output of the source, the first element is a power control system
consisting of a half wave plate (HWP) on a motorized rotation mount and a polarizing
beamsplitter (PBS). The linear polarization of the beam rotates with respect to the axis
orientation of the HWP. The PBS then projects the polarization along the horizontal and
vertical axes. The vertical component is blocked and the horizontal one is let to propagate
on the optical table. The angular position of the HWP is set with a labVIEW function
in which the percentage of power reaching the microscope has been calibrated taking into
account Malus’ law.

3.3 Spectral filtering
In the case of the first OPA prototype in which many unwanted additional wavelengths
were generated, spectral filters were necessary at the output of the source to prevent them
entering the microscope. It was particularly important to block unwanted components
in the the visible range (515 and 650 nm) and remaining leaks of the pump laser. The
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excitation beams at 1030, 1300 and 1700 nm were cleaned with the following filters FF01-
715/LP, BLP01-1064R and BLP02-1319R (Semrock), respectively.

3.4 Dispersion control and pulse compression
The temporal profile of the excitation pulse train is a critical parameter in 3P microscopy.
As we have seen in Chapter 1 (Table 1.1), 3P signals are proportional to the laser duty
cycle τ/𝑇 to the power of -2. Minimizing the pulse duration is therefore very important
to maximize the signal obtained with a constant average excitation power. In the case of
our source, pulse shortening after the objective is achieved with three different strategies
depending on the wavelength. Before describing them, let us remind some definitions:

• Group velocity
The group velocity is the velocity at which the envelope of a wave packet progresses
in space. It is equal to the inverse derivative of the wavenumber with respect to the
angular frequency: 𝑣𝑔 = [𝑑𝑘/𝑑𝜔]−1.

• Group velocity dispersion (GVD)
The GVD characterises the frequency dependence of the group velocity in a medium.
It is expressed mathematically as the derivative of the inverse of the group velocity
with respect to the angular frequency: 𝐺𝑉 𝐷 = 𝜕

𝜕𝜔

1
𝑣𝑔

= 𝜕2𝑘
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. It is used to
characterise changes in pulse duration during propagation in a dispersive medium.
It is usually expressed in fs2/mm, can be positive or negative, and is a function of
the wavelength.

• Chirped pulses and Fourier transform limited pulses
A chirp is defined as a temporally dependent instantaneous frequency. Unchirped
pulses exhibit the minimum value for the time-bandwidth product (product of their
temporal duration and spectral width) and are usually termed Fourier transform
limited (TL) pulses. In other words, TL pulses present the shortest possible duration
τ0 for a given spectral width. A polychromatic TL laser pulse passing through
a medium presenting non-zero GVD becomes chirped, and this chirp results in
temporal broadening: the pulse spectrum is unchanged but its duration increases.
For a Gaussian pulse, the final duration τ of a pulse propagating through a medium
with 𝐺𝑉 𝐷 and length 𝐿 is:

τ(𝐿) = τ0
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τ2
0
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In out setup, pulse durations can be measured on the optical table and at the the focus
of the objective with a dedicated microscopy autocorrelator (Carpe, APE). This system
is very convenient as we seek to minimize the pulse duration at the sample plane and
pre-compensate the dispersion caused by all optical elements including the microscope
optics.
In our multibeam system, we need to design different strategies for the three beams.
The 1030 nm pulses produced by the pump laser are relatively long (τ0 = 250-300 fs)
and experience little temporal broadening on its propagation up to the microscope focus.
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However, shorter pulses are desirable for 3P microscopy, and we therefore implemented a
nonlinear compressor system for this beam. The 1300 and 1700 nm pulses produced by the
successive OPA prototypes are spectrally broad with τ0 = 60-80 fs, and thus, experience
significant dispersion through the beam conditioning paths and microscope optics. This
dispersion can be pre-compensated, but the method is different for each beam.

3.4.1 1700 nm pulse dispersion control

Recompressing 1700 nm pulses is relatively simple because in this wavelength range there
exist transparent materials presenting a positive GVD values and others presenting neg-
ative values. For instance, positive dispersion can be introduced with silicon (Si, 986.60
fs2/mm), and negative dispersion can be introduce with silica (SiO2, −47.585 fs2/mm).
In the successive versions of our source, after measuring pulse durations for various thick-
nesses of dispersive material, the optimum pulse duration was found by inserting Si plates
(1 or 3 mm). We obtained pulse durations at the sample plane of τ = 77 fs, very close to
the TL pulse duration calculated from the spectrum (τ0 ≈ 60 fs). Compared to the uncom-
pensated pulse duration of τ = 117 fs at the sample plane, dispersion pre-compensation
provided a gain on the 3P signal of: 𝐺 = (117/77)2 = 2.3.

3.4.2 1300 nm pulse dispersion control

The task is more complicated at 1300 nm because most materials present a dispersion close
to zero at this wavelength. Therefore, impractically large (≈ 2 m) thicknesses of dispersive
materials would be needed to recompress the pulses in the same manner as for the 1700 nm
case. A more suited approach is to implement a compressor based on dispersive prisms
[56]. Such a system introducing larger amounts of dispersion was provided by Alexandre
Thai from the LCF/Amplitude joint laboratory. Its structure is schematized in Figure
2.10.

Figure 2.10: Prism-based compressor for the 1300 nm beam. Spectral components are spa-
tially separated in the first prism, and travel different optical lengths in the second prism. By
translating the stage with the second prism, one can change the amount of negative dispersion
introduced in the pulse after spectral recombination. In the illustration, a chirped pulse is re-
compressed after passing through the prism pair.

The system can introduce both positive and negative dispersion. Positive dispersion is
added by increasing the optical path inside the prisms, which are made of a material
presenting high positive dispersion (SF11 in our case, GVD = 76.75 fs2/mm at 1300 mm).
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Negative dispersion is induced by the angular deviation (illustrated in Figure 2.10) and
its amount can be tuned adjusting the distance between the two prisms. After tuning the
compressor, we obtained a pulse duration of 196 fs at the sample plane.

3.4.3 1030 nm pulse compression

Compressing the 1300 mm pulses from the pump laser down to a duration of ≈ 100 fs is
slightly more complicated. Indeed, these pulses have a limited spectral bandwidth. They
are already TL with a pulse duration of τ0 = 250 fs. Therefore, to reach shorter durations,
we first need to enlarge their spectrum. A suitable compressor design was proposed by
the team of Frédéric Druon (Figure 2.11). To generate additional spectral components,
the beam is focused onto a first 1 mm YAG crystal. The beam is then recollimated
and compressed with a pair of chirped mirrors (on which reflection path depends on the
wavelength). The output beam then goes through a second stage of spectral broadening
in a second YAG crystal and compression with chirped mirrors.

Figure 2.11: Module for temporal compression of the 1300 nm pulses. Two successive stages of
spectral broadening in YAG crystals and pulse compression in chirped mirrors are implemented.
The entire system can be bypassed (dashed lines) to enable comparisons between compressed
and uncompressed pulses. The positions where the pulse durations in Figure 2.13 were measured
are indicated.

The system was tested with different pump powers and number of bounces on the chirped
mirrors. The two YAG crystals were mounted on micrometric translation stages to provide
a fine control of the nonlinear effects. During alignment, the spectral profile was monitored
on a spectrometer while tuning the YAG position relative to the beam focus, with the aim
of obtaining the largest possible spectrum. Figure 2.12 shows the pulse spectra measured
before and after the compression module, showing the increase in spectral bandwidth.
The number of reflections on the chirped mirrors was then optimized to achieve the
shortest pulse duration at the microscope focus. In our case, an optimum was found with
6 reflections on the first mirror pair and 8 on the second one. A measurement of the pulse
duration in the microscope and on the table as a function of pump power is shown in
Figure 2.13.
According to the data in Figure 2.13, the pulse can be compressed down to τ = 80 fs. At
this minimum, however, the temporal profile starts to exhibit important distortions, so
the compressor was set to achieve τ = 100 fs at the sample plane. The enhancement of
3P excitation resulting from this compression is: 𝐺 = (250/100)2 = 6.25.
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Figure 2.12: Spectrum of the pump before and after the compression stages. Significant
spectral broadening is achieved thanks to nonlinear processes in the YAG crystals.

Figure 2.13: Pulse duration measured on the sample plane and on the table depending on the
power at the entrance of the nonlinear compressor.

Figure 2.14: YAG crystal on the nonlinear compressor being excited with adequate power level
(a) and with too much power, exceeding the threshold for SC generation spanning the entire
visible spectrum (b). The laser light present in (a) is short wavelength IR to which the camera
is sensitive. The laser can be identified as the small purple spot.

We should point out that the large spectrum in Figure 2.12 is obtained by establishing
a high intensity in the YAG crystals (typically 450 mW focused by a f = 50 mm lens).
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However, this pump power must be kept below the threshold for supercontinuum gener-
ation in the YAG crystals. If this happens, the spectrum exhibits a dramatic broadening
including unwanted visible components. These are shown in Figure 2.14.b, compared to
2.14.a, in which only scattered 1030 nm light is observed.

3.5 Beam metrology
The beam size and divergence at the entrance of the microscope objective have a critical
effect on imaging performance in three-photon microscopy.

• Beam size
The beam diameter at the back focal plane of the objective is an important param-
eter in 3P microscopy. When the back focal aperture is underfilled, the effective
numerical aperture (NA) is reduced, which reduces both the resolution and the sig-
nal level. We have seen in Section 3.2.2 in Chapter 1 that in the case of 3P excitation
of a homogeneous medium, the signal approximately scales as NA2 for a constant
power incident on the sample. In general, the effective focusing NA is maximized
for a flat beam profile at the objective entrance [57, 58]. This condition can be
experimentally approached by overfilling the back focal aperture with a Gaussian
beam [15,59]. On the other hand, largely overfilling the objective back focal aperture
results in important laser power losses. This should be avoided because, as we have
seen in Chapter 1, in 3P microscopy the power delivered to the sample surface needs
to be increased with imaging depth to compensate for scattering and absorption. It
is important to ensure that 100-200 mW can be delivered to the sample, and thus,
to minimize power losses between the source and the sample plane.

• Divergence
Microscope objectives are designed to operate best when a flat wavefront is inci-
dent at the objective back focal aperture. In principle, we would like to have three
collimated beams at this plane. In practice, we need to find a compromise for the
following reasons. First, the size and divergence of each beam are controlled by
telescopes placed on the optical table before the microscope. As we will discuss
below, the two parameters are partly coupled, so it is not possible to adjust the
beam size without changing its divergence. Second, we seek to have all three beams
of the microscope focused ideally to the same plane. However, because of the ax-
ial chromatic aberration of the objective over the 1030-1700 nm wavelength range,
collimated incident beams are focused to different planes. This mismatch can be
as high as 10 µm. In practice, we minimize this chromatic effect by adjusting the
relative divergence of the beams.

Telescopes for beam conditioning

In short, beam size and divergence need to be adjusted to find a compromise between
the maximum available power after the objective and the best spatial resolutions while
dealing with chromatic issues. The essential tools used to handle these parameters are
telescopes installed on each beam. In our setup all the telescopes consist of two convergent
lenses arranged in a nearly 4-f configuration. In a 4-f arrangement, a collimated beam is
incident on the first lens and focused at the image focal plane of this lens. The second
lens is placed so that its object focal plane coincides with the beam focus, resulting in
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a collimated beam after the telescope with a magnification factor equal to the ratio of
the two lenses focal lengths. From this arrangement, the beam divergence at the exit of
the telescope can be adjusted by changing the distance between the lenses. In order to
achieve a (partly) independent control of beam size and divergence, two telescopes can be
installed on each beam. A first one is placed far from the microscope and in 4-f configu-
ration, in order to mostly alter beam size at the microscope after propagation. A second
one is placed close to the microscope scanning system and has a magnification equal to
one. This second telescope, when detuned from 4-f configuration, allows to modify the
divergence of the beam incident on the scanners without altering its dimensions.
In practice, since the power of the 1300 nm beam was limited in our OPA systems, we
implemented only one telescope on this path to minimize power losses. With such a
configuration, the multibeam alignment strategy is to first optimize the 1300 nm excita-
tion beam path (effective NA and available power), and then adjust the telescopes on
the other beam paths to achieve foci matching in the microscope. Finally, because the
1030 nm beam experiences more propagation distance in the table, an additional telescope
was implemented on this path close to the laser output to prevent excessive divergence.

Spatial resolution measurement

The choice of the lenses and alignment of all these telescopes is achieved in an iterative
way, by monitoring both the overall power transmission with a power meter at the sam-
ple plane and the axial resolution (𝛿𝑧). Axial resolution is estimated by recording an
axial image series (z-stack) of a point-like object, and estimating the FWHM of its axial
profile. In practice, point-like objects should be chosen smaller than the axial resolu-
tion. We typically use fluorescent beads embedded in agarose (ThermoFisher Scientific),
or non-fluorescent polystyrene beads producing THG. Indeed, axial resolution can be
alternatively estimated from the THG axial profile through a horizontal water-glass in-
terface [11,60].

In all the successive versions of the setup, we achieved similar axial resolutions ranging
from 2.1 to 2.8 µm for all beams. An axial mismatch smaller than 1 µm was achieved
except with the third prototype, for which the axial mismatch between the 1700 nm and
the two other beams could not be made smaller than Δ𝑧 = 5.5 µm without large power
losses. This issue is probably related to the initial divergences of the beams in this
particular source design. We plan to solve it soon after the installation of a fourth source
prototype, and if necessary by introducing a phase mask in the 1700 nm beam.

Beam profilometry

A complementary measurement of the beam size on the table can be achieved more
rapidly with an IR beam profilometer. During initial alignments of a new source, this
is very useful not only to check the beam dimensions but also to detect possible issues
in the spatial profiles. An example of defective beam profile at 1300 nm can be seen
in Figure 2.15 compared to normal beam profiles at 1030 and 1700 nm. It shows beam
profile measurements from the second source prototype, which had important issues in
the 2600 nm doubling stage.
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Figure 2.15: Example of beam profile measurements done on the optical table with the IR
profilometer. The second prototype of the source arrived at LOB in 2019 around Halloween
with a phantom 1300 nm beam profile well suited for the occasion!

3.6 Pulse synchronisation
One of the foreseen applications of this microscope is to investigate the use of non-
degenerate multiphoton processes. This consists for example in exciting a fluorophore
through a wavelength mixing approach, where photons of different energies are combined
to reach the excited state. At LOB, this method has been previously developed in the
context of two-photon microscopy to provide additional excitation routes and enable mul-
ticolour two-photon imaging [61]. Another possibility is to perform sum-frequency gener-
ation at different colours, as we will discuss in Chapter 4. Experimentally, this requires
to temporally synchronise in the microscope the pulse trains from two different beams.
This requires specific care in the case of 1 MHz pulse trains, because the pulse-to-pulse
distance is on the order of 300 m. To enable pulse synchronization in the microscope,
the paths of all three beams must therefore be designed to have the same optical lengths
between the source and the microscope. The 1030 nm beam exiting the source is directly
extracted from the main pump laser, meaning that it has propagated along a shorter
distance than the 1300 and 1700 nm pulses, which result from propagation in the succes-
sive OPA stages. This delay was measured with a fast IR photodiode on an oscilloscope
and found to be 1.98 m in equivalent light-travelled distance, for the second and third
prototypes. Therefore, the 1030 nm pulse needs to propagate through this rather long
additional distance compared to the 1300 and 1700 nm pulses in order to be synchronized
on the sample, which complicates path design. For this reason, the 1300 and 1700 nm
beams paths are shortened as much as possible and, before implementation, the design of
the routing paths was drawn to scale allowing pulse synchronisation with sub-centimeter
precision (i.e. sub-30 ps). To finally enable precise synchronization, a motorized optical
delay line (ODL220/M, Thorlabs) was installed in the 1030 nm beam path.

3.7 Beam combination and injection in the microscope
The microscope entry point is close to the scanning system. As in the case of other key
locations on the table, beam injection in the microscope is achieved using two mirrors
targeting two points at the entrance and inside the microscope.
The combination of the three beams is done using dichroic mirrors. The beam at 1700 nm
is the one aligned from further away from the microscope using two mirrors. The 1300 nm
beam is then inserted by reflection on a dichroic located between the last 1700 mirror and
the microscope. Finally, the 1030 nm is inserted by reflection on a second dichroic.

This details together with a summary of the different modules described in this section
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are illustrated in Figure 2.18.

Figure 2.16: Schematic view of the structure of the different modules the beams go through
from the OPA source to the microscope. HWP: half wave plate, PBS: polarising beam splitter,
DM: dichroic mirror.

4 Microscope

4.1 Optomechanical design and control software
The microscope was originally designed and built by Pierre Mahou and is being gradually
updated and improved according to project requirements. The frame and optomechan-
ical components mostly consist of commercial components (Thorlabs), and the overall
geometry is an upright configuration.

4.1.1 Objective lens and 3D imaging

The objective we use is a 25x water immersion (XLPLN25XWMP2, Olympus), with NA
= 1.05, working distance = 2 mm, and back focal aperture diameter ≈ 15 mm. This
objective is equipped with a correction collar and samples can be imaged either in direct
immersion, or though a glass coverslip. As seen in Figure 2.17, it provides relatively a
good transmission in the range of wavelengths involved in our projects spanning from
370 to 1600 nm (at 1700 nm we measured ≈ 50 % of transmittance). It is mounted on a
motorized 25 mm translation stage (M-126, C-863, PI ) moving along the optical axis (z
direction) to adjust the imaging plane.
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Figure 2.17: Transmittance data of the objective used in our system provided by the manu-
facturer.

4.1.2 Beam scanning and sample stage

A pair of 6 mm galvanometer mirrors (8315KB, Driver: 671, Cambridge Technologies) scan
the excitation beam(s) in the x and y directions. The first scanning mirror is imaged onto
the second one by a telescope with a magnification of 1, and the plane of the second mirror
is in turn relayed to the back focal plane of the objective by a telescope of magnification
4. We note that since the diameter of the objective back aperture is ≈ 15.1 mm, the
beam size at the entrance of the microscope should be approximately 4 mm. In addition,
the sample holder is equipped with x and y 26 mm computer-controlled translation stages
(L-505.02, C-663, PI ) for large-scale positioning.

4.1.3 Control software

The microscope elements are controlled on the computer and synchronized through a
multipurpose I/O board (PCI6115, National Instruments). Two software systems have
been adapted for the setup and can be used alternatively.

• Lab-written LabVIEW software
Control of most microscope elements is included in a LabVIEW program developed
at LOB for operating multiphoton microscopes. For this reason, its main advantage
is that it can be entirely modified. In particular, it gives access to power control of
the different excitation beams, z objective stage motion, and acquisition of image
sequences.

• ScanImage control software
As a complementary option to control the 3P setup for application-oriented exper-
iments, we also installed ScanImage. This is a MATLAB-based control software
originally developed as an open-source code for the neuroscience multiphoton com-
munity. Now it is also available as a commercial product (currently supported by
Vidrio Technologies LLC ). Although less customizable than our LabVIEW code,
some of its advantages are its robustness, real-time visualization functions, and the
availability of bidirectional scan patterns.
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4.2 Detection
4.2.1 Detection modules

The microscope is equipped with a 4-port epidetection module, and a 2-port removable
transmitted-light detection module.

Epidetection

The epidetection system is depicted in Figure 2.18. A main dichroic mirror (longpass
filter at 850 nm, Chroma) installed just above the objective lens is used to transmit all
relevant excitation wavelengths and reflect visible light towards the detectors. Laser light
is further blocked by a short pass filter (890 nm) placed at the beginning of the detection
system to protect the detectors. A two-lens system relays the objective back aperture
plane to the entrance of a multi-port detection module. A classical configuration of this
detection module is to use three ports for detecting fluorescence (for example blue, green,
and red spectral ranges) with GaAsP detectors (H7422-40, Hamamatsu) sensitive in the
300 to 740 nm range. The fourth port is used alternatively for wide-field imaging with
an IR camera while the sample is being illuminated by a 735 nm LED (or a white light
lamp). For example, dichroics centered at 561 nm, 475 (or 495 )nm, and 700 nm can be
installed to separate blue, green, red and IR light.

Figure 2.18: Schematic view of the structure of the different elements of the microscope that
the beams encounter after the conditioning path.

Forward detection

The microscope is also equipped with a forward detection module to detect for example
forward propagating THG and SHG signals from thin or transparent samples (Figure
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2.18). This module contains a condenser lens and a dichroic mirror directing light in the
300 - 700 nm range to the detectors. A second dichroic then splits it into two channels,
usually above and below 473 nm. This module also contains the 735 nm LED which can
be used as a transmitted light source for wide-field imaging in combination with the cam-
era in the epidetection module. The entire transmission module can also be removed to
accommodate a large sample.

These details and a summary of the microscope elements discussed in this section are
illustrated in Figure 2.18.

4.2.2 Detection electronics

An appropriate signal digitization approach must be developed when detecting signals
produced using a pulsed excitation. Historically, the microscopy group at LOB has im-
plemented strategies for detecting small signals (such as endogenous fluorescence or THG)
obtained with 80 MHz oscillators and OPOs. All the detection systems at the beginning of
this thesis relied on photon counting, which provides the highest sensitivity when working
with small signals. However in the photon counting regime, only one signal photon can
be detected per laser pulse. Indeed, the average count rate should be kept lower than
one detected photon every 5 pulses to minimize the probability of having two “simultane-
ous” photons counted as one. Beyond this count rate, the response of the detection chain
saturates and is no longer linear. With a 80 MHz source, the maximum count rate is
therefore 80/5 = 16 detected photons/µs. For example, if the pixel rate is set to 200 kHz
(5 µs/pixel), there are 400 laser pulses per pixel. To avoid photon counting saturation
effects, the maximum count rate is 400/5=80 counts/pixel, which sets a reasonable dy-
namic range of ≈ [0,80] in the images. However, this maximum count rate is only 1 in the
case of 1 MHz excitation and 200 kHz pixel rate, resulting in a very low dynamic range. In
order to maintain a high pixel rate (200 kHz - 1 MHz), it is therefore necessary to perform
an analog digitalization of the PMT pulses and to detect several photons per laser pulse.

An alternative detection system was therefore designed for that purpose by Xavier Solinas
in our laboratory. Instead of using a thresholding discriminator, the system performs
an integration of the current pulses produced by the PMTs. The electronic diagram is
shown in Figure 2.19. A condenser charges during the pixel dwell time specified in the
acquisition software. After one pixel cycle, the condenser is discharged and the acquisition
board (PCI6115, National Instruments) digitalizes the pixel value. The acquired signal
is therefore proportional to the area under the curve of the detector current, and the
dynamic range is then increased compared to the photon counting case.
In practice, three potentiometers allow tuning the integration parameters:

• Offset: It initializes the offset of all the electronic components of the system to
zero. This potentiometer is used to adjust the value of the signal received by the
integration system at the beginning of the integration time, which can be checked
on an oscilloscope.

• Null integrator: This potentiometer ensures that the integral value is zero when
no photons arrive on the PMT. To do that, the integrated signal is analysed with
an oscilloscope with the PMTs on but no laser excitation and its slope is adjusted
with the potentiometer until the curve is flat.
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• Gain: This potentiometer regulates the multiplicative factor of the integral. It is
useful to enhance the signal on the channels collecting low intensity signals.

Figure 2.19: Diagram of the working principle of the integration detection system. It is
triggered by a clock signal working at the pixel rate (pixel clock). PMT: photomultiplier tube.

4.2.3 Calibration and linearisation of the detection chain

The high-gain GaAsP detectors provide a high sensitivity of weak signals, however they
have a limited dynamic range and do not exhibit a linear response with intensity. This
causes difficulties for image interpretation, as pixel values are not proportional to the
fluorescence flux on the detector.

Figure 2.20: Nonlinearity of the detection chain. A THG signal represented in terms of
the excitation power cubed is expected to be linear. Instead, the measure illustrates that the
detection chain saturates.

For this reason, a calibration step is required for quantitative imaging. This calibration
was done by measuring the THG signal of a water-glass interface for increasing excitation
power. Figure 2.20 presents the response of the detector when imaging a THG signal
as a function of the excitation power raised to the power of 3. If the detection was
linear, this curve should be a straight line because THG is proportional to the cube of
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the excitation intensity. Rather, this curve demonstrate the nonlinearity of the detection
chain. Therefore, we used it to linearise the intensity values in our imaging experiments,
as follows. The curve in Figure 2.20 is inverted, and fitted by a polynomial which is then
used as a correction function to linearise all the images.

5 Illustration of in-depth imaging with MHz 1700 nm
pulses

To conclude this chapter, we present some imaging demonstrations performed with the
second source prototype, illustrating the ability of our setup to perform in-depth imaging
of different biological tissues with high-energy 1700 nm pulses.

Zebrafish embryo

Figure 2.21: THG imaging of a 24 hpf zebrafish embryo inside its chorion using 1700 nm OPA
excitation. The figure shows xz re-slices from a series of xy images. The excitation beam is
focused from the top and detection was done in transmission.

As a first illustration, Figure 2.21 presents THG images of a 24 hpf (hours post fertiliza-
tion) zebrafish embryo imaged directly inside its chorion. It was lying on a glass slide,
immobilized in a low density agarose gel, and imaged with direct immersion in water.
THG signals at 567 nm were recorded in transmission. The images shown are xz re-
slices of a series of xy images encompassing the entire embryo. THG signals highlight
the chorion, the embryo internal interfaces including cell boundaries [62], and the upper
interface of the microscope slide. It is remarkable that THG signals can be recorded over
the entire chorion (≈ 1 mm in diameter) despite the presence of aberrations caused by the
embryo shape which reduces the contrast at large depths. This is generally not feasible in
THG imaging with 80 MHz, 1100 nm excitation as usually performed at LOB [62] because
signals are much weaker. This experiment illustrates the potential of high energy 1700 nm
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pulses for in-depth THG imaging.

Drosophila embryo

As a second example, Figure 2.22 presents THG images of a Drosophila embryo at the
onset of gastrulation. Drosophila embryos at early stage are extremely scattering because
they contain large amounts of lipid vesicles of various sizes. We could record contrasted
THG images of the innermost yolk regions over 3/4 of the total embryo thickness, as seen
in the xz re-projection in Figure 2.22. These images were recorded with up to 44 mW exci-
tation power on the sample, and 200 kHz pixel rate. As a comparison, we note that THG
imaging beyond the equatorial plane is not practical with conventional OPO excitation
(80 MHz, 1100 nm, 120 fs, NA=1, 90 mW on the sample, 2-10 µs/pixel) [48,63] because of
the strongly scattering nature of the embryo yolk and the rapid signal degradation with
depth. This example illustrates further the potential of high energy 1700 nm pulses for
enhanced THG imaging in scattering media beyond brain tissue applications.

Figure 2.22: THG imaging of a Drosophila embryo at the onset of gastrulation using 1700 nm
OPA excitation. Images of the innermost regions remain highly contrasted beyond the equatorial
plane despite the highly scattering nature of embryo yolk.
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Fixed mouse brain

As a last illustration more relevant to brain tissue imaging, Figure 2.23 presents an ex-
ample of 3PEF and THG images recorded in a fixed P14 cytbow mouse brain. The brain
was provided by the team of Jean Livet (Institut de la Vision). Cytbow corresponds to a
cytoplasmic labelling of cells with a brainbow combinatorial approach [1,64]: cells express
a random ratio of tdTomato, YFP and CFP. Since the excitation is done here at 1700 nm,
Figure 2.23 shows red 3P fluorescence (from tdTomato) and THG at 567 nm. The images
shown were recorded in the hippocampus at depths of 1.1 - 1.3 mm. A high power was
used for this demonstration (up to 218 mW excitation power on the sample, and 100 kHz
pixel rate) in order to ensure contrast preservation at such large depths. The fluorescence
contrast on the hippocampal neurons, as well as the THG contrast from myelin fibers of
the corpus callosum are remarkable.

Figure 2.23: In-depth 3PEF and THG imaging of a fixed P14 mouse brain. The sample is a
cytbow brain with dense cytoplasmic tdTomato labelling. The 3PEF image (left) was recorded
in the hippocampus at a depth of 1.3 mm. The THG image (right) was recorded in the corpus
callosum at a depth of 1.1 mm and reveals myelinated axons.
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6 Conclusion and perspectives of Chapter 2

Conclusion
In this chapter, we addressed several technical limitations in 3P microscopy. To ef-
ficiently generate a third order nonlinear process, it is first critical to use high laser
peak intensities. They can be reached by using a laser at constant average power
but lower repetition rate compared to OPO sources used for 2P microscopy (typically
working at 80 MHz). Thus, we presented a lab-made OPA source working at ≈ 1 MHz
and providing microjoule pulses at 1030, 1300 and 1700 nm. Such performances were
more adapted for 3P microscopy than what was possible with available commercial
lasers. However, we showed that this OPA source suffered from important stability is-
sues that prevented imaging applications beyond proof-of-principle demonstrations.
We also briefly presented more stable and compact pre-commercial prototypes of
this OPA, which were developed based on our feedbacks and on specific technical
developments. We then explained the design of our lab-built 3P microscope. First,
we described the conditioning of excitation beams before they are combined and
injected in the microscope. It includes power control, spectral filtering, dispersion
control, beam metrology and temporal synchronisation of the pulses. We carefully
controlled spectral dispersion, since 3P signals strongly depend on pulse duration.
We described how pulse compression is achieved with different strategies for each
wavelength. Finally, we presented the structure of the microscope and discussed how
it was optimised for low repetition rate imaging. In particular, we have shown why
photon-counting detection systems used in 2P microscopy are not adapted for 3P
microscopy and result in strongly reduced imaging speed or dynamic range. We then
proposed an alternative detection system designed in our lab based on the integration
of the current pulses produced by the detectors. Together with a calibration of the
detection path, our microscope provides fast and high dynamic range 3P imaging.
As a conclusion, the development of the OPA source together with our work on the
beam conditioning paths and on the improvements of the microscope resulted in a
working 3P microscope with a strong potential for biological imaging applications.

Perspectives
Implementing the next generation of the OPA source and further improving the
microscope for 3P imaging are the main perspectives of the work presented in this
chapter. A fully commercial version of the laser source presented in this chapter,
called Satsuma Niji by Amplitude, was delivered and installed in our lab at the end
of October 2021. This new version is based on two independent OPA paths, one
which produces a beam at 1300 nm and a second one producing the 1700 nm output.
This new design improves the output power compared to the original one using the
doubling stage. Moreover, in this new laser source, the TL pulse duration of the
OPA beams is ≈ 50 fs, delivering similar average power than the pulses of the third
prototype (τ0 ≈ 80 fs). In practice, this can result in a 3P signal enhancement
of ≈ 2.5. Additionally, this OPA source allows wavelength tuning in a ≈ 100 nm
range, which can be useful to optimize the central wavelength of the beam spectra
depending on the imaging application. To improve our experimental setup, we will
implement this new commercial laser source from Amplitude and address several
issues. First, the beam paths designed for the third prototype will be adapted to
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this new laser source. In addition, we plan to further reduce the axial mismatch
between the foci at 1030 and 1700 nm, which was of 6 µm in the third prototype
case. We also plan to simplify the control of beam divergence and size by replacing
the iterative telescope adjustment by the use of phase masks. Finally, we observed
a scanning artefact with striped patterns superimposed to the signal in our images
(Figure 2.24), which we will address. This artefact is due to the random phase
between the pixel acquisition rate and the laser repetition rate. Indeed, using a laser
source at 1 MHz and a pixel rate of 200 kHz, we obtain an average of 5 pulses/pixel.
However, the lack of synchronization between the pixel acquisition and the laser
pulse train, results in a one-pulse fluctuation from one pixel to its neighbour. Such
variation has a significant impact on the detected signal due to the low number of
pulses per pixel and the third order signal process. We note that such signal variation
is not observed in 2P microscopy since the number of pulse per pixel is several order
of magnitude higher (typically 400 pulses/pixel when using 80 MHz laser repetition
rate and 200 kHz pixel rate). To remove this artefact, we will synchronise the laser
pulse train and the detection rate by triggering the detection electronics using the
laser pulse time.

Figure 2.24: Stripped pattern superimposed to images of HEK cells labelled with EGFP
excited with 3P at 1300 nm. It is due to fluctuations of the number of pulses per pixel as a
consequence of the low repetition rate.
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Chapter 3. 3P excitation of blue fluorescent proteins

1 Fluorescence microscopy

In this chapter we focus on three-photon excited fluorescence. In this section, we first
review the basis of this source of contrast and its main properties in the linear excitation
regime. Then, we discuss the particularities of multiphoton excitation of fluorescence
compared to 1P excitation. We underline the lack of published characterisation data
of 3P excited fluorescent proteins emitting in the blue spectral range, which limits the
amount of observable parameters in deep tissue imaging. Therefore, the objective of
this project is to investigate the 3P excitability of different blue proteins with the system
presented in Chapter 2 to extend the chromatic palette of 3P microscopy. In Section 2, we
present the details of the experimental procedure which allowed to study the performances
of three blue fluorescent proteins and how they compare with 3P excitation of red and
green fluorescent proteins. In the last section, preliminary demonstrations of 3P blue
fluorescence imaging in thick tissues are presented.

1.1 Basic concepts

1.1.1 Definition

Fluorescence is a phenomenon of light emission exhibited by some molecules during their
relaxation from an excited electronic state. This excited level is usually reached through
the absorption of a photon from an excitation light source, typically a laser in optical
fluorescence microscopy. The emitted fluorescence light is red-shifted with respect to the
excitation light as shown in the example of Figure 3.1. The energy difference between
the maximum of the excitation spectrum and the maximum of the emission spectrum is
known as the Stokes shift.

Figure 3.1: Excitation (blue) and emission (green) spectra of the green fluorescent protein
(EGFP). Source: [65].

Fluorescence microscopy can use fluorescent substances naturally present in cells and
tissues (endogenous fluorophores) as well as artificially introduced labels (exogenous flu-
orophores) as the source of contrast.
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1.1.2 Mechanism

The absorption, excitation and emission processes can be represented by the energy dia-
gram of the electronic orbitals of the fluorescent molecule or fluorophore. This represen-
tation is known as the Jablonski diagram (Figure 3.2). It also includes the vibrational
energy sublevels existing around the electronic states.
When a photon of energy 𝐸𝑒𝑥𝑐 = ~𝜔𝑒𝑥𝑐 is absorbed, a transition from the ground state
to an excited vibrational level of the excited electronic state takes place within a time
of the order of the femtosecond. The de-excitation process starts through the relaxation
of the vibrational level in a non radiative form followed by the electronic transition to
the ground state through the emission of a photon of energy 𝐸𝑒𝑚 = ~𝜔𝑒𝑚. The internal
vibrational transitions take several ps, whereas the lifetime of the electronic excited state
is typically between 1 and 10 ns.
Yet, this is not the only de-excitation path that the molecule can follow. There are other
possibilities such as the transfer of energy to another molecule or other non-radiative
decays usually in the form of thermal transitions in which no light is emitted.
To describe the physics of these competing processes we define the radiative de-excitation
rate 𝑘𝑟 as the probability of radiative de-excitation per unit time, and ∑︀

𝑘𝑛𝑟 as the
sum of the probabilities of other non-radiative de-excitation processes. This allows us
to mathematically define the fluorescence quantum yield:

𝜂 = 𝑘𝑟

𝑘𝑟 + ∑︀
𝑘𝑛𝑟

,

which describes the probability of a photon being emitted when a photon has been ab-
sorbed. This quantity is determined by the internal energy organisation of the molecule
and its chemical environment, therefore, it is different for each fluorophore. When a flu-
orophore is illuminated by a laser source of intensity I and absorbs a number of photons
𝑁𝑎𝑏𝑠, we define the absorption cross section 𝜎𝑎𝑏𝑠 as

𝑁𝑎𝑏𝑠 = 𝐼𝜎𝑎𝑏𝑠

~𝜔𝑒𝑥𝑐

.

It is the parameter that quantifies the absorption capability of the fluorophore.
Similiarly, the action cross section 𝜎𝑒𝑚 is the probability of emitting a photon and is
defined as:

𝑁𝑒𝑚 = 𝐼𝜎𝑒𝑚

~𝜔𝑒𝑥𝑐

,

where 𝑁𝑒𝑚 is the number of emitted photons.
The brightness of the fluorescence signal for each fluorophore is proportional to 𝜎𝑒𝑚 =
𝜂 · 𝜎𝑎𝑏𝑠. For this reason the action cross section is commonly used to characterise the
response of the fluorophore.

1.1.3 Photobleaching

Fluorescent molecules experience a finite number of excitation-emission cycles before
definitive extinction of fluorescence. This phenomenon which can be measured experi-
mentally is called photobleaching. Although the detailed energy transition mechanisms
are not fully understood for all molecules, a model to explain them is the following (Fig-
ure 3.2). According to electronic selection rules, during excitation, the transition from
the ground state 𝑆0 is necessarily to a singlet state 𝑆1 (antiparallel electron spins). The
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Figure 3.2: Jablonski diagram of a fluorescent molecule and the possible transitions. Electronic
levels are represented in bold whereas the thinner lines represent vibrational states.

de-excitation process, however, which usually brings the system to the ground state, can
also bring it to a triplet state 𝑇1 (parallel spins), with very rare radiative de-excitation
due to its long lifetime (phosphorescence ≈ ms). While the system stays in this state, no
absorption-radiation cycles happen. Although this situation can be reversed, the triplet
state is reactive, especially in the presence of oxygen radicals found in solutions. This can
cause the fluorophore degradation up to complete extinction.

The consequences of bleaching in microscopy are an exponential decay of the fluorescence
signal as a function of time under continuous exposure as well as a limited number of
emitted photons per fluorescent molecule, known as the photon budget. For this reason,
it is important to limit the light exposure of the sample.

1.1.4 Fluorescent probes

Not all the molecules are fluorescent. Indeed, when ∑︀
𝑘𝑛𝑟 >> 𝑘𝑟 (fast vibrational re-

laxation), the de-excitation takes place before there is time for the emission of a photon.
These molecules are considered absorbers, since they distribute the energy of the absorbed
photons to the system in the form of thermal energy. Among the existing fluorophores
we distinguish three main groups:

• Organic Dyes:
They are synthetic molecules such as fluorescein. They were the first to be used
in biological imaging. Nowadays there exist a large choice of derivatives that have
been improved to be more photostable and robust. One of the advantages of organic
dyes is that they are generally smaller than other fluorophores (e.g. fluorescein size
is of the order of a few Å), which makes them less invasive. On average, they are
also brighter than other fluorophores.

• Quantum Dots (QD):
They are engineered fluorescent nanocrystals [66,67]. Their main advantage is that
their spectral properties can be designed with high specificity because they depend
mostly on their size. A drawback for biological imaging is that their compounds
are often toxic, and although they can be encapsulated in bio-compatible materials,
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there is always a risk of degradation of this shell. Moreover, because of their size (2
to 50 nm) their invasivity is higher than that of other fluorophores.

• Fluorescent Proteins (FP):
Green Fluorescent Protein (GFP) was first discovered in the jellyfish Aequorea vic-
toria. Since then, this protein and others have been cloned and engineered to be
gene expression reporters [68]. Consequently we now have a large palette (Figure

Figure 3.3: Chromatic palette showing some of the existing fluorescent proteins and their
linear excitation and emission peaks. Adapted from [69].

3.3) of genetically encoded labels providing high biological specificity. An impor-
tant development in FP biotechnologies has been to bind the fluorescence response
of these proteins to physiological parameters such as the release of Calcium ions
related to neuronal activity. This lets the fluorophore act as a neuronal activity
reporter.

1.2 Multiphoton fluorescence
To optimize the use of a fluorophore, it is important to know its spectral response, i.e.
the spectral dependence of its action cross section. Choosing the excitation wavelength
at the absorption peak maximises the number of emitted photons, resulting in a stronger
signal. These spectral responses have been studied and reviewed for linear excitation of
fluorescent proteins [65, 68,70,71]. The excited state of fluorescent molecules can also be
reached with multiphoton excitation as shown in Figure 3.4.

Figure 3.4: Energy diagram for linear, two-photon and three-photon excited fluorescence (EF).
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1.2.1 Multiphoton fluorescence excitation

Although many questions on the details of the excitation process remain unanswered,
precise 2P spectra have been reported for the most common fluorophores [45,72–74]. The
two-photon absorption cross section can be measured through an absolute method, or
more often, by means of a relative measurement calibrated with a known fluorophore.
A common conclusion of these studies is that the multiphoton excitation spectrum of
a fluorophore can generally not be predicted from its linear spectrum, probably due to
differences in the selection rules for 1P and 2P transitions. The authors of [74] observe
that for some fluorescent proteins the spectrum perfectly matches that of linear excitation
(with the wavelength multiplied by 2) whereas in some other cases there is a significant
shift or changes on the spectral shape. Similar observations can be done on the available
data on 3P excitation [75–79]. An example is shown in Figure 3.5.

Figure 3.5: 3P excitation spectra compared to linear excitation. In some cases the excitation
peak appears to match (mOrange, left) whereas for some others there is a visible shift (mKate,
right). Adapted from [79].

The interpretation of these features is complex because different kinds of transitions can
arise from the high excitation intensities involved. Moreover, other conditions such as
pH, temperature or concentration also affect the spectral properties. For example, the
authors of [78] measured differences on the spectral signatures of tdTomato between the
purified protein and the protein in stained HeLa cells. Modelling the relation between the
structure of a chromophore and its action cross section spectrum would be very interest-
ing, but it is not straightforward. The lack of published FP 3P spectra complicates the
choice of dyes and excitation wavelengths for 3P excitation hampering its development,
for the moment limited to the few proteins characterised so far.

1.2.2 Multiphoton fluorescence emission

Regarding the emission, there is a rule in linear fluorescence microscopy known as Kasha’s
rule [80]. It states that the fluorescence of polyatomic molecules always occurs from the
lowest excited state, independently of which state was initially excited. This means that
the emission spectrum is independent of the excitation wavelength because vibrational
relaxations previous to photon emission lead the system always to the same exited level.
Very few violations of these rule have been observed. When translated to multiphoton
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Figure 3.6: 3P emission spectra compared to linear spectra for mOrange (left) and mKate
(right). The authors verified the validity of Kasha’s rule in 3P excitation. Adapted from [79].

excitation, this rule results in the same conclusion for 2P and 3P excitation as for the
linear case (emission spectrum independent of the excitation wavelength) but moreover it
also means that the emission spectrum is independent of the modality of the excitation
(1P, 2P or 3P). This fact as been confirmed in [79] even for the proteins for which the
3P excitation spectrum does not match the linear one as shown in the example of mKate
(Figure 3.6).

1.3 Deep blue imaging
Since it was established that the optimal windows for 3P excitation and tissue penetration
reside in the 1300 and 1700 nm bands, most of the recent studies measuring the action
cross section have focused on green and red fluorescent proteins.
This results in a gap in the blue emission range, where almost no 3P imaging of fluorescent
proteins has been reported yet. The identification of efficient 3P excited blue fluorescent
proteins would be an advantage which would extend the number of independent tissue
parameters that can be labelled and detected simultaneously. Eventually, it would also
open the possibility of deep imaging using combinatorial multicolour labelling techniques
such as brainbow [1]. In this approach, a transgene is built coding for three different
proteins, typically a red protein, a yellow protein and a blue protein. The expression is
regulated by a recombination of specific DNA sites triggered by the enzyme Cre recombi-
nase, which results in an arbitrary expression of one of the three proteins. When several
copies of the transgene are present in the same cell, the random combination mechanism
results in multiple possible combinations that can be detected as independent colours.

In this chapter, we study multiphoton excitation of three different blue fluorescent proteins
to evaluate if they can be excited with 3P at 1030 nm. This wavelength is available from
the pump of most current OPA systems (including the microscope described in Chapter
2) and seems spectrally well suited for 3P excitation of blue fluorescence. Certainly,
without a spectral analysis we miss the step of optimising the excitation wavelength, but
comparing 3P absorption efficiencies of several FPs at this particular wavelength should
already indicate which ones are most promising.
We use a pragmatic approach described in Section 2.1 in which fluorescent proteins are
characterised directly in transfected cells instead of being purified and imaged in solution.
This method can lead to higher uncertainties since the level of expression of the protein
might exhibit some cell-to-cell variability. On the other hand, the sample preparation is
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simpler and the results should be more representative of real experimental conditions in
biological applications.

1.4 The blue FPs of interest
Three different blue proteins were chosen for the study: EBFP2, mCerulean and mTur-
quoise2. The linear photophysical properties of these proteins are summarized in Table
3.1 and their linear excitation spectra are plotted in Figure 3.7. The parameters for EGFP
and mCherry, used as green and red controls, respectively, are also reported.

Protein λ𝑒𝑥 (nm) λ𝑒𝑚 (nm) EC (𝑀−1𝑐𝑚−1) 𝜂 Brightness Lifetime (ns) Reference

EBFP2 383 448 32000 0.56 17.92 3 [81,82]

mCerulean 433 475 33000 0.49 16.17 - [83]

mTurquoise2 434 474 30000 0.93 27.9 4 [84]

EGFP 488 507 56000 0.6 33.54 2.6 [85,86]

mCherry 587 610 72000 0.22 15.84 1.4 [87,88]

Table 3.1: Linear excitation parameters of the fluorescent proteins studied in this chapter. λ𝑒𝑥:
maximum excitation wavelength, λ𝑒𝑚: maximum emission wavelength, EC: extinction coefficient
(absorption cross section normalized by the number of absorbing molecules per unit volume), 𝜂:
fluorescence quantum yield, Brightness: calculated as the product of EC and QY, Lifetime: the
time it takes for 1/e of an excited population of molecules to relax.

Figure 3.7: Linear excitation (bottom) and emission (top) spectra of the fluorescent proteins
used in this chapter. Source: [65].

The samples were provided by our collaborators (prepared by Takuma Kumamoto and
Mickaël Le in the team of Jean Livet) at Institut de la Vision and prepared as follows.
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HEK-293 cells were grown for 24 h in 6-well plates (5 x 105 cells per well) and transfected
with 1 µg of DNA plasmids encoding the protein of interest under the strong CAG or
CMV promoter using Lipofectamine 2000 (Invitrogen). After 24 h, the transfected cells
were deposited onto a 13 mm glass coverslip coated with collagen (50 µg/mL, Sigma), and
cultured for an additional 24 h period. Then, the cells were fixed with 4 % paraformalde-
hyde (PFA, Antigenfix, Diapath) and mounted in mowiol medium (Sigma).

2 Experiments and results
Figure 3.8 presents examples of 3P images of the samples.

Figure 3.8: 3P images of HEK-293 cells labelled with mCherry, EGFP and mTurquoise2 (from
left to right). Scale bar 50 µm.

2.1 Experimental procedure
The method to determine if a protein can be efficiently excited through a 3P process is
relatively simple. As we stated in Chapter 1 (Table 1.1), the fluorescence signal of order
N depends on the excitation power P raised to the power of N among other parameters:

𝑆NP ∝ 𝑃 N.

Here, we used this dependence to determine the order of the excitation. A series of images
was taken with increasing excitation powers (from 𝑃𝑚𝑖𝑛 to 𝑃𝑚𝑎𝑥). Then the signal was
fitted with a power law model. The exponent of the fit (slope in log-log scale) indicates
the order of the excitation process:

log 𝑆NP ∝ N log 𝑃.

2.1.1 Image acquisition and identification of power ranges

The images were acquired in epidetection using a power stack (P-stack) mode, coded on
the LabVIEW interface of the microscope. In this mode, the user can choose the values
of 𝑃𝑚𝑖𝑛 and 𝑃𝑚𝑎𝑥 defined as a percentage of the maximum power, and the number of
total images acquired as a stack. After the imaging session, a power calibration curve
was carefully registered. This step is crucial for an accurate extraction of the nonlinear
order because a power offset can strongly bias the fitted slope as shown in the following
example. On the left-hand side of Figure 3.9, we have simulated a signal scaling as the
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power cubed (straight line of slope 3 in log-log representation). In the right-hand side,
we have plotted the same signal with different power offsets 𝑃0. These offsets result in
a region (indicated with the red rectangle) in which the power dependence of the signal
presents slope values ranging between almost nearly 0 and 3. Experimentally, such a
threshold can originate from an imperfect cancellation of the transmitted excitation on
the power controller. A similar bias of the response curve is observed in power regions
for which the signal is of the order of the noise floor offset and is limited by the detection
sensitivity.

Figure 3.9: Simulations showing the effect of a power offset. On the plot to the right, the
values of this power offset 𝑃0 are 0, 0.2, 0.6, 1.5, 3 and 5 a.u..

We expect all the proteins to present similar relative behaviours along the excitation power
response curve, but the absolute power values of the different regimes might vary. At the
beginning of the curve the excitation power is not sufficient for multiphoton excitation
and the signal is below the background. As the excitation power increases, we expect
to reach a regime where the signal follows a power law of 3 with the excitation. At
higher excitation powers, saturation of the fluorophore or higher order nonlinear effects
generally occur. Saturation leads to lower excitation coefficients, while higher nonlinear
orders result in brighter fluorescent signals with strong nonlinear coefficients as described
in [35] (Figure 1.27, Chapter 1). In practice, the power range for which the signal scales
as a cubic law is relatively narrow, usually less than the 3-fold of the minimum power
value on the examples found in the literature [77,79,89]. For this reason, this power range
is non-trivial to identify and might be missed if the power steps are too large during the
P-stack. On the other hand, taking smaller power steps results in more images, which
increases appearance of photobleaching, and leads to a decrease of the apparent nonlinear
excitation order. A compromise, therefore, needs to be found. In general, several trials
are needed to identify first the 3P excitation range and then a more accurate P-stack is
recorded in this specific range of excitation powers. This study is then completed with
repetitions of the experiment to obtain statistical and meaningful results.
The importance of the power offset described above depends on the comparison of 𝑃0
to the power excitation values for which 3P excitation is achieved, 𝑃3𝑃 . If 𝑃0 << 𝑃3𝑃 ,
the slope artefact is minimized, but if the two values are comparable, the results are
strongly biased. Since 𝑃3𝑃 is not known a priori for each protein, it is more convenient
to minimize the power offset. If this problem cannot be resolved, the full calibration of
the power variation is necessary.
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2.1.2 Extracting the nonlinear order of the excitation

We analysed the images as follows. First, the signal was normalized by the collected
fraction of the emission spectrum defined by the dichroic mirrors and detection filters.
This allows to compare the brightness of the different proteins (assuming that the ex-
pression level is similar for all the cell preparations). Then, with ImageJ, we manually
selected regions of interest in the center of the cells. There are differences of fluorescence
expression resulting in a variability of brightness from cell to cell. The analysed regions
were chosen on the brightest cells to maximise SBR. 10 to 20 cells were measured from
different sample wells and different stacks series to average experimental conditions. For
each cell, the averaged signal in the region of interest was measured and plotted against
the excitation power.
In log-log graphs, we fitted a power law of coefficient 𝛾. The criterion used to decide the
limits of the fit was the 𝑅2 parameter, which was accepted equal to 0.98 in the worse case.
From these fits, parameters such as the signal level, average power and peak power were
extracted. An average curve was also computed as the average of all the measured cells
and used as a representative behaviour.

2.1.3 Validation of the method

To check the validity of this method, we applied it first to EGFP excited at 1300 nm
and mCherry excited at 1700 nm, protein-wavelength pairs for which 3P excitation has
already been shown [77, 42]. The resulting average curves are shown in Figure 3.10 in
terms of the average power (P) and peak power 𝑃𝑝. The relationship between the two is
𝑃𝑝 ≈ 0.94𝑇

τ
𝑃 for gaussian shaped pulses. The pulse duration on the sample plane were

in this case 170 fs and 80 fs at 1300 and 1700 nm, respectively (first OPA prototype).

Figure 3.10: Signal dependence on the excitation power for EGFP (left) and mCherry (right).
The curves are an average of 15 and 17 different measured cells respectively. The data highlighted
in colour is fitted by a power law of 𝛾 (straight line).

In both cases it can be observed that for low powers the signal rises from the noise level
and reaches the 3P excitation power range. The data in this region is highlighted in
colour and fitted by a power law of 𝛾 (straight line). For higher excitation powers, higher
nonlinear effects start to occur causing the slope to increase. In the case of EGFP a
saturation of the curve is also visible for the highest excitation power values used.
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2.2 Results and discussion
This method was applied to the three blue fluorescent proteins, excited at 1030 nm. We re-
fer now to Section 3.4.3 in Chapter 2, about the nonlinear compressor for this wavelength.
Uncompressed and compressed pulse durations of 250 and 115 fs, respectively, were com-
pared in these experiments. The beam paths were designed such that the alignment is
conserved while bypassing or entering the compressor, allowing sequential experiments.

Figure 3.11: Signal dependence on the excitation power for cells labelled with EBFP2,
mCerulean and mTurquoise2 excited at 1030 nm. The curves on the left-hand column show
the results for the experiments done with 250 fs pulses excitation. The curves are an average of
15, 15 and 28 different cells for each protein respectively. The curves on the right-hand column
show the results for the experiments done with 115 fs pulses excitation. The curves are an aver-
age of 23, 14 and 12 different cells for each protein respectively. The data highlighted in colour
is fitted by a power law of 𝛾 (straight line).

2.2.1 Uncompressed 1030 nm pulses (τ = 250 fs)

The average curves of the experiments done with the uncompressed pump on the three
blue selected proteins are presented in the left-hand column of Figure 3.11. From these
results, we can draw our attention to different points. First of all, only mTurquoise2
seems to be excited at 3P (𝛾 = 2.95) and presents a behaviour similar to EGFP or
mCherry. The measured data for mCerulean seems to saturate at the highest excitation
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power, but the excitation coefficient is 𝛾 = 1.61. The response of EBFP2 does not reach
a saturation plateau and the coefficient 𝛾 = 1.72 is far from proving 3P excitation. The
second remark concerns energy conservation issues. Indeed, even considering the detected
signals to be around the higher limit of our spectral filter (FF02-447/60, Semrock), the
energy corresponding to two excitation photons at 1030 nm (𝜔 = 2𝜋𝑐

λ
= 1.83 · 1015 rad/s)

is not enough to excite fluorescence emitted at ≈ 475 nm (𝜔 = 3.97 · 1015 rad/s).

2.2.2 Compressed 1030 nm pulses (τ = 115 fs)

In the right-hand side column of Figure 3.11, we present the average curves of the ex-
periments done with the compressed pump. In this case, the three proteins exhibit an
excitation coefficient close to 3. This suggests that different excitation paths are possible
in terms of energy including real states within the main excitation gap. If a real energy
level exists close to the one or two photon absorption gaps, they are likely to populate [90].
For example, if a 2P absorption is possible and its lifetime is higher than the time between
two laser pulses (T, the inverse of the repetition rate), fluorescence might be excited with
a combined effect of 2 plus 1 photon absorption processes in chain. This would cause
the emission to depend as a superposition of orders 1 and 2 of the excitation power and
could explain the measured values of 𝛾 between 1 and 2 found on the uncompressed pump
experiments. As the energy per pulse grows higher, however, higher order processes are
favoured and dominate upon lower order ones. This can explain why 3P absorption is
visible for mTurquoise2, mCerulean and EBFP2 with compressed pulses whereas only
mTurquoise2 presents this behaviour with longer pulses (with which higher excitation
average powers are needed). This protein is probably the most indicated to use with 3P
excitation.
Although the details of the energetic transitions occurring during excitation are complex
and will deserve further investigation, we have obtained a first interesting result which
is to experimentally determine appropriate 3P excitation conditions of blue fluorescent
proteins.

2.2.3 Comparative analysis

As a summary, we display in Figure 3.12 the excitation orders found experimentally for
the different proteins analysed.
A rigorous comparison of all the proteins is difficult to achieve because the focusing
parameters vary slightly from one beam to the other. This affects the excitation volume,
thus the intensity for a given power value. Moreover, although the signal is normalised
by the collection of the filters, the spectral response of the detector is not completely flat
on the visible range but slightly increasing for longer wavelengths. Therefore, blue signals
are slightly underestimated compared to red signals. Another assumption needed for the
comparison is that the expression level of the fluorescent proteins is similar among the
different samples and cells measured. This should be the case as a first approximation,
according to our collaborators who prepared the samples, but there is inevitably some
variability in these expression levels. In short, this comparison is most reliable among
blue proteins excited with the same pump duration. The comparison with the other
proteins should be viewed as an approximation which also reflects the parameters in our
microscope.
In Figure 3.13 we display the average values of the average power and the peak power
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Figure 3.12: Nonlinear order excitation coefficient measured for the different proteins of the
study. Stars indicate the experiments done with the compressed pump (s1030 for short-1030) in
comparison to the circles, corresponding to the uncompressed pump.

required to achieve 3P excitation of the proteins together with the filter-normalized signal.
These experiments were done on the first prototype of the OPA source for which the OPA
beams were not very stable. This explains the larger spread of the green and red points,
corresponding to uncertainty on the power measurement.
Achieving 3P excitation of EBFP2 (see Figure 3.11) is encouraging because its emission
spectrum is well separated from that of EGFP. This facilitates the task of separating
channels for multicolour applications. On the other hand, the results show that the
required excitation power is higher for this protein than for others, which is a disadvan-
tage for deep tissue imaging applications because of increased photodamage. Consider-
ing that mCerulean and mTurquoise2 share the same emission spectrum, it seems that
mTurquoise2 is the best choice because it requires a lower excitation power for a similar
signal level. mTurquoise2 exhibits 3P excitation both with compressed and uncompressed
pulses. This means that the important factor determining the 3P excitation regimes is
the peak power because it is the common parameter when we compare the two cases. It
might be surprising that the signal obtained with the uncompressed pump is much higher
than with the compressed beam. The explanation is that similarly high signal levels are
also obtained with the compressed pump, although they appear in a regime of the curve
for which the excitation coefficient is higher than 3. Therefore, they are not reflected in
this figure. Whether the use of proteins in higher nonlinear excitation regimes is benefi-
cial or detrimental is not clear, and the interpretation would require further experiments
studying photodamage. Comparing signal levels is simpler when they are normalized by
the excitation power cubed. This gives a measure of the efficiency of the protein on 3P
excitation. As shown in Figure 3.14, this analysis reveals that the most efficient combi-
nation is mTurquoise2 excited with compressed pulses.
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Figure 3.13: Absolute signal, average power and peak power corresponding to the 3P exci-
tation regimes identified through the fitted areas. Stars indicate the experiments done with
the compressed pump (s1030 for short-1030) in comparison to the circles, corresponding to the
uncompressed pump.

2.3 Deep tissue demonstration

To conclude this chapter, we present preliminary demonstrations of in-depth blue imaging
of two different types of tissues. mTurquoise2 was chosen for these tests because it showed
the most promising performances in terms of efficiency and “clean” 3P excitation order.
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Figure 3.14: Signal normalised by the cube of the excitation power corresponding to the 3P
excitation regimes identified on the fitted power ranges. Stars indicate the experiments done
with the compressed pump (s1030 for short-1030) in comparison to the circles, corresponding to
the uncompressed pump.

Mouse Brain

As in Section 5 in Chapter 2, we have used here a P14 Cytbow mouse brain. The
labelling includes both red and blue fluorescence (tdTomato and mTurquoise2). It was
provided by our collaborators from the group of Jean Livet (Institut de la Vision). The
ex-vivo brain was stored in a PB solution (Phosphate buffer: 0.42g/L Monobasic sodium
phosphate, 0.92g/L Dibasic sodium phosphate.). It was prepared following the Agarose
Embedding part of the protocol in [91]. The agarose used here was prepared at 4.5 %.
After embedding, the brain was cut in two parts horizontally and the superior half was
glued in the bottom of a Petri dish, which was filled with PB as the immersion medium
for imaging. The excitation was done on the vertical direction sequentially with the
compressed pump at 1030 nm and with the beam at 1700 nm. In Figure 3.15 we present
some of the acquired images.

First of all, these images allow the comparison of 2P and 3P imaging of tdTomato at sim-
ilar imaging depths. It can be observed from the image that the SBR with 2P excitation
is lower than with 3P, which presents sharper features.
Secondly, the third image (Figure 3.15.c) is a deep tissue blue imaging demonstration. It
can be seen that the SBR at a depth of ≈ 800 µm is similar to that of tdTomato excited
with 3P. As an approximative quantification of the SBR, we have measured the profiles
of the brightest features on the three images. They are normalised and plotted in Figure
3.16, leading to an approximate value of SBR.

2P excitation presents a SBR ≈ 2 whereas the two 3P excitation images exhibit SBR ≈
5 to 8 , measured on the sharpest features in each case. This indicates that mTurquoise2
is excited with 3P, confirming the results of the excitation order analysis presented above.
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Figure 3.15: Images of a P14 Cytbow mouse brain labelled with tdTomato and mTurquoise2.
a) Red channel excited with the compressed pump at 1030 nm (2PEF). Imaging depth z =
760 µm. b) Red channel excited at 1700 nm (3PEF). Imaging depth z = 790 µm. c) Blue
channel excited with the compressed pump at 1030 nm (3PEF). Imaging depth z = 795 µm.

Figure 3.16: Normalised signal profiles of the images in Figure 3.15.

Chick embryo Spinal Cord

The second sample for our 3P blue fluorescence demonstration is a horizontal section of
an electroporated chick embryo spinal cord (E-12) expressing mCherry and mTurquoise2,
also prepared by our collaborators at the Institut de la Vision. Moreover, in this case,
some cells express both red and blue fluorescence, allowing direct comparison between 2P
and 3P signals excited at 1030 nm and 1700 nm as shown in Figure 3.17.
Comparing the signal of the profile drawn on a cell labelled with red and blue fluorescence
we demonstrate that 2P excitation at 1030 nm provides a SBR ≈ 2 whereas the blue signal
excited with the same laser exhibits SBR ≈ 5 The red fluorescence image of the cell
excited with 3P at 1700 nm exhibits the same SBR level, confirming 3P excitation of
mTurquoise2. The absence of background in Figure 3.17.b suggests that the background
observed in the 2P image is due to out-of-focus light generated at the planes close to
the surface of the sample. We can conclude that the SBR improvement in 3P excitation
compared to 2P excitation is already present at this imaging depth of 600 µm.
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Figure 3.17: Chick embryo spinal cord images recorded at a depth of 600 µm. a) mCherry 2P
fluorescence excited at 1030 nm. b) mCherry 3P fluorescence excited at 1700 nm. c) mTurquoise2
3P fluorescence excited at 1030 nm. Bottom: normalised signal profiles of the images.

Figure 3.18: Chick embryo spinal cord images at 380 µm (right) and 390 µm (left) of imaging
depth. Scale bar 50 µm. Red: mCherry excited at 1700 nm. Green: THG signal at 1700 nm.
Blue: mTurquoise excited at 1030 nm.
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With sequential excitation at 1030 nm and 1700 nm, we also performed a demonstration
of three-colour 3PEF/THG imaging. In Figure 3.18, the red channel corresponds to 3P
excitation of mCherry at 1700 nm, the green channel corresponds to the THG signal from
this beam (at 567 nm) and blue fluorescence is excited with 3P from the compressed pump
at 1030 nm.

3 Conclusion and perspectives of Chapter 3

In this chapter we have focused on extending the observable parameters in 3P mi-
croscopy through the study of 3P excitation of blue fluorescent proteins (FPs) at
1030 nm, which was not previously addressed in the literature. We first recalled
the basic principles of fluorescence with linear and nonlinear excitation. In the few
published studies on 3P excitation of red and green FPs, the emission spectrum has
been shown to be very similar when using either linear or multiphoton excitation;
however, the multiphoton excitation spectrum can differ significantly from the linear
excitation spectrum. This makes it difficult to predict the optimal 3P excitation
conditions for each FP.
Using a power-dependence analysis of FPs expressed in cells, we studied the behaviour
of three blue FPs (EBFP2, mCerulean and mTurquoise2) with 1030 nm excitation.
For comparison, we also included in our study 3P excitation experiments of EGFP
at 1300 nm and mCherry at 1700 nm.
One first finding of our experiments is that EBFP2, mCerulean, and mTurquoise2
can all be 3P-excited with 1030 nm 1 MHz excitation. Among these three blue FPs,
mTurquoise2 appears to be the most promising for 3P microscopy because of its effi-
ciency and brightness. We also found that EBFP2 excitation at 1030 nm was not as
efficient as expected from its linear absorption spectrum. This confirms the principle
that the non-linear excitation spectrum cannot generally be deduced from the linear
spectrum.
We have also shown that the pulse energy range actually resulting in 3P excitation
for a particular FPs is in practice relatively limited. Extended power-dependence
curves are usually not shown in the literature. Our data confirm the importance for
3P microscopy of (i) carefully controlling the excitation power, and (ii) working with
short pulses. The design of robust power controllers and pulse compressors remains
an important subject that needs to be addressed by laser developers.
Our comparison of blue FPs excitation at 1030 nm with EGFP excitation at 1300 nm
and mCherry excitation at 1700 nm is only qualitative, due to the instability of the
OPA used for this part of the study (first prototype) in terms of output power and
beam spatial profile. It will be interesting and important to complement these ex-
periments with new data acquired with the current version of the OPA source, which
is much more stable in terms of output power and beam spatial profile. It will also
be informative to perform additional experiments on purified FPs in solution, which
would reduce the biological variability present in cell-based experiments. Despite
their limitations however, our experiments suggest that mTurquoise2 has perfor-
mance equivalent to EGFP, if not superior, for 3P microscopy.
Finally, we have presented a preliminary confirmation of deep-tissue 3P imaging of
mTurquoise2 with 1030 nm excitation, along with red fluorescence and THG imaging
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with 1700 nm excitation. Indeed, our demonstration that 1030 nm can be used as an
excitation wavelength for 3P microscopy is interesting in the context of multicolour
imaging. Moreover, it should be noted that this wavelength is generally available
from the pump beam of many OPA sources.
Nevertheless, a systematic study is now needed to characterize the nonlinear photo-
damage effects at this wavelength. Indeed, some amino acids possess UV absorption
peaks which could be reached through e.g. 4-photon effects and lead to phototoxic
reactions.
Beyond the already mentioned experiments, our preliminary results suggest addi-
tional perspectives for further extending the number of detected signals. The avail-
ability of three different excitation wavelengths in our laser source seems particularly
interesting for this analysis and for multicolour applications. First of all, screening
additional FPs will most likely reveal unexpected properties. In particular, it would
be useful to investigate the poorly characterized 3P properties of green-yellow FPs
such as NeonGreen or EYFP. Another perspective is to synchronise two beams to
enable wavelength mixing [61]. In the case of three-photon excitation, two-beam
mixing provides four equivalent 3P excitation wavelengths, which further expands
the excitation possibilities. The recent progress in numerical unmixing techniques
should also help resolving signals from multiple fluorophores [92, 93]. As a word of
caution, we note that a careful analysis of the nonlinear excitation regime will be
needed for each combination of FPs and excitation conditions, in order to minimize
unwanted 2P excitation during 3P experiments. For instance, during 3P imaging of
red and blue FPs using 1700 and 1030 nm, we needed to record the signals sequen-
tially, since red FPs are 3P-excited at 1700 nm and 2P excited at 1030 nm (Figures
3.15 and 3.17). In the next chapter, we will explore how wavelength mixing can give
access to additional information through the detection coherent third-order signals.
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1 Introduction to Chapter 4
This chapter describes the development of a new contrast modality based on third-order
sum frequency generation (TSFG) and demonstrates its sensitivity to hemoglobin. TSFG
is a third-order nonlinear process similar to THG but involving more than one excitation
wavelength. We propose a colour TSFG scheme (Figure 4.1) where signals at different
wavelengths are simultaneously obtained by wavelength mixing of two laser beams.

Figure 4.1: Molar extinction coefficient for Hb and HbO2 in water. Data adapted from [94].
On the right-hand side, we show a detail on Soret bands representing by vertical lines the three
wavelengths with which we probe hemoglobin later in this project using the wavelength mixing
combinations described in the table and energy level schemes.

We show that this approach can be used for probing the absorption properties of non-
fluorescent molecules, such as hemoglobin, by taking advantage of absorption-related res-
onances in their TSFG spectrum. In the next sections, we first review the currently
available methods for imaging blood oxygenation. We then introduce coherent 3P imag-
ing based on THG and TSFG, and present a complete experimental characterisation of
colour TSFG microscopy. We then show that this modality provides a blood-specific con-
trast. We show that it can be used to selectively detect red blood cells in a label-free
manner, and to report on their oxygenation state in zebrafish embryos. Finally, we show
that colour TSFG can be implemented using the OPA technology described in Chapter 2
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to achieve deep-tissue blood imaging in live adult zebrafish, while being compatible with
3P fluorescence microscopy.

1.1 Red blood cells and oxygenation
Blood1 is the fluid circulating through our body as one of the main elements of the
cardiovascular system, composed also by the heart and the blood vessels. Along with
regulation and protection, transportation of oxygen and other nutrients is one of its main
functions. Its normal temperature in humans is around 38 °C and its pH is slightly alkaline
in between 7.35 and 7.45. It is formed by two main portions: blood plasma, a liquid
containing dissolved substances, and formed elements (cells, vesicles or cell fragments).
99 % of the total formed elements are red blood cells (RBCs) or erythrocytes (Figure 4.2),
resulting in ≈ 45 % of the blood volume (hematocrit), and only 1 % of formed elements
corresponds to white blood cells and platelets.

Figure 4.2: Human RBCs in a liquid isotonic solution imaged with THG contrast in our
laboratory.

RBCs are responsible for oxygen transport from the lungs (or gills in the case of fish) to
the cell bodies and they also enhance carbon dioxide transport on the opposite direction.
RBCs concentration in human blood is around 5 million per µL. They are biconcave discs
averaging ≈ 8 µm in diameter. This biconcave geometry present in mammals is achieved
by the loss of the nucleus and maximizes the surface area for its volume (compared to a
sphere or a cube) allowing easier diffusion of gas molecules into and out of the cell. They
do not have organelles neither, therefore they cannot divide or carry extensive metabolic
activities. On the other hand, this geometry makes them more flexible and thus able
to squeeze into small capillaries. Physical wear and tear have an important destruction
impact resulting in a lifetime of around 120 days. Their high renewal rate of ≈ 2 million
per second by the bone marrow (in humans) compensates for this loss.
They consist mostly in a selectively permeable plasma membrane, cytosol and hemoglobin.
The latter is a metalloprotein containing four iron atoms to which oxygen molecules
bind. This protein responsible for the red colour of whole blood, is essential for oxygen
transport because oxygen molecules do not dissolve easily in water. Only 1.5 % of the
carried molecules are dissolved, while 98.5 % are bound to hemoglobin.
In the human lungs, there is a partial oxygen pressure of 𝑃𝑂2 ≈ 100 mmHg. At this
pressure, hemoglobin becomes fully saturated with oxygen in the capillaries adjacent

1Information about the cardiovascular system and hemoglobin presented in this section was adapted
from [95] and [96].
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to the alveoli, meaning that all four iron ions Fe2+ bind O2. The iron-dioxygen bond
acquires a Fe3+ − O−

2 character with a partial charge 𝑑𝑒𝑙𝑡𝑎− localized on dioxygen [97].
This character is reversible with the release of O2 and differs from auto-oxydation which
produces the unliganded Fe3+ ferric state. In this case we refer to it as oxyhemoglobin
HbO2 as opposed to deoxyhemoglobin, Hb, with no oxygen bound. When 𝑃𝑂2 decreases
to ≈ 40 mmHg as in mixed venous blood returning to the lungs, hemoglobin is only 70-
75 % saturated with oxygen. This means that 1/4 of the bound oxygen is delivered to the
tissues.

𝐻𝑏 + 𝑂2 
 𝐻𝑏𝑂2 (4.1)

Equation 4.1 expresses the reversible process of binding and release of oxygen molecules
performed by hemoglobin. This equilibrium is influenced not only by oxygen partial
pressure but also by other parameters such as carbon dioxide partial pressure, acidity
or temperature. Oxyhemoglobin and deoxyhemoglobin present significant differences on
their linear absorption spectrum, shown in Figure 4.1. Particularly, the highest absorption
peaks are centered at 415 and 430 nm for HbO2 and Hb respectively, and are known as
the Soret bands [98].
As said above, even in the least oxygenated blood of our body (expected in the veins),
there are still 3 out of 4 iron atoms carrying a bound oxygen molecule in average. RBCs
keep hemoglobin in a high oxygenated state, meaning that the pure deoxyhemoglobin
spectrum is never observed in physiological conditions in vivo. The venous spectrum
is expected to be similar to the oxyhemoglobin spectrum slightly shifted towards the
deoxyhemoglobin spectrum.

1.1.1 Blood oxygenation measurement methods

There exist different approaches for probing oxygenation in vivo. The least invasive
method is known as functional near infrared spectroscopy (fNIRS). It can be applied to
humans and includes a variety of implementations such as through-skull monitoring brain
hemodynamics or pulse oxymetry. These techniques use the spectral differences between
oxy- and deoxyhemoglobin shown in Figure 4.1. In the case of the pulse oximeter for
instance, the sample is illuminated at two different wavelengths, one around 700 nm and
another around 900 nm, usually provided by LEDs. They are chosen below and above
800 nm, at which hemoglobin presents isosbestic point, i.e. where the absorbance is con-
stant and independent of the oxygenation state. The transmitted light through a relatively
thin part of the body (generally a finger or an earlobe) is measured for each wavelength
enabling calculations of the absorbance values and their ratio. The system is calibrated to
translate these parameters into peripheral oxygen saturation, a measure of oxygen satura-
tion in blood. Approaches with the same working principle are also implemented in larger
regions of the human body and are able to give useful information [99, 100]. However,
their spatial resolution is very limited resulting in strong background and low specificity.

For imaging smaller samples at high resolution, the authors in [101] proposed an adap-
tation of this spectroscopic principle to wide-field microscopy. They used hemoglobin
absorption measurements around the Soret band in developing zebrafish up to 12 days
post fertilization (dpf). They put embryos in hyperoxic conditions and used the absorption
values as a calibration point of 100 % oxygen saturation in blood. Then they measured
absorption values in normoxic conditions to obtain a relative oxygen saturation value.
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According to these measurements, hemoglobin leaving the heart through the dorsal aorta
(main central artery connected to the heart) is saturated with oxygen at 92 % at 2dpf.
This value eventually decreases as the fish develops. This observations tend to confirm
that at early stages of development, oxygen transportation happens mainly by diffusion
through the thin tissues instead of convection resulting from the bloodstream circulation.
This corroborates a previous observation that zebrafish can develop up to 12dpf in absence
of circulatory system without oxygen supply troubles [102]. Despite these interesting re-
sults, this technique has a limited spatial resolution and does not provide 3D information.

A more efficient method for high-resolution measurements of oxygenation is based on
phosphorescent markers derived from porphyrins. These sensors can be injected on the
blood and used for phosphorescent lifetime imaging microscopy (PLIM). The lifetime
dependence on the partial pressure of oxygen allows absolute measurements which were
demonstrated in murine tumors in vivo [103]. Such measurements were also done on
2dpf zebrafish embryos showing strong differences between normoxic and hypoxic condi-
tions and slight differences between dorsal aorta and caudal vein (the main central vein
connected to the heart) [104]. These PLIM reporters have more recently been modified
and optimized for 2P microscopy [105–107]. This approach enables high-resolution mea-
surements of the oxygen partial pressure in intact tissues, and has been used for several
applications in the mouse brain. In [108], the authors used 2P-PLIM imaging to conclude
that brain oxygenation significantly increases with locomotion and that it is strongly
correlated to the respiration cycle. Nevertheless, this method still has limitations. One
first issue concerns the specificity of the measurement: markers are injected in the blood
plasma and do not report on oxygen level inside RBCs; additionally, they rely on an
indirect contrast mechanism to probe hemoglobin. A second and more important limita-
tion of this technique is its low temporal resolution. The phosphorescence lifetime of the
sensors is on the order of hundreds of milliseconds, which prohibits full 2D imaging with a
point-scanning approach. Instead, specific points in the sample are chosen and measured.
With one of the fastest 2P probes, it takes 0.5 s to measure 12 points in a 2P image [107].

In this chapter we propose an alternative method based on spectroscopic coherent third-
order nonlinear microscopy providing at least 1000 times higher temporal resolution than
phosphorescent probes, along with RBC specificity. We also show that this approach can
be implemented on a 3P microscope to detect RBCs in a label-free manner deep inside
tissues.

1.2 THG microscopy
1.2.1 Coherent Contrast Mechanisms

In Chapter 1 we have discussed nonlinear microscopy based on fluorescence (2PEF and
3PEF). In this chapter we consider coherent multiphoton processes. The most commonly
used coherent modalities in nonlinear microscopy are second harmonic generation (SHG)
and, to a lesser extent, third harmonic generation (THG). These signals can be detected in
most multiphoton microscopes and provide complementary information. SHG depends on
the second-order nonlinear susceptibility, 𝜒(2), which is null in centrosymmetric materials.
SHG microscopy provides a contrast specific to non-centrosymmetric materials and allows
their 3D characterisation. The main source of SHG constrast in biological tissues are fib-
rillar collagen (present in many connective tissues including tendon, skin, cornea, bone or
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Figure 4.3: Energy schemes of SHG, THG and CARS processes. Solid lines represent real
energy states while virtual energy levels are represented in dashed lines. The dependence of the
detected signal S on the excitation intensities I is shown with a colour code correspondent to
the energy scheme.

stroma in internal organs) [109–112], myofilaments (present in muscles) [113] or polarized
microtubule assemblies (such as the mitotic spindles during cell division) [114, 62]. THG
is a contrast mechanism governed by the third-order nonlinear susceptibility 𝜒(3). THG
microscopy highlights interfaces and heterogeneities in the sample, resulting in images
similar to those obtained with dark-field microscopy [115]. This imaging method is dis-
cussed in more details in the next section.
SHG and THG contrasts are easily combined in a nonlinear microscope to provide mul-
timodal label-free imaging [116, 117, 62]. So far, SHG and THG microscopy have been
mainly used for structural imaging in combination with specific labelling using fluorescent
markers.

Another common multiphoton contrast mechanism is coherent anti-Stokes Raman scat-
tering (CARS). The energy diagram for CARS is represented in Figure 4.3 alongside with
those for SHG and THG. CARS is a four-wave mixing process excited with two synchro-
nized lasers: the pump/probe field of angular frequency 𝜔𝑝, involved twice in the process
and the Stokes field of angular frequency 𝜔𝑆, involved once. The two wavelengths are
chosen such that 𝜔𝑝 − 𝜔𝑆 = Ω𝑣𝑖𝑏, where ~Ω𝑣𝑖𝑏 is the energy of a targeted vibrational level.
This makes CARS specific to chosen vibrational transitions [118]. One characteristic of
CARS imaging is that the susceptibility 𝜒(3) involved on the process has two components:
a resonant one containing the Raman spectral information, and a non-resonant one with
no chemical specificity. The interference between these two components is generally ob-
served in CARS images, which can complicate their interpretation.

1.2.2 Third Harmonic Generation

In this section, we summarize the theoretical description of THG imaging contrast, which
is now well described in the literature. This will be useful for introducing TSFG mi-
croscopy afterwards. We first introduce the process of third harmonic generation; we
then discuss the mechanisms governing THG with plane waves and focussed beams (as it
is the case in microscopy); and we finally review the topic of THG resonant enhancement
in the presence of molecular absorbers such as hemoglobin.
The field of nonlinear optics deals with phenomena induced by intense light fields. When
an electric field E(t) is applied to a material, it induces a polarisation P(t) (dipole moment
per unit volume) which can be described as:

𝑃 (𝑡) = 𝜀0𝜒
(1)𝐸(𝑡),
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where 𝜀0 is the free space permitivity and 𝜒(1) is the linear optical susceptibility. As the
applied field becomes stronger this expression is not enough to describe the occurring
processes and requires adding nonlinear terms. The definition of the polarisation is then
generalised as a power series of the field strength:

𝑃 𝑁𝐿(𝑡) = 𝜀0[𝜒(1)𝐸(𝑡) + 𝜒(2)𝐸2(𝑡) + 𝜒(3)𝐸3(𝑡) + . . . ] ≡ 𝑃 (1)(𝑡) + 𝑃 (2)(𝑡) + 𝑃 (3)(𝑡) + . . . ,

where 𝜒(𝑁) is the Nth-order nonlinear susceptibility. This quantity is a 𝑁 +1 rank tensor.
Since in this work we only consider the case of homogeneous and isotropic media, the
𝜒(3) can be reduced to a single independent element. 𝑃 (𝑁)(𝑡) is defined as the Nth-order
nonlinear polarisation and varies in time as a result of the action of the field. A time-
varying polarisation can be understood as accelerated charges, consequently, it can act as
the source of new electromagnetic field components. This coupled interaction is described
by the nonlinear wave equation:

∇2𝐸(𝑡) − 𝑛2

𝑐2
𝜕𝐸(𝑡)

𝜕𝑡2 = 1
𝜀0𝑐2

𝜕2𝑃 𝑁𝐿(𝑡)
𝜕𝑡2 , (4.2)

where n is the linear refractive index and c is the speed of light in vacuum.

THG with Plane Waves

Let us first consider the case of THG when the incident fundamental field is a monochro-
matic plane wave of frequency 𝜔:

𝐸(𝑧, 𝑡) = 𝐸𝜔𝑒−𝑖𝜔𝑡 + 𝑐.𝑐. = 𝐴𝜔𝑒𝑖(𝑘𝜔𝑧−𝜔𝑡) + 𝑐.𝑐.,

with 𝑘𝜔 = 𝑛𝜔
𝜔

𝑐
the wavevector. The induced third-order polarisation is:

𝑃 (3)(𝑡) = 𝜀0𝜒
(3)[𝐸𝜔

3𝑒−𝑖3𝜔𝑡 + 3𝐸𝜔
2𝐸𝜔

*𝑒−𝑖𝜔𝑡 + 𝑐.𝑐.]. (4.3)

We observe that two terms of different frequency appear to drive new field components
oscillating at those frequencies. The first term corresponds to the third harmonic wave:

𝐸THG(𝑧, 𝑡) = 𝐸3𝜔𝑒−𝑖3𝜔𝑡 + 𝑐.𝑐. = 𝐴3𝜔𝑒𝑖(𝑘3𝜔𝑧−3𝜔𝑡) + 𝑐.𝑐.,

The second term can be interpreted as an intensity-dependent refractive index effect,
which can lead to processes such as the self-focusing effect. Indeed, we can identify a
product 𝐸1𝐸

*
1 = 𝐼1 followed by a field oscillating at the fundamental frequency.

Under the slowly varying amplitude approximation, the nonlinear wave equation leads to:

𝜕

𝜕𝑧
𝐴3𝜔(𝑧) ∝ 𝐴3

𝜔𝑒𝑖Δ𝑘𝑧,

where we define the wavevector mismatch Δ𝑘 = 3𝑘𝜔 − 𝑘3𝜔 = 3𝜔

𝑐
(𝑛𝜔 − 𝑛3𝜔), which is the

phase difference between the propagating fundamental and harmonic waves. This result
indicates that the intensity of the harmonic wave scales as the cube of the intensity of the
excitation field and oscillates depending on the value of Δ𝑘. If we integrate it, we find
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that the intensity of the harmonic wave after an interaction distance L within a material
presenting non zero 𝜒(3) is of the form:

𝐼3𝜔(𝑧 = 𝐿) ∝ 𝐼3
1 𝐿2𝑠𝑖𝑛𝑐2(Δ𝑘𝐿

2 ).

This intensity oscillates with the wave vector mismatch and with the distance propagated
inside the nonlinear medium. As seen in Chapter 2 (Section 2.1.2), different methods
can be used experimentally to achieve phase matching in a nonlinear material such as
critical phase matching (using birefringence), temperature tuning (temperature controlled
anisotropy) or quasi phase matching (with engineered periodic materials that compensate
phase differences). In the case of perfect phase matching (Δ𝑘 = 0), the intensity of
the generated wave scales as: 𝐼3𝜔 ∝ 𝐼3

1 𝐿2. In this case, THG intensity increases with
interaction distance. On the contrary, when there is a phase mismatch Δ𝑘 ̸= 0, 𝐼3𝜔 ∝

𝐼3
1

(Δ𝑘/2)2 𝑠𝑖𝑛2(Δ𝑘𝐿
2 ) oscillates with L. Its amplitude is inversely proportional to the square

of the phase mismatch, and its period is Δ𝑘𝐿/2. THG reaches its maximum after an
interaction length 𝐿𝑐 = 𝜋/Δ𝑘, called coherence length.

THG with Focused Gaussian Beams

In THG microscopy, the fundamental beam is focussed onto the sample plane. The exci-
tation should be modelled as a focussed Gaussian beam rather than a plane wave. In this
case:

𝐴𝜔(𝑟, 𝑧) = 𝒜𝜔

1 + 𝑖𝜉
𝑒

− 𝑟2
𝜔2

0(1+𝑖𝜉) ,

with 𝜉 = 2𝑧

𝑏
, where 𝜔0 is the excitation beam waist or twice the lateral beam radius at

1/𝑒2 and 𝑏 = 𝑘𝜔2
0 is called the confocal parameter.

To solve the nonlinear wave equation, we use the trial solution: 𝐴3(𝑟, 𝑧) = 𝒜3𝜔

1+𝑖𝜉
𝑒

− 3𝑟2
𝜔2

0(1+𝑖𝜉) ,
which gives the dependency:

𝒜3𝜔(𝑧) = 𝑖3𝜔

2𝑛𝑐
𝜒(3)𝒜3

3𝜔𝐽(Δ𝑘, 𝑧0, 𝑧).

where

𝐽(Δ𝑘, 𝑧0, 𝑧) =
𝑧∫︁

𝑧0

𝑒𝑖Δ𝑘𝑧′

(1 + 2𝑖𝑧′

𝑏
)2 𝑑𝑧′

and 𝑧0 is the value of 𝑧 at the entrance of the 𝜒(3) medium.
In the case of a Gaussian beam tightly focused inside the nonlinear medium, the inte-
gration limits can be replaced by −∞ and +∞. The evaluation by contour integration
gives [55], (Figure 4.4):

𝐽(Δ𝑘, 𝑧0, 𝑧) =

⎧⎪⎨⎪⎩
0, for Δ𝑘 ≤ 0 (4.4)
𝜋𝑏2Δ𝑘

2 𝑒−𝑏Δ𝑘/2, for Δ𝑘 > 0 (4.5)

We find the surprising result that there is no signal in the case of perfect phase matching.
In order to obtain some intensity at the third harmonic wavelength, a positive phase
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Figure 4.4: Representation of the 𝐽(Δ𝑘, 𝑧0, 𝑧) integral in terms of the phase mismatch for the
case of strongly focused gaussian beams. Taken from [55].

mismatch is required. This phenomenon can be explained by considering the effect of
the Gouy phase shift, which is the 𝜋 radians cumulated axial phase shift experienced
by a Gaussian beam near its focus. The direction of the Gouy shift is opposite to the
propagation direction. An interpretation for the case of THG is the following. Three
excitation photons are coherently scattered close to the focal point. At this region, the
wavevectors are distributed symmetrically around the optical axis in a cone related to the
aperture angle of the focusing lens. In average, the off-axis component of the excitation
wavevectors cancels out due to cylindrical symmetry. Consequently, the three excitation
wavevectors add up to a resulting axial wavevector which is smaller than in the case of
collinear excitation wavevectors (plane waves). The momentum difference of the collinear
case and the effective axial projection of the excitation wavevectors case is the total
Gouy phase shift 3𝑘𝐺. This is illustrated in Figure 4.5 where 𝑘𝜔 is the magnitude of the
excitation wavevectors (shown in red) and 𝑘3𝜔 is the magnitude of the wavevector of the
THG signal (shown in purple). The axial projection of 𝑘3𝜔 is represented for the different
phase mismatch values. In the case of THG with strongly focused light, due to the shorter
resulting excitation wavevector, the two waves are phase matched when Δ𝑘 > 0. This
case is usually summarized by the following scalar expression: 3(𝑘𝜔 − 𝑘𝐺) − 𝑘3𝜔 = 0.
Most materials exhibit normal dispersion over the visible and infrared range: their refrac-
tive index decreases with increasing wavelength, resulting in Δ𝑘 < 0. As a consequence,
there is no THG signal in isotropic homogeneous normally dispersive media. This mech-
anism has important consequences for THG microscopy: THG images generally highlight
interfaces over a dark background.
THG signal in a homogeneous medium (i.e. not near an interface) can nevertheless be
obtained in the following cases. First, it is observed in the rare case of media presenting
anomalous dispersion. Second, it can be obtained in birefringent media if birefringence is
large enough to compensate for the Gouy phase shift. Calcite for instance, is a negative
uniaxial crystal (𝑛𝑒 ≤ 𝑛𝑜, where 𝑛𝑜 and 𝑛𝑒 are the ordinary and extraordinary refractive
indices respectively) and thanks to birefringence, types I, II and III phase matching asso-
ciated to an extraordinary harmonic index result in Δ𝑘 ≥ 0 [119]. Apart from these cases,
the main source of THG constrast in biological images arises from interfaces and hetero-
geneities which introduce a supplementary phase mismatch term. The intensity of the
generated signal depends both on the relative differences of the optical properties (𝜒(3) and
𝑛) of the two media and on the micrometer-scale geometry of the sample near focus. An
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Figure 4.5: Phase matching in THG. In the case of plane waves (a), the two waves are phase-
matched for Δ𝑘 ̸= 0. In the case of strongly focused Gaussian beams, the two waves are matched
when Δ𝑘 > 0. We remind the definition of the wave mismatch: Δ𝑘 = 3𝜔

𝑐
(𝑛𝜔 − 𝑛3𝜔).

analytical form of the THG signal can be derived for simple geometries such as a horizon-
tal interface, but numerical methods are more suited for more complex sample geometries.

In THG microscopy, the effective coherence length of the process can be expressed as:

𝐿𝐶,𝑒𝑓𝑓 = 𝜋

|3(𝑘𝜔 − 𝑘𝐺) − 𝑘3𝜔|
∝ 𝜋

3𝑘𝐺

.

This approximation is valid in the limit of strong focusing, where the effect of the Gouy
shift is dominant compared to dispersion [120]. Using numerical models, the authors
of [121] estimate the coherence length as 𝐿𝐶 ≈ 0.7λ.

THG is mostly forward directed [11], i.e. it propagates in the same direction as the
excitation light. In thick samples, however, THG can be conveniently epidetected by
taking advantage of incoherent backscattering of the forward-generated THG [122].
In biological tissues, lipid droplets have been identified as a strong source of THG contrast
[115] due to the strong optical contrast between lipids and water. For the same reason,
THG has been shown to be an effective technique for imaging myelin in the central nervous
system [123].

1.2.3 Resonance enhanced THG

In this section we discuss how THG signal can be enhanced in the presence of molecular
absorbers such as pigments. An illustration of this effect may be visible in early works
on THG microscopy: in [21], the authors reported images of plant samples where chloro-
plasts show clear contrast; in [124], the authors detected THG signals from red blood
cells. Although the possibility of resonant enhancement was not analyzed at the time,
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these images retrospectively suggest that THG enhancement could result from the strong
absorption of chlorophyll and hemoglobin at the third-harmonic wavelength. Later stud-
ies reported that the presence of hematoxylin, a commonly used dye in histology, enhance
THG contrast from nuclei [125], and that large THG signals are observed from hemozoin
pigments present in malaria-infected cells [126].
The possibility of THG enhancement near absorption bands was later more specifically
investigated in a few studies [127–129], where the authors performed spectral THG anal-
yses.
Indeed, THG can in principle be resonantly enhanced if real transitions exist at frequency
𝜔, 2𝜔 or 3𝜔, where 𝜔 is the illumination frequency. Using a formalism similar to the
one used in CARS microscopy, we can write the third-order susceptibility responsible for
THG in the form :

𝜒(3) = 𝜒
(3)
𝑛𝑜𝑛𝑟𝑒𝑠𝑜𝑛𝑎𝑛𝑡 + 𝜒

(3)
𝑟𝑒𝑠𝑜𝑛𝑎𝑛𝑡.

Figure 4.6: a) Energy level scheme. Real states are represented by solid lines and dashed
lines correspond to virtual energy levels. b) HbO2: third harmonic intensity spectrum (black
squares) plotted with the linear absorption at 3𝜔 (blue line). c) Hb: third harmonic intensity
spectrum plotted with the linear absorption at 2𝜔. d) Hb: third harmonic intensity spectrum
plotted with the linear absorption at 3𝜔. The signal is labelled THG ratio because THG from
the samples is normalized by a THG of a non-resonant sample in the same conditions. Adapted
from [129].

To describe the form of the resonant term, Clay et al. [128] and Chang et al. [129] proposed
the energy transition scheme in Figure 4.6.a. The density matrix formalism and the
perturbation theory give the expression:

𝜒
(3)
𝑟𝑒𝑠𝑜𝑛𝑎𝑛𝑡(3𝜔, 𝜔, 𝜔, 𝜔) = 𝒩

~3
𝜇𝑎𝑑𝜇𝑑𝑐𝜇𝑐𝑏𝜇𝑏𝑎

[(𝜔𝑑𝑎 − 3𝜔) − 𝑖𝛾𝑑𝑎][(𝜔𝑐𝑎 − 2𝜔) − 𝑖𝛾𝑐𝑎][(𝜔𝑏𝑎 − 𝜔) − 𝑖𝛾𝑏𝑎] ,

where 𝒩 is the atomic number density, 𝜇𝑙𝑚 is the electric dipole moment between states
𝑙 and 𝑚 and 𝛾𝑙𝑚 is the dephasing rate of the coherence between states 𝑙 and 𝑚. The
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quantities ~𝜔𝑑𝑎, ~𝜔𝑐𝑎 and ~𝜔𝑏𝑎 correspond to three-, two- and one-photon THG resonances
associated to real transition energies, respectively. The THG signal intensity associated
to the resonant term of 𝜒(3) is given by:

𝐼3𝜔 ∝
⃒⃒⃒
𝑃 (3)(3𝜔)

⃒⃒⃒2
∝

⃒⃒⃒
𝜒(3)

𝑟𝑒𝑠(3𝜔)
⃒⃒⃒2

∝ 1
[(𝜔𝑑𝑎 − 3𝜔)2 + 𝛾2

𝑑𝑎][(𝜔𝑐𝑎 − 2𝜔)2 + 𝛾2
𝑐𝑎][(𝜔𝑏𝑎 − 𝜔)2 + 𝛾2

𝑏𝑎] .

It can be shown [55] that the factors multiplying on the denominator are inversely pro-
portional to 𝐴𝑎𝑑, 𝐴𝑎𝑐 and 𝐴𝑎𝑏, absorbances at the third harmonic, second harmonic and
fundamental wavelengths. This means that the THG intensity is affected by an absorp-
tion effect at those three frequencies, as 𝐼3𝜔 ∝ 𝐴𝑎𝑑𝐴𝑎𝑐𝐴𝑎𝑏. This can be a single absorption
effect (there exists important absorption at one of the three frequencies) or a combined
effect (there is absorption at two or more frequencies). The results from [129] show that
oxyhemoglobin enhancement can be explained by absorption at the third harmonic only
(Figure 4.6.b), as the THG intensity correlates well with the linear absorption curve at
3𝜔. In the case of deoxyhemoglobin (Figure 4.6.c and 4.6.d), however, this absorption
curve does not explain the shape of the THG spectrum between 390 and 425 nm as shown
in Figure 4.6.d. The spectral shape correlates better with the linear absorption at 2𝜔
(Figure 4.6.c) suggesting that both absorptions on deoxyhemoglobin affect THG intensity
in this range.
This interpretation is consistent with the experimental measurements. However, these
studies did not get to imaging applications.

1.3 Third-order Sum Frequency Generation signal
In this section we introduce third-order sum frequency generation (TSFG), which can
be obtained when illuminating a nonlinear medium with two different frequencies. New
frequency components are generated in the induced third-order polarisation. Experimen-
tally, the two frequencies correspond to two laser beams represented by the electric field
amplitudes 𝐸1 (which we call the pump) and 𝐸2 (which we call the OPO beam), oscillat-
ing at frequencies 𝜔1 and 𝜔2, respectively.
The total incident field introduced in Section 1.2.2 can then be written as:

𝐸(𝑡) = 𝐸1𝑒
−𝑖𝜔1𝑡 + 𝐸2𝑒

−𝑖𝜔2𝑡 + 𝑐.𝑐..

And the induced third-order contribution to the nonlinear polarisation can be expressed
as:

𝑃 (3)(𝑡) = 𝜀0𝜒
(3)[𝐸1

3𝑒−𝑖3𝜔1𝑡 + 𝐸2
3𝑒−𝑖3𝜔2𝑡

+ 3𝐸1
2𝐸1

*𝑒−𝑖𝜔1𝑡 + 3𝐸2
2𝐸2

*𝑒−𝑖𝜔2𝑡 + 6𝐸1𝐸2𝐸1
*𝑒−𝑖𝜔2𝑡 + 6𝐸1𝐸2𝐸2

*𝑒−𝑖𝜔1𝑡

+ 3𝐸1
2𝐸2

*𝑒−𝑖(2𝜔1−𝜔2)𝑡 + 3𝐸2
2𝐸1

*𝑒−𝑖(2𝜔2−𝜔1)𝑡

+ 3𝐸1
2𝐸2𝑒

−𝑖(2𝜔1+𝜔2)𝑡 + 3𝐸2
2𝐸1𝑒

−𝑖(2𝜔2+𝜔1)𝑡

+ 𝑐.𝑐.].
(4.6)

As seen in Section 1.2.2, these terms act as the source term of the driven wave equation,
leading to electric fields oscillating at these new generated frequencies. The terms on the
first line correspond to frequencies 3𝜔1 and 3𝜔2, i.e. the THG of the incident frequencies.
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The terms on the second line are again intensity-dependent refractive index effects (we
can identify a product 𝐸𝑖𝐸

*
𝑖 = 𝐼𝑖 followed by a field oscillating at one of the incident

frequencies). The terms on the third line of the expression can be referred to as third-order
difference frequency generation (TDFG), we will not focus our interest in them because
they are out of the wavelength detection range of our microscope. We are concerned
about the last terms, oscillating at frequencies 2𝜔1 + 𝜔2 and 2𝜔2 + 𝜔1, which are called
third-order sum frequency generation (TSFG) signals. The energy transition schemes are
represented in Figure 4.7, summarizing that with two lasers, four different energy sums
are available.

Figure 4.7: The four possible resulting frequencies in third-order sum frequency generation.
THG can be understood as a degenerated TSFG.

A first report of TSFG imaging was presented by Sagawa et al [130]. With a subnanosec-
ond pulsed laser source and a supercontinuum, the authors obtained TSFG signals in
combination with CARS, SHG and THG. They could observe TSFG in yeast cells despite
the fact that their system was not optimized for imaging. Later on, the same group used
this method to acquire TSFG spectra of different samples, including hemoglobin [131].
More recent studies have presented further analyses of TSFG for imaging applications.
Potma et al. [132], focused on its sensitivity to vibrational levels. They worked in the
C-H stretching range (2800 to 3000 cm−1, [3.6, 3.3] µm, respectively), and reported the
first TSFG images with vibrational contrast (resonance enhancement). Their study also
showed spectral profiles obtained from images of lipids exhibiting resonant peaks. Using
an improved setup with better spatial resolution [133], they successfully obtained vibra-
tional images of biological objects such as lipid droplets. In this study, TSFG is combined
with second-order sum frequency generation (SFG) and CARS signals, which provide
complementary vibrational information.
Interestingly, Potma et al. reported that TSFG can be detected in bulk media in the mod-
eratly focused regime, unlike the case of THG [132,133]. To understand this observation,
we can write the wavevector mismatch that needs to be cancelled in each case:

• THG at 3𝜔1:
3(𝑘𝜔1 − 𝑘𝐺) − 𝑘3𝜔1 = 3𝜔1

𝑐
(𝑛𝜔1 − 𝑛3𝜔1) − 3𝑘𝐺

• TSFG at 2𝜔1 + 𝜔2:
2𝑘𝜔1 + 𝑘𝜔2 − 3𝑘𝐺 − 𝑘2𝜔1+𝜔2 = 1

𝑐
[2𝜔1𝑛𝜔1 + 𝜔2𝑛𝜔2 − (2𝜔1 + 𝜔2)𝑛2𝜔1+𝜔2 ] − 3𝑘𝐺

• TSFG at 𝜔1 + 2𝜔2:
𝑘𝜔1 + 2𝑘𝜔2 − 3𝑘𝐺 − 𝑘𝜔1+2𝜔2 = 1

𝑐
[𝜔1𝑛𝜔1 + 2𝜔2𝑛𝜔2 − (𝜔1 + 2𝜔2)𝑛𝜔1+2𝜔2 ] − 3𝑘𝐺
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where we assumed that the two beam geometries (and Gouy shifts) are the same. From
this expressions it can be seen that in the case of THG at 3𝜔1 or at 3𝜔2, isotropic nor-
mally dispersive media produce negative phase mismatch, preventing bulk signal. In the
case of TSFG, however, even if the medium is normally dispersive, this dispersion could
compensate for the Gouy shift and result in bulk TSFG signal. Although this is true in
general, for tightly focused beams the Gouy shift is expected to dominate over dispersion.
This is the case of our microscopy experiments described in the next sections, where we
never observed bulk TSFG. We can therefore consider that in a high-NA microscope, the
TSFG contrast mechanism is generally similar to that of THG, i.e. it highlights interfaces
and heterogeneities.

Figure 4.8: (Top) Intensity-normalized spectrograms obtained from a subdiffraction limited
KNbO3 nanoparticles upon simultaneous 1045 and 1300 nm illumination. Direct harmonic sig-
nals (SHG, THG, fourth harmonic generation (FHG), fifth harmonic generation (FiHG)) appear
as continuous vertical stripes as they do not depend on the relative pulse delay Δt, contrary
to signals generated by the superposition of the 1045 and 1300 nm pulses (second order sum
frequency generation (SFG) and four wave mixing processes: TSFG and TDFG) which display
a clear Δt dependence. Note the absence of supercontinuum background and luminescence in
the response. (Center) Photon-combinations leading to each distinct spectral element of the
response. (Bottom) Simulated spectrograms. Adapted from [134].

In an even more recent study, Campagne et al [134] measured up to ten different co-
herent signals from nonlinear nanoparticles as a result of the mixing of two illumination
wavelengths (Figure 4.8). They represent the coherent signals as a function of their wave-
lengths and of the temporal delay Δ𝑡 between the two laser beams. The signals generated
by a single laser beam (vertical traces with no dependence on Δ𝑡) are easily distinguished
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from those depending on both illumination wavelengths. Indeed, the latter are maxi-
mized when the two beams are synchronized and vanish without temporal overlap. This
demonstration is particularly elegant, although the experimental setup in this study was
not optimized for imaging.
Apart from these few studies, TSFG has not been explored as a contrast modality for
microscopy. In the next sections, we describe original developments achieved during this
thesis project. First, we describe the implementation of a new strategy for one-shot colour
TSFG-THG imaging on an OPO-based microscope, and a systematic study of the signals
as a function of experimental parameters. Then, we report a spectral study of hemoglobin
TSFG-THG signals revealing the presence of absorption-induced resonances. Finally, we
investigate the potential of this new contrast for blood imaging applications on OPO-
and OPA-based setups. From now on, we will use the term TSFG microscopy to refer to
the use of two-beam excitation resulting in the generation of four signals: THG1, TSFG1,
TSFG2 and THG2 as defined in Figure 4.7.

2 Experimental characterisation of TSFG microscopy
In this section, we present the implementation of an efficient strategy for colour TSFG
imaging on an OPO-based microscope. We then present a systematic study of the detected
signals as a function of experimental parameters such as average power, pulse duration,
incident polarisation and chromatic aberrations.

2.1 Description of the microscope
We first implemented TSFG imaging on a laser scanning microscope equipped with a
wavelength tunable laser source that allows spectral analysis.

• Laser source. The illumination source was a commercial dual-output femtosecond
OPO system (InSight X3, Spectra Physics) operating at 80 MHz repetition rate.
The tunable (OPO beam) output on this laser is linearly polarized and tunable over
the 680 - 1300 nm wavelength range. A dispersion pre-compensation system is also
included in the laser, enabling to compress the pulse to a duration of ≈120 fs on
the sample plane. The second output is derived from the fixed-wavelength pump.
It provides a linearly polarised beam at a wavelength of 1045 nm (the pump beam)
with 190 fs (80 MHz) pulses and a maximum average power of 5 W.

• Beam conditioning paths. The beam injection paths were redesigned to enable
wavelength mixing and therefore TSFG imaging. As shown in Figure 4.9, the beams
go through a power control system consisting of a motorized half wave plate and a
polarizing beam splitter. The size and divergence of the beams are then adjusted
with independent telescopes. Achromatic lenses (ACH-NIR 25x50 NIR-II, Edmund
Optics) were installed to ensure good transmission over the whole available excita-
tion wavelength range.
A motorized, 22 cm long delay line (ODL220/M, Thorlabs) adding a maximum of
44 cm delay (in equivalent light-travelled distance) is available in the pump beam
path. The relative delay between the two beams at the output of the laser varies
from 0.99 to 1.23 m depending on the wavelength of the OPO. The delay line was
aligned and calibrated to allow beam synchronisation at the sample plane over the
entire wavelength range of the OPO.
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Figure 4.9: OPO-based excitation scheme for TSFG experiments. HWP: half-wave plate; PBS:
polarising beam splitter; DM: dichroic mirror; DL: delay line.

Finally, the two beams were combined by a dichroic mirror (NFD01-1040-25x36,
Semrock) transmitting all the wavelengths of the OPO except for a narrow (≈70 nm)
band centered at 1040 nm which reflects the pump. Two mirrors on each beam
enabled to independently adjust their position and angle at the entrance of the
microscope.

• Microscope. The structure of this microscope (also designed by Pierre Mahou
in our laboratory) used for the OPO-based experiments was similar to the one de-
scribed in Chapter 2. Beam scanning was performed by a pair of non-resonant
confocal galvanometric mirrors. The same water immersion objective was used
(XLPLN25XWMP2, Olympus, 1.05 NA, 2 mm working distance), and mounted on
a motorized axial stage.

Figure 4.10: Transmission response of the condenser of our microscope. The other optics used
in the microscope exhibit similar transmission with a strong decreased at λ . 370 nm.

• Detection of TSFG and THG signals.

100



2. Experimental characterisation of TSFG microscopy

We generally performed colour TSFG experiments by combining the pump wave-
length λ1 = 1045 nm and the OPO tuned to λ2 = 1300 nm. The resulting four
wavelengths generated are then:

λ𝑇 𝐻𝐺1 = λ1

3 ≈ 348 nm λ𝑇 𝐻𝐺2 = λ2

3 ≈ 433 nm

λ𝑇 𝑆𝐹 𝐺1 =
(︂ 2
λ1

+ 1
λ2

)︂−1
≈ 373 nm λ𝑇 𝑆𝐹 𝐺2 =

(︂ 1
λ1

+ 2
λ2

)︂−1
≈ 401 nm

(4.7)

These are the same four wavelengths labelled as THG and TSFG in Figure 4.8.
Transmission of the detection optics (condenser, lenses) is strongly reduced in the
UV range for wavelengths shorter than λ = 370 nm, as seen in Figure 4.10. There-
fore, detection of THG1 was not practical and we focussed on the three remaining
signals. We implemented three independent detectors in the transmission path to
allow the simultaneous detection of TSFG1, TSFG2, and THG2. We chose lenses
with good transmission down to 370 nm (25mm Dia. UV-VIS coated, Near UV
achromatic Lens, Edmund Optics). The detectors used in this microscope were
PMTs operating in photon counting mode (P25PC, Sens-tech, UK ).

To ensure that we were specifically detecting the coherent signals of interest, we
used narrow bandpass filters: 370 ± 5, 400 ± 6, 434 ± 8.5nm. For comparison, the
laser spectral widths are less than 10 nm resulting in a spectral width of ≈ 3 nm for
the third-order signals. As shown in Figure 4.11, the detection path splits the signal
using two dichroic mirrors centered at 414 and 389 nm. The exact references of
the filters and the dichroic mirrors were: FF01-373/10-25, FF01-400/12-25, FF01-
434/17-25, FF414-Di01-25x36 and FF389-Di01-25x36, Semrock.

Figure 4.11: Schematic view of the three forward detection channels and filters.

2.2 Alignment Procedure
In this section we describe the alignment procedure required to obtain TSFG by mixing
the pump (λ1 =1045 nm) and the OPO (λ2 =1300 nm). This experiment requires a pre-
cise spatial 3D co-alignment and temporal synchronisation of the two excitation beams.
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The sample used for co-alignment consists of multicolour labelled beads (1 µm of diame-
ter (TetraSpeck Microspheres 1 µm, ThermoFisher Scientific)) embedded in agarose and
mounted between a slide and a coverglass.

1. Power, spatial resolution and spatial overlap
First of all, we adjusted the telescope on the OPO path to get the maximum axial
resolution without losing power. The divergence of the pump beam was adjusted
using the telescope to match the focal planes of the pump and the OPO beams.
Their axial mismatch was measured by imaging a single bead with the two beams.
In Figure 4.12, the axial profiles of one bead demonstrate a good axial overlap.

Figure 4.12: Axial profile of a single 1 µm bead accounting for the axial resolution and co-
alignment of the two excitation beams.

The measured axial resolutions were 2.2 µm and 2.1 µm for the pump and OPO,
respectively. The z-mismatch was smaller than these measured resolutions. The
maximum power available at the sample plane was 1.03 W for the pump (at 1045 nm)
and 95 mW for the OPO (at 1300 nm).
To obtain a precise lateral co-alignment of the beams, we imaged one bead at the
center of the FOV with the two beams. Both signals were detected on the same
channel and we adjusted the injection mirrors to make the two images overlap.

2. Temporal synchronisation
To detect TSFG, the two excitation pulses must be synchronized with the delay line.
First, a water-glass interface was placed at the focal plane (which can be done with
THG imaging of the OPO beam). Then, the delay line was swept while imaging
continuously to find the position at which the two beams overlap in time, giving
rise to TSFG. Finally, fine tuning maximizes this signal as shown in Figure 4.13.

2.3 TSFG signal characterisation
In this section we analyse the dependence of THG and TSFG on the laser parameters.
In the following calculations, P1, I1, 𝜔1 and τ1 stand for the average power, intensity,
frequency and pulse duration of the pump, respectively, whereas P2, I2, 𝜔2 and τ2 are
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Figure 4.13: TSFG and THG signals (373, 401 and 433 nm) excited at λ1 =1045 nm and
λ2 =1300 nm measured on a water-glass interface depending on the delay line position. TSFG
signals decay rapidly with delay when desynchronizing the pulses.

the average power, intensity and frequency of the OPO beam, respectively. We consider
common repetition rate 1/𝑇 and a temporal gaussian profile:

𝐼1(𝑡) = 𝐼0
𝑇

τ1

1√
2𝜋

𝑒
−

𝑡2

2τ2
1 .

The average excitation intensity is:

⟨𝐼1⟩ =

+𝑇/2∫︁
−𝑇/2

𝐼1(𝑡)𝑑𝑡

𝑇/2 − ( − 𝑇/2) = 𝐼0
𝑇

τ1

1
𝑇

√
2𝜋

+𝑇/2∫︁
−𝑇/2

𝑒
− 𝑡2

2τ2
1 𝑑𝑡 = 𝐼0.

We assume that there is no interaction between pulses, thus τ1 ≪ 𝑇 . In this case the

integral limits can be extended to ±∞. We have then used the result
+∞∫︁

−∞

𝑒−𝛼𝑡2
𝑑𝑡 =

√︁
𝜋/𝛼

with 𝛼 = 1/2τ2
1.

Now we calculate the THG signal at 3𝜔1. The detection averages the signal, thus:

𝑆𝑇 𝐻𝐺1 ∝ ⟨𝐼3
1 ⟩ =

(︂
⟨𝐼1⟩

𝑇

τ1

)︂3 1
(
√

2𝜋)3

1
𝑇

+𝑇/2∫︁
−𝑇/2

𝑒
− 3𝑡2

2τ2
1 𝑑𝑡 =

(︂
𝑇

τ1

)︂2
⟨𝐼1⟩3 1

2𝜋
√

3
,

in accordance to the expressions presented in Table 1.1 in Chapter 1.
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Using similar calculations for the two other signals, we obtain the following expressions:

𝑆𝑇 𝐻𝐺1 ∝
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τ1

)︂2
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(4.8)

These expressions can be written in terms of the average power of the lasers:
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(4.9)

In the two following sections, we provide an experimental demonstration of the dependence
of these signals on laser power and pulse duration.
We define two working modes on the microscope:

• Single-beam THG mode. In this mode, only the OPO beam is used. This allows
to retrieve spectral information sequentially by tuning the excitation wavelength.

• Wavelength mixing mode. In this mode, the OPO beam is set to λ2 = 1300 nm
and overlapped with the pump (λ1 = 1045 nm) to produce TSFG. Three images
are detected simultaneously at λ𝑇 𝑆𝐹 𝐺1 = 373 nm, λ𝑇 𝑆𝐹 𝐺2 = 401 nm and λ𝑇 𝐻𝐺2 =
433 nm. The narrow detection filters described previously are used in this mode.
The fourth generated signal at λ𝑇 𝐻𝐺1 = 348 nm is not well transmitted by the optics
on the detection system (Figure 4.10) and thus it is not used in this work.

2.3.1 Dependence on the excitation power

One first feature that we experimentally confirmed is the dependence of the signals on the
excitation laser power. This demonstration is relatively easy to achieve in wavelength mix-
ing mode. We detected simultaneous TSFG1, TSFG2 and THG2 signals from polystyrene
beads mounted in an agarose gel. We recorded series of such images while varying the
excitation laser power.
The measured signals were fitted with a power law 𝑆 ∝ 𝑃 𝜅. Figure 4.14.a shows the vari-
ation of the three signals when increasing the pump power 𝑃1. As expected, the THG2
signal does not depend on this beam (power law 𝜅 = 0). On the other hand, the two
TSFG signals increase with a power law of order 𝜅 ≈ 1 and 𝜅 ≈ 2 corresponding to the
number of pump photons involved in the processes. Indeed, the signal resulting from
the sum 2𝜔𝑃 + 𝜔𝑂𝑃 𝑂 (at λ𝑇 𝑆𝐹 𝐺1 = 373 nm) depends quadratically on the pump power
whereas the signal resulting from the combination 𝜔𝑃 + 2𝜔𝑂𝑃 𝑂 (at λ𝑇 𝑆𝐹 𝐺2 = 401 nm)
grows linearly with the pump power, as shown by equations 4.9.
Similarly, Figure 4.14.b presents the behaviour of the three signals with increasing OPO
power 𝑃2. This beam being involved in the three processes, all power law orders are
different from zero. As expected, 𝜅 ≈ 1 for the sum at λ𝑇 𝑆𝐹 𝐺1 = 373 nm and 𝜅 ≈ 2 for
the second TSFG signal at λ𝑇 𝑆𝐹 𝐺2 = 401 nm. In the case of THG2, we retrieve the cubic
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2. Experimental characterisation of TSFG microscopy

Figure 4.14: Signal dependence on the average power of the pump P1 (a) or of the OPO P2
(b). The THG and TSFG signals were measured on 1 um polystyrene beads.

power law (𝜅 ≈ 3) as expected.

Together, these experiments validate the power dependence of the signals and demonstrate
the detection of TSFG using wavelength mixing.

2.3.2 Dependence on pulse duration

The aim of this section is to experimentally validate that the signal dependence on the
relative pulse duration of the two beams is governed by the expressions 4.9. This verifica-
tion is less straightforward than in the previous section because we do not have a direct
control on the duration of the pulses.
The strategy here is to compare images acquired in the two different working modes,
single-beam THG and wavelength mixing, at the two TSFG wavelengths, λ𝑇 𝑆𝐹 𝐺1 =
373 nm and λ𝑇 𝑆𝐹 𝐺2 = 401 nm.

We can simplify Eq. 4.9 assuming ⟨𝑃1⟩ = ⟨𝑃2⟩ = 1 and compare the signal acquired at the
same detection wavelength with different modes: wavelength mixing (S𝑚𝑖𝑥) and single-
beam THG (S𝑇 𝐻𝐺). The detection wavelength is indicated in brackets. With this nota-
tion, 𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺1=373 nm) is the THG signal excited at 1120 nm, and 𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺2=401 nm)
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is the THG signal excited at 1200 nm as represented in the energy schemes in Figure 4.15.a.
We obtain the following expressions:

𝑆𝑚𝑖𝑥(λ𝑇 𝑆𝐹 𝐺1)
𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺1) = 9

√
3 𝛼√︁

1/𝛼2 + 2
𝑆𝑚𝑖𝑥(λ𝑇 𝑆𝐹 𝐺2)
𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺2) = 9

√
3 𝛼√

𝛼2 + 2 (4.10)

where we have defined 𝛼 ≡ τ2/τ1 = τ𝑂𝑃 𝑂/τ𝑝𝑢𝑚𝑝. These two expressions are plotted in
Figure 4.15.b and reflect the enhancement factor for mixing TSFG signals compared to
single-beam THG excitation. We observe that for 𝛼 = 1 (τ1 = τ2), the two TSFG signals
present the same enhancement factor. This corresponds to an experimental situation
where temporal overlap is optimized.

Figure 4.15: Variation of the mixing TSFG signal to single-beam THG signal ratio as a
function of 𝛼 (the ratio of the pulse duration of the two excitation beams).

In this analysis, we have assumed that τ𝑂𝑃 𝑂 is constant through the entire OPO wave-
length range. However, this is not the case in our microscope. To estimate the effective
value of τ𝑂𝑃 𝑂 for our system, we measured the pulse duration at the sample plane as
a function of λ𝑂𝑃 𝑂. These measurements are shown in Figure 4.16 for the wavelength
range concerning this project. The pulse duration measured on the optical table is also
displayed. The difference between the two curves reflect the dispersion induced by the
microscope.
The pulse duration not being constant for the different wavelengths, a correction must
be added to expressions 4.10. Then, the effective enhancement factors 𝑓TSFG1 and 𝑓TSFG2

become:

𝑓TSFG1 = 𝑆𝑚𝑖𝑥(λ𝑇 𝑆𝐹 𝐺1)
𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺1) = 9

√
3 𝛼′𝛽′√︁

1/𝛼2 + 2
𝑓TSFG2 = 𝑆𝑚𝑖𝑥(λ𝑇 𝑆𝐹 𝐺2)

𝑆𝑇 𝐻𝐺(λ𝑇 𝑆𝐹 𝐺2) = 9
√

3 𝛼′′𝛽′′
√

𝛼2 + 2
(4.11)

where 𝛼 ≡ τ𝑂𝑃 𝑂1300

τ𝑝𝑢𝑚𝑝

= 0.608, 𝛼′ ≡ τ𝑂𝑃 𝑂1120

τ𝑝𝑢𝑚𝑝

= 0.475, 𝛼′′ ≡ τ𝑂𝑃 𝑂1200

τ𝑝𝑢𝑚𝑝

= 0.529,

𝛽′ ≡ τ𝑂𝑃 𝑂1120

τ𝑂𝑃 𝑂1300

= 0.781 and 𝛽′′ ≡ τ𝑂𝑃 𝑂1200

τ𝑂𝑃 𝑂1300

= 0.460 from the measurements in Figure 4.16.
The resulting enhancement factors of the two TSFG signals at λ𝑇 𝑆𝐹 𝐺1 = 373 nm and
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2. Experimental characterisation of TSFG microscopy

Figure 4.16: Autocorrelator measurements on the optical table and on the sample plane in
function of the wavelength. The isolated points at 1045 nm correspond to the pump, which does
not include a dispersion compensation element. The joined series of points spanning from 1120
to 1300 nm are measurements on the OPO. The pre-compensation system was tuned to achieve
the shortest pulses at the sample plane to maximize the signals.

λ𝑇 𝑆𝐹 𝐺2 = 401 nm with respect to the single-beam THG signals at the same wavelengths
(i.e. excited with the OPO set at 1120 and 1200 nm, respectively) are:

𝑓𝑇 𝑆𝐹 𝐺1 = 9
√

3 𝛼′𝛽′√︁
1/𝛼2 + 2

≈ 2.7 𝑓𝑇 𝑆𝐹 𝐺2 = 9
√

3 𝛼′′𝛽′′
√

𝛼2 + 2
≈ 4.7 (4.12)

The dependence of the signals on the relative duration of the pulses can be evaluated
by comparing these predicted values to the ratios of images taken with the two different
acquisition modes. Two images were acquired simultaneously at 373 and 401 nm in wave-
length mixing mode (with the OPO set at λ2 = 1300 nm) and two additional images were
acquired at the same detection wavelengths sequentially in single-beam THG mode (with
no pump and with the OPO tuned to 1120 and 1200 nm, respectively). As a control, we
also recorded the image at 433 nm in the wavelength mixing mode and compared it with
a supplementary image at the same detection wavelength acquired in single-beam THG
mode (OPO set to λ2 = 1300 nm and no pump). The corresponding enhancement factor
can be defined as:

𝑓𝑇 𝐻𝐺2 = 𝑆𝑚𝑖𝑥(λ𝑇 𝐻𝐺2)
𝑆𝑇 𝐻𝐺(λ𝑇 𝐻𝐺2) = 1 (4.13)

This ratio is equal to one because the signals detected at 433 nm using both configura-
tions (𝑆𝑚𝑖𝑥(λ𝑇 𝐻𝐺2) and 𝑆𝑇 𝐻𝐺(λ𝑇 𝐻𝐺2)) are in fact both single-beam THG signals. Three
resulting images were computed by dividing the wavelength mixing TSFG images by the
single-beam THG images at the corresponding wavelengths. To avoid chromatic aberra-
tions effects (studied later in this chapter) only the central 1/3 of the FOV was considered
for this analysis. In Figure 4.17, the pixel distribution of these three ratio images is pre-
sented. A gaussian fit was performed on the histograms to determine the measured values.
The half with at half maximum of the fitted curves can account for the uncertainties in
this measurement. Hence, the measured values of the enhancement factors are:

𝑓𝑇 𝑆𝐹 𝐺1 = 2.50 ± 0.66 𝑓𝑇 𝑆𝐹 𝐺2 = 4.33 ± 1.38 𝑓𝑇 𝐻𝐺2 = 0.96 ± 0.19 (4.14)
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Figure 4.17: Pixel value distribution of the ratio mixing/single-beam-THG images for the
three wavelengths.

We see that the experimental measurements of the enhancement factors are very close to
the numerical calculation in Equations 4.12 and 4.13.

We conclude that these results confirm our theoretical prediction of the dependence of
TSFG signals on the pulse duration of the two beams: matching the pulse duration is a
means to optimize these signals; alternatively, mismatching the pulse duration could be
a way to change the ratio between the two TSFG signals.

2.3.3 Effect of the polarisation directions

In this section, we briefly investigate the effect of the relative incident polarisations of the
two excitation beams on TSFG signal. For this purpose, we introduced a HWP in the
OPO path. The orientation of the linear polarisation of this beam was turned relatively
to the orientation of the pump polarisation while acquiring images in wavelength mixing
mode. The resulting signal modulation is shown in Figure 4.18.

Figure 4.18: Effect of the relative polarization of the excitation beams on TSFG signals.
TSFG1, TSFG2 and THG2 signals measured on a zebrafish RBC as a function of the relative
polarization between excitation beams. TSFG signals are maximized for parallel polarizations
of the excitation beams.

This measurement indicates that TSFG signals are maximized when the polarisations of
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2. Experimental characterisation of TSFG microscopy

the two excitation beams are parallel, and minimized when they are orthogonal. We note
that polarization states were not perfectly linear in this experiment. Indeed, THG signal
is not expected to change when rotating the OPO polarisation. The observed ≈ 30% THG
modulation is in fact due to polarization ellipticity. We confirmed this hypothesis using
a polarimeter (a polariser and a power meter placed on the sample plane). Polarization
ellipticity was measured for each position of the HWP as 𝜖 = 𝑃𝑚𝑎𝑥/𝑃𝑚𝑖𝑛, where 𝑃𝑚𝑎𝑥 and
𝑃𝑚𝑖𝑛 are the maximum and minimum values on the modulation curve measured at the
sample plane. Measured ellipticities are shown in Figure 4.19.

Figure 4.19: Ellipticity for each of the angles of the HWP, exceeding 25 % in some cases.

Nevertheless, this investigation confirms that TSFG should generally be implemented
with parallel beam polarisations to maximize signal.

2.3.4 Effect of chromatic aberrations

To finalise the characterisation of TSFG as a function of the experimental microscope
parameters, we analysed the effect of chromatic aberrations. From the past expertise of
our laboratory, we knew that in two-photon wavelength mixing experiments, chromatic
aberrations limit the usable lateral field of view (FOV), i.e. the FOV where the mixing
process is efficient. Here, because we work with a third-order contrast mechanism, we
anticipated that chromatic aberrations can significantly reduce the usable FOV.
We estimated the axial resolution degradation and the chromatic shift between the two
beams depending on the position within the FOV. For this purpose, a 3D distribution of
multicolour 1 µm beads in an agarose gel was imaged sequentially with the two laser beams
as z-stacks. The images were then analysed with an automated multi-PSF metrology code
previously developed in our laboratory [135]. Its principle is to localize a large number
of beads in the imaged volume, and to measure the axial dimension of the PSF for each
beam at all positions in the image. The code also calculates the chromatic lateral shift
of the beams from the spatial shift of the two images. Figures 4.20 and 4.21 show the
results for x and for y directions respectively.
In both cases, we observe that 𝛿𝑧 starts to be degraded at a distance of ≈ 230 µm from the
center of the FOV. Given that the FOV dimensions are 770 x 770 µm2 in this microscope,
no axial resolution degradation was observed in the central ≈ 60 % region of the FOV.
The degradation in the edges is probably due to the mirror placed between the scanners

109



Chapter 4. TSFG imaging of red blood cells

Figure 4.20: Statistical measurement of the axial PSF and its lateral degradation away from
the center of the FOV along x in the case of the pump (a) and of the OPO at 1300 nm (b).
Chromatic shift of the two lasers along x (c).

Figure 4.21: Statistical measurement of the axial PSF and its lateral degradation away from
the center of the FOV along y in the case of the pump (a) and of the OPO at 1300 nm (b).
Chromatic shift of the two lasers along y (c).
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and the objective resulting in vignetting of the beams. This mirror may also be respon-
sible for the smaller FOV observed along x compared to y. Indeed, its rectangular shape
clips the beam in the x direction for lower scan angles than in the y direction. Figures
4.20.c and 4.21.c indicate that there is a maximum lateral shift between the two beams
of 0.4 µm. In what follows, we analyse the effect of this lateral shift on TSFG signals.

To understand the effect of this chromatic shift on TSFG, we first performed a simple
simulation. We considered a 1D model in which the excitation beams are represented by
their gaussian spatial profiles. In Figure 4.22, the two laser Gaussian profiles are plotted
with no lateral shift and with the maximum measured lateral shift of 0.4 µm (obtained
from Figures 4.20.c and 4.21.c).

Figure 4.22: Pump and OPO Gaussian distributions coaligned (left) and with a 0.4 µm lateral
shift (right). The FWHM are ≈ 1.4 µm and ≈ 1 µm for the pump and OPO respectively. The
normalisation constant was arbitrarily chosen such that the two THG signals are normalised.

Nonlinear signal distributions are obtained as the product of these Gaussian functions
raised to the number of photons involved in the process. For example, the signal dis-
tribution at λ𝑇 𝑆𝐹 𝐺1 is the product of the pump Gaussian profile squared and the OPO
Gaussian profile. Figure 4.23 represents the triple products which can be understood as
the amplitudes of the generated signals. The FWHM used to build these Gaussian profiles
were deduced from measured 2P lateral resolutions (𝛿𝑥𝑦 ≈ 1 µm for the pump and 𝛿𝑥𝑦 ≈
0.7 µm for the OPO) on beads from the images discussed above. With lateral mismatch
of the two lasers, the TSFG signals are less efficient whereas the THG signals remain
constant.
The resulting signal in each case is given by the integral of this triple product. Figure
4.24 shows the integral of the signal Gaussian profiles in Figure 4.23. This corresponds to
the acquired signal and depends on the lateral shift. All the signals have been normalized
to enable comparisons.
According to this simulation, at the edges of our FOV where the lateral shift reaches
0.4 µm, the TSFG signal is expected to drop to ≈ 80 % of its value at the center of the
FOV.

To check if this model explains the TSFG signal loss at the edge of the FOV, we compared
this last result with experimental data. Figure 4.25 shows the x and y profiles of the
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Figure 4.23: Third order product combination of the Gaussian excitations in Figure 4.22 with
no shift and with a 0.4 µm lateral shift. The normalization constant was arbitrarily chosen such
that the two THG signals are normalized.

Figure 4.24: Integral of the third order products shown in Figure 4.23 for a shift comprised
from 0 to 0.4 µm. The curves were normalised to 1.

z-projection of the wavelength mixing mode signals obtained by scanning a horizontal
water-glass interface.
Figure 4.26 shows TSFG profiles of Figure 4.25 normalized by the THG signal. The TSFG
signals drop is on the same order of magnitude as the one predicted by the model, which
confirms the model validity for evaluating the effects of chromatic aberrations.
Overall, this investigation of chromatic aberrations shows that they have a limited effect
in our experimental setup. This good performance is certainly due to the choice of the
objective lens. We nevertheless observe a significant loss of signal at the edges of the FOV
that is not due to chromatic aberrations but could be due to beam vignetting during
scanning. To circumvent this limitation we can either limit the imaging to the center of
the FOV or compensate for this non-homogeneous response by image post- processing
(see Section 3.2).
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Figure 4.25: THG and TSFG profiles along x and y through the FOV, acquired as the z-
projection of a water-glass horizontal interface.

Figure 4.26: THG and TSFG profiles along x and y through the full FOV, normalized by the
THG.

Together, with the results presented in this section we confirmed that we implemented an
efficient experimental method providing one-shot (simultaneous) imaging of three TSFG-
THG signals at different wavelengths. We analysed how to optimise its efficiency by
adjusting the beam overlap and synchronisation, the incident polarisation and correcting
for inhomogeneous signal distribution within the FOV.

3 Specific and functional TSFG imaging of hemoglobin
in RBCs in vivo

In the followings sections, we present the application of TSFG for imaging hemoglobin
in vivo. In Section 3.1, we first measure single-beam THG spectra of fully oxygenated
and fully deoxygenated RBCs and we evidence THG resonance near the Soret band. We
then show that our colour TSFG method has the potential to probe three wavelengths
simultaneously, and to retrieve spectral information in a one-shot experiment. In Section
3.2, we show that TSFG can be used for selective blood detection in live zebrafish embryos
with high temporal resolution. In Section 3.3, we show that TSFG can be used to monitor
RBC oxygenation state in live zebrafish embryos. For this work, we used the same optical
setup as presented in the previous section. Finally, in Section 3.4, we adapt our TSFG
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method to epidetected imaging in the OPA-based 3P microscope presented in Chapter
2, and we show that TSFG can be applied to deep-tissue blood imaging in live zebrafish
adults.

3.1 Third order signal enhancement in the Soret bands
We have seen in Figure 4.1 that the linear absorption spectrum of hemoglobin presents
a strong absorption peak centered at 415 nm when it is in its oxygenated state and at
430 nm when it is in its deoxygenated state. Here, we want to test if these absorption
peaks of hemoglobin could resonantly enhance THG in a wavelength-dependent manner,
and account for the RBC signal reported in a few studies such as [129]. If such a resonance
is present, a second question is whether a significant difference can be detected between
the two oxygenation states of hemoglobin which could be used for functional THG imaging
(Sections 3.1.1 and 3.1.2). Finally, we want to explore the possibility of using TSFG to
retrieve this spectral information in RBCs through a simultaneous measurement at three
wavelengths (Section 3.1.3).

3.1.1 Isolated RBCs sample preparation

We measured THG spectra of RBC from two different species: human and zebrafish.
One important difference between the two is that zebrafish RBCs have a nucleus, unlike
mammalian RBCs. The preparation protocol to obtain RBCs in fully oxygenated and
fully deoxygenetated states was established by Michel NÃ©grerie, INSERM researcher at
LOB, and is described below.

• Human RBCs
Fresh whole blood samples from different anonymised patients were purchased (Cerba
Xpert) and received at the laboratory. As we have presented in Section 1.1, RBCs
have naturally the ability of storing oxygen. Their hemoglobin is therefore in an
oxygenated state at atmospheric pressure. This was confirmed with a linear spec-
trophotometer (Shimadzu UV-1700, Pharmaspec), and thus no special preparation
is needed to obtain oxyhemoglobin. The cells were embedded in an agarose gel
(≈ 19 µL of blood in 500 µL of gel) to prevent them from moving during image
acquisition. Low melting agarose (𝑇𝑐𝑜𝑛𝑔𝑒𝑎𝑙𝑖𝑛𝑔 = 26 °C to 30 °C) was used to keep
the cells at physiological temperature. The gel was a 2 % agarose solution: 2 g of
agarose for 100 mL of Ringer’s solution (an isotonic solution for RBC). The gel was
mounted in a channel slide (𝜇-Slide Luer Glass Bottom, IBIDI ) as represented in
Figure 4.27. The channel thickness was 0.4 µm with the top made of a #1.5 glass
coverslip (≈ 170 µm). Two inlets allowed the filling of the chamber and were then
sealed with caps.
To obtain RBCs in deoxygenated state, the oxygen molecules need to be forced out
of the hemoglobin. This was achieved with the help of Michel NÃ©grerie. The iso-
tonic solution containing RBCs in agarose was degassed and put under argon while
kept at 42 °C. A solution of sodium hydrosulfite (Na2S2O4, 92 mM in Ringer’s so-
lution) was prepared and also degassed in vacuum (≈ 50 Pa) and kept under argon
(≈ 1.3 × 105 Pa). Then, 25 µL of this reducing agent were injected on the agarose
solution containing RBCs at 42 °C resulting in a final concentration of ≈ 4.4 mM
in hydrosulfite and ≈ 1.9 % in agarose. The sealed channel was also degassed in
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vacuum and filled with argon. The deoxygenated RBCs in solution were trans-
ferred with a syringe (gastight, Hamilton) inside the channel through the rubber
cap, which was finally sealed with vacuum silicon paste. This provided sufficient
tightness to keep the cells in deoxygenated state for the duration of the imaging
session (≈ 20 min).

Figure 4.27: Channel Slide used as a sealed chamber for RBCs imaging in oxygenated and
deoxygenated conditions.

• Zebrafish RBCs
Zebrafish RBCs were obtained from wild-type adult zebrafish from our facility which
were destined to euthanasia because of their age. Blood was obtained following the
procedure described in [136]. After euthanasia by thermal shock in cold water (𝑇 =
0 °C to 4 °C) during 10 min, the fish body was wiped to remove the remaining water.
Then, the tail was amputated with a sharp scalpel cut through the very posterior
end of the dorsal aorta. With a micropipette, between 5 and 20 µL of blood could be
obtained from the incision. To avoid coagulation, this volume was rapidly diluted in
200 µL of isotonic solution (Rainbow trout solution described in [137]). This solution
was then used to constitute a ≈ 2 % agarose gel. From this point, we followed the
same protocol to obtain oxygenated and deoxygenated hemoglobin as described for
human RBC.

The linear absorption spectrum of each sample was measured on the spectrophotometer
before and after imaging to verify its oxygenation state.

3.1.2 THG spectra near the Soret band

THG spectra were acquired in single-beam THG mode. The samples were imaged with the
OPO beam tuned sequentially from 1120 to 1300 nm with steps of 10 nm (i.e. from 373.33
to 433.33 nm with steps of ≈ 3.33 nm in THG).2 These limits were given by the optics
transmission in the UV range (as shown in Figure 4.10) and by the highest wavelength
available in the OPO (1300 nm). z-stacks of the samples were taken at 200 kHz pixel rate,
1 µm voxel depth and with an average power of 20 mW at the sample plane (maximum
45 mW). Hemoglobin absorption is maximal at the Soret peaks. To avoid artefacts due
to THG light reabsorption by hemoglobin, we imaged cells close to the bottom of the
chamber, with no other cells underneath.

2In the case of deoxygenated RBCs, the spectral step is twice as large to reduce the total imaging
time to ≈ 20 min. After this delay, we observed that the non-perfect tightness of the chamber results in
RBCs becoming oxygenated.
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According to Equations 4.9, the images were divided by the cube of the laser power and
multiplied by the square of the pulse duration to make them comparable. Using FIJI
software, a region of interest (ROI) was hand-drawn for each RBC using a z-projection
of all planes. The average value for several cells is plotted in Figures 4.28 and 4.29
along with the linear spectrum. In the absence of resonance we expect a flat THG

Figure 4.28: Linear and THG spectra measured on isolated human RBCs from different
patients in oxygenated and deoxygenated states. Linear spectra are displayed with an arbitrary
offset.

Figure 4.29: Linear and THG spectra measured on isolated zebrafish RBCs from different fish
in oxygenated and deoxygenated states. Linear spectra are displayed with an arbitrary offset.

spectrum with no wavelength dependence. However, as shown in Figures 4.28 and 4.29,
THG spectra from RBCs exhibit large variations which follow the profile of the linear
spectra. A 20-fold THG enhancement is observed between 380 nm and the 415 - 430 nm
region. This observation suggests that there is an efficient hemoglobin-mediated three-
photon resonance enhancement of THG due to the Soret band absorption. Moreover, the
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two oxygenation states present significant THG spectral differences, which confirm this
interpretation and further suggests a potential way to distinguish between oxygenation
states. We attribute the non smoothness of our THG spectra to uncertainties in excitation
power and pulse duration measurements.
The Soret resonance also affects the contrast in wavelength-resolved THG images. Figure
4.30 presents THG images of a human RBC recorded in the excitation range 1120 -
1300 nm, corresponding to THG at 373 - 433 nm. Images are normalized to their maxima
(the actual THG signal is 20x higher at 415 nm, as shown in Figure 4.28). We see that
far from resonance (at short wavelengths), external RBC interfaces are well visible. On-
resonance, the image contrast is largely altered.

Figure 4.30: THG images from an isolated oxygenated human RBC recorded with excitation
wavelengths in the 1120 - 1300 nm range, corresponding to THG in the 373 - 433 nm range. An
average projection along the z axis is presented on the top image, while a projection along y is
shown in the bottom image. Images are normalized to their maximum values.

Similar contrast variations are visible in THG images of zebrafish RBCs, as shown in Fig-
ure 4.31: THG signals from nucleus-cytoplasm interfaces are detected far from resonance,
and are masked by resonantly-enhanced signals when the excitation wavelength matches
the triple of the Soret band.
Together, these experiments demonstrate that: (i) THG is resonantly enhanced in hemoglobin
in a wavelength-dependent manner related to absorption in the Soret band; (ii) maximum
THG is observed when the excitation wavelength matches the triple of the Soret peak,
suggesting a 3-photon resonance; (iii) this resonance does not depend on RBC type and is
similar in human and in zebrafish; and (iv) the oxygenation state of RBCs can be probed
using THG imaging at different wavelengths.

3.1.3 TSFG spectra near the Soret band

Based on the results of the previous section, we now explore if TSFG signals exhibit the
same wavelength dependence as THG. Then, we investigate if the accessible wavelengths
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Figure 4.31: THG images from an isolated oxygenated zebrafish RBC recorded with excitation
wavelengths in the 1120 - 1300 nm range, corresponding to THG in the 373 - 433 nm range. An
average projection along the z axis is presented on the top image, while a projection along y is
shown in the bottom image. Images are normalized to their maximum values.

in our microscope resulting from wavelength mixing allow to probe the oxygenation state
of hemoglobin.
Oxygenated and deoxygenated samples of isolated RBCs from zebrafish were mounted in
agarose as described in Section 3.1.1. The spectrum measurement started in wavelength
mixing mode with the OPO wavelength set to 1300 nm. We then scanned the OPO
wavelength down to 1250 nm by steps of 10 nm. For each wavelength, we adjusted the
delay line to ensure optimal temporal matching of the OPO and pump pulses and we
recorded three simultaneous images based on 𝑇𝑆𝐹𝐺1, 𝑇𝑆𝐹𝐺2 and 𝑇𝐻𝐺2 signals.
Figure 4.32 shows the spectra of oxy- and deoxygenated RBCs obtained for the three
signals using wavelength mixing mode. They are similar to corresponding portions of
the spectra measured in single-beam THG mode (Figure 4.29), and are correlated with
the linear absorption spectra of oxy- and deoxyhemoglobin. We note that the difference
between oxy- and deoxyhemoglobin is strongest for the OPO set to λ2 = 1300 nm.
We also confirmed that imaging a RBC on-resonance and off-resonance at the same wave-
length in THG or TSFG microscopy gives rise to very similar contrasts. Figure 4.33 shows
THG and TSFG images at 373 and at 400 nm of the same RBC. We conclude that the
two contrasts are essentially equivalent for imaging applications.

In conclusion, we demonstrated in Section 3.1 the wavelength-dependent resonant en-
hancement of THG and TSFG signals due to hemoglobin in RBCs. Importantly, we
showed that using our colour TSFG method (wavelength mixing mode), we can simulta-
neously record one off-resonance signal (at 373 nm) and two on-resonance signals (at 401
and 433 nm) encompassing the Soret band. As we will see in the next section, this one-
shot spectroscopic measurement is particularly interesting for probing flowing objects such
as RBCs in vivo. We also found that with our setup, the contrast between oxygenated
and deoxygenated states of hemoglobin is maximized for excitation at λ1 = 1045 nm and
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Figure 4.32: TSFG spectra measured on oxygenated and deoxygenated zebrafish RBCs.

Figure 4.33: TSFG and THG images at 373 and at 400 nm revealing the similarity between the
two contrasts. We note that the TSFG image at 373 nm was acquired with four accumulations
to avoid photodamage, hence the higher background level.

λ2 = 1300 nm.

3.2 Specific imaging of RBCs using TSFG microscopy in live
embryos

In this section we present how the TSFG resonant enhancement due to hemoglobin can
be used for label-free segmentation of flowing RBCs in live zebrafish embryos.

We performed a series of experiments on zebrafish embryos at 2 dpf. We used the Casper
mutant line, which is free from skin pigmentation [138]. Embryos were dechorionated,
anesthetized (0.016 % tricaine, Sigma Aldrich), and mounted in a 2 % agarose gel with
tricaine (also at 0.016 %) on a glass bottom dish allowing transmission imaging. While
the agarose was still liquid, embryos were oriented on their lateral side using an eyelash.
Special care was taken to position the dorsal aorta (DA) and the posterior cardinal vein
(PCV) in the same horizontal plane so that they could be imaged simultaneously. This
region of interest is indicated as a red box in Figure 4.34. After the agarose became solid,
the dish was filled with embryo mounting solution as the immersion medium for imaging.
In the microscope, the embryos were mounted with their anteroposterior axis orthogonal
to the fast scan axis. In this orientation, the blood flow was also perpendicular to the fast
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scan axis, which allowed imaging more red blood cells with less scanning artifacts. We
then acquired time series of the three simultaneous images, and measured beam powers
after the objective for subsequent normalization.

Figure 4.34: Lateral view of the vascular system of a zebrafish embryo at 2.5 dpf. The red
boxed region represents our region of interest. Adapted from [139].

A typical three-channel image extracted from a time series is shown in Figure 4.35. The
upper vessel closer to the notochord is the artery. Because of the pulsed arterial flow and
the constant laser scanning speed, RBCs in the artery sometimes appear elongated in the
images. In contrast, blood flow in the vein is constant. It can also be seen that the TSFG1
image at 373 nm is weaker than the two other channels because of poor optics transmis-
sion at this wavelength. Nevertheless, flowing RBCs can be imaged simultaneously at the
three wavelenghts despite their motion during image acquisition.

Figure 4.35: Three flat field corrected images of a 2dpf embryo detected simultaneously in
wavelength mixing mode.

When using the wavelength mixing mode (1045 nm + 1300 nm excitation), the TSFG2
and THG2 signals detected at 401 and 433 nm lie in the resonant part of the hemoglobin
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spectrum. In contrast, the TSFG1 signal detected at 373 nm is far from the Soret res-
onance (Figure 4.32). Since the three images are recorded simultaneously, one simple
possibility to detect RBCs is to compare resonant and non-resonant signals at the pixel
scale. In principle, an “enhancement” image 𝑆enhancement can be calculated by dividing
the sum of the two on-resonance images (S401 and S433) by the off-resonance image (S373):

𝑆enhancement = (S401 + S433)/S373 = (STSFG2 + STHG2)/STSFG1 (4.15)
According to the results of the previous section, this enhancement ratio is expected to be
large in RBCs.

We therefore processed these image sequences as follows.

Flat field correction
First, we implemented a step of numerical flat field correction. As we have seen in
section 2.3.4, vignetting, field curvature and chromatic aberrations result in inhomogenous
TSFG and THG signal levels within the FOV (Figure 4.25). To compensate for this
inhomogeneity, we obtained reference profiles by recording a z-stack of the TSFG signals
from a horizontal water-glass interface. We used the z-projection of these images as
an estimation of the inhomogeneous signal profiles across the FOV, and used them for
normalization. The benefit of this flat-field correction step is shown in Figure 4.36.

Figure 4.36: TSFG signal along the notochord edge of a 2dpf zebrafish embryo, before (a) and
after (b) flat field correction.

Blood vessel and RBC segmentation
We then calculated the sum of the on-resonance images (S401 + S433), and the 𝑆enhancement
time series (S401 + S433)/S373 as previously mentioned. We calculated two different binary
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masks from this data. A vessel mask was obtained by computing the time projection of
the 𝑆enhancement image series and applying a binary threshold (Figure 4.37.b-c). A RBC
mask was obtained at each time point by first multiplying the 𝑆enhancement time series by
the vessel binary mask, then applying a binary threshold, and finally a dilation-erosion
binary filter to remove isolated pixels.

Figure 4.37: a) Time-projected sum of the on-resonance images (at 401 at 433 nm) from a
series of 30 frames. b) 𝑆enhancement time-projected image calculated as the ratio between on-
resonance and off-resonance images. c) Vessel mask obtained by applying a binary threshold to
(b). Vessel identification (red for the artery, blue for the vein) is done manually. d) RBC mask
for the image in Figure 4.35.

It is remarkable that RBC pixels could be automatically detected in individual frames
of the time series by taking advantage of the simultaneity of the spectroscopic imaging
process. To confirm the specificity of RBC detection, we compared TSFG imaging with
fluorescence imaging of labelled RBCs. We imaged gata1-dsRed zebrafish embryos ex-
hibiting red fluorescence labelling of RBCs [140]. The 2PEF signal was excited by the
pump at 1045 nm and simultaneously collected on a fourth channel in epidetection (Figure
4.38.a).
The RBC mask applied to the resonant image is shown in Figure 4.38.b in fire colourmap.
It is superimposed to the structural image obtained by time projection of S𝑇 𝑆𝐹 𝐺1 (Figure
4.38.b in grey). The good correlation between the two images confirms the specificity of
TSFG imaging for RBC detection based on resonant TSFG in hemoglobin.
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Figure 4.38: RBC segmentation in a gata1-dsRed embryo using red fluorescence from RBCs
(a) and using TSFG imaging (b). This zebrafish line is not pigmentation-free and was treated
with PTU (1-phenyl 2-thiourea) to remove pigments [141].

In short, we have demonstrated a novel label-free technique allowing automated segmen-
tation of flowing RBCs and blood vessels in zebrafish embryos.
To further illustrate the potential of TSFG microscopy for blood detection, we imaged
an entire zebrafish embryo. Figure 4.39 shows the three combined signals recorded in
a tile-like manner over a large volume (3.53 mm x 1.40 mm x 55 µm). The image was
obtained by recording a mosaic of 30 3D tiles (768 µm x 768 µm x 55 µm) and stitching
them together. This preliminary demonstration suggests that the entire vascular system
of the embryo could be imaged without requiring fluorescent labelling.

Figure 4.39: Mosaic image assembled from TSFG images at 373 nm (blue) and at 401 nm
(green) and THG images at 433 nm (red). The image shows a z-projection of 12 different planes
separated by a step of 5 µm.

Together, the results presented in this section demonstrate that TSFG microscopy can
provide a label-free hemoglobin-sensitive contrast and allows automated segmentation of
flowing RBCs in a living organism.

3.3 Probing RBC oxygenation in vivo
In this section we now explore the use of TSFG for probing the oxygenation state of RBCs
in vivo. Similarly to the spectroscopic techniques discussed in Section 1.1.1, we want to
use the spectral differences between oxy- and deoxyhemoglobin to probe its oxygenation
state. According to the measured TSFG spectra from zebrafish RBCs (Figure 4.32),
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oxygenated RBCs exhibit larger signal at 401 nm than deoxygenated RBCs, and the
opposite is observed at 433 nm. We therefore propose to use the ratio of these two signals
as a probe of oxygenation. We define an oxygenation parameter:

𝑅 = 𝑆401

𝑆433
= 𝑆𝑇 𝑆𝐹 𝐺2

𝑆𝑇 𝐻𝐺2

.

We expect 𝑅𝑜𝑥𝑦 > 1 for oxygenated samples and 𝑅𝑑𝑒𝑜𝑥𝑦 < 1 for deoxygenated samples.

3.3.1 Oxygenation contrast in isolated RBCs

To check if the oxygenation state can be probed by TSFG microscopy, we first worked with
samples exhibiting extreme hemoglobin oxygenation states. We imaged isolated zebrafish
RBCs prepared as described in Section 3.1.1 in both fully oxygenated and fully deoxy-
genated states. These states were verified by spectrophotometer measurements before and
after imaging. The MATLAB code written for blood detection was used to detect RBCs
pixels in these images. For these pixels, we plotted the values of the image at 401 nm
versus those at 433 nm. We then used a linear regression fit of the form 𝑆401 = 𝑅 · 𝑆433 to
determine an average value of the oxygenation parameter R. Figure 4.40 shows the pixels
of two different RBCs extracted from the same zebrafish, and showing 𝑅𝑜𝑥𝑦 > 1 > 𝑅𝑑𝑒𝑜𝑥𝑦

consistently with the TSFG spectra.

Figure 4.40: Example of the determination of the oxygenation parameter R for an oxygenated
RBC (left) and a deoxygenated RBC (right). The pixel values at 401 and 433 nm are scattered
on the plot. The cells were segmented with an individual mask using the resonant part of the
signal as in Section 3.2.

This analysis was performed on 6 oxygenated and 8 deoxygenated individual RBCs ex vivo,
all of them extracted from the same zebrafish. The R factors for all those measurements
are represented in Figure 4.41.
Significant differences are observed between fully oxygenated and fully deoxygenated iso-
lated RBCs. This result confirms that the oxygenation state of hemoglobin in isolated
RBCs can be probed with TSFG microscopy.

3.3.2 Oxygenation contrast in normoxic 2dpf zebrafish

After this verification that TSFG imaging can probe the oxygenation state of isolated
RBCs, we tried to extend this approach to in vivo imaging. We present here its first ap-
plication to live 2dpf zebrafish embryos. We used TSFG imaging to estimate R in RBCs
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Figure 4.41: Results of oxygenation parameter measurements in 6 and 8 individual RBCs from
the same zebrafish, prepared on fully oxygenated and fully deoxygenated states, respectively.
Each point corresponds to the R parameter measured on the pixels from a segmented RBC as
shown in Figure 4.40. The linear spectrum of each sample, measured before and after imaging, is
equal to those in Figure 4.32. The p-value represented by the stars is the result of an unpaired,
two-tailed, Whelch’s t-test (unequal variances t-test): p < 0.0001.

flowing through the dorsal aorta (DA) and the posterior cardinal vein (PCV), anticipat-
ing that their oxygenation states could be different. Twenty embryos were mounted in
agarose under normal oxygenation conditions as described in Section 3.2. Several t-stacks
were acquired for each embryo in wavelength mixing mode and processed with the blood
detection strategy. The RBC masks were combined with the vessel masks to identify all
the pixels corresponding to RBCs in each vessel.

Figure 4.42: Oxygenation analysis for 20 embryos in normoxic conditions. The slopes account
for the ensemble of the samples.

The ensemble of pixels measured for the DA and the PCV are shown as a scatter plot
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in Figure 4.42, where the values at 401 nm in the vertical axis are plotted against the
values at 433 nm on the horizontal axis. The different oxygenation parameters (R values)
of individual fish analysis are represented in Figure 4.43.

Figure 4.43: Results of oxygenation parameter measurements on 20 embryos. The dashed lines
link the value of R for the artery and the vein of the same embryo (green for those following the
average behaviour, red for the others). The p-value represented by the stars is the result of a
paired, two-tailed, Student’s t-test: p < 0.01.

DA and PCV were chosen as the positions in the vascular system in which we expected
differences in oxygenation to be maximized. Indeed, the DA carries oxygenated blood
from the heart to the body and the PCV carries deoxygenated blood flowing back to the
heart. However, our result suggests that the oxygenation difference between the artery
and the vein is in fact weak at this early stage of development. The statistical analysis
done on the data represented in Figure 4.43 indicates that the differences we measured are
significant and that the vein oxygenation state is slightly higher than that of the artery.
To our knowledge, there is no previous measurement of this difference in oxygenation
with a spectroscopic method, so a comparison is not possible. However, a weak difference
between the oxygenation measured in the PCV and the cardiac region was reported using
PLIM sensors [104]. This result can be explained by the fact that oxygenation at this stage
happens mostly by diffusion through the tissues as discussed in Section 1.1.1. As a conse-
quence, no strong difference between DA and PCV is observed. In addition, since the vein
is located closer to the embryo surface, it can be slightly more oxygenated than the artery.

We measured that the R values in DA and PCV are high and close to those obtained in
fully oxygenated isolated RBCs (Figure 4.41). We therefore conclude that hemoglobin in
zebrafish embryos at this early stage is highly oxygenated. This observation is consistent
with published data [101,104].

3.3.3 Oxygenation dynamics in zebrafish embryos: cardiac arrest experiment

To investigate if TSFG microscopy can detect changes in RBCs oxygenation in vivo we
attempted to disrupt oxygenation by blocking blood circulation. We induced transient
reversible cardioplegia (cardiac arrest) in zebrafish embryos using a tricain overdose [142].
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Figure 4.44: Artery and vein oxygenation evolution along time (left) and the difference between
the two (right), average of 4 embryos, normalized to the artery control oxygenation parameter.
The yellow vertical line indicates the moment when we induced an overdose of tricain (common
for all the samples). The blue vertical line indicates the average time at which the sample is
washed with fish medium without tricaine. The two blue lines on the sides indicate the shortest
and the longest time on tricaine at 0.2 %.

The embryos were first mounted in normal conditions. Then, after one hour of imaging
(an image series every 5 min) the immersion medium was replaced by a highly concen-
trated tricaine solution (0.2 %). After ≈ 20 min the blood flow stopped due to cardiac
arrest and the tricaine was washed out using fish medium. Imaging continued as the heart
beat and the normal blood flow recovered. Cardiac arrest did not exceed 30 min in any
case and the embryo was imaged for several hours. The R values of the two vessels during
these cardiac arrest experiments are presented in Figure 4.44 (average result of 4 embryos).

As anticipated, cardiac arrest induced significant changes in R and on the oxygenation
state. However, the observed variation is difficult to interpret. Indeed, we first detected a
weak decrease in R during cardiac arrest. However, the artery exhibited a strong increase
in R after recovery of heart beat and blood flow. About 1 h later, the oxygenation of the
artery returned to its baseline. This behaviour may be due to oxygen diffusion. Although
this experiment indicated that TSFG microscopy probes dynamic changes in the RBCs,
the response to a cardiac arrest is indirect and not described in the litterature. We
therefore decided to implement a simpler hypoxia assay.

3.3.4 Oxygenation dynamics in zebrafish embryos: hypoxia experiment

To induce a strong deoxygenation of hemoglobin in live zebrafish embryos, we imaged
embryos under hypoxia. This choice was motivated by the fact that oxygenation in early
embryos is dominated by diffusion rather than by physiology.
2dpf zebrafish embryos were mounted as in Section 3.2 except that we used a specific sealed
chamber (Figure 4.45). The bottom of the dish had a shallow circular step constituting a
small well of ≈ 100 µL where the embryo and the agarose fit easily. In these experiments,
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Figure 4.45: Embryo mounted on a sealed lab-made chamber to induce hypoxia. We can see
the eye of the embryo as the small black point in the middle of the sample. The red dashed
square indicates the bottom glass belonging to the dish and the green one indicates the one
added after mounting the fish. The blue silicon paste is also visible.

the top of the well was covered with a coverglass and sealed with silicone (twinsil speed,
Picodent) while the agarose was still liquid.
Less than ten minutes after mounting, the imaging session started with a t-stack of 30
images of a single plane within the vessels region. This measurement was repeated every
5 minutes. After several hours in the sealed chamber (ranging from 97 to 423 min depend-
ing on the embryo), the sample was taken away from the microscope. The top coverglass
of the chamber was removed to stop hypoxia and recover normoxia. The dish was filled
with mounting medium and placed back under the microscope, with the embryo still em-
bedded in agarose to avoid movement. The same ROI was found and imaged again. The
time between the last hypoxia image and the first one after opening the chamber was less
than 15 min.

From the recorded images, we extracted the oxygenation parameter R for both the vein
and the artery. The measurement of R along the whole experiment is shown in the case
of one embryo in Figure 4.46. The values of R for control, hypoxia and recovery time
points are summarized for 9 embryos in Figure 4.47.
We observed that the R values for the vein and the artery were very close at the beginning
of the experiment (Figure 4.46), consistently with the experiments in normoxic embryos
(Section 3.3.2). A significant oxygenation decrease (of almost 50 %) was observed in the
artery and suggests that the limited oxygen supply inside the small chamber volume was
being consumed by the embryo. After chamber opening, we observed a fast recovery (up to
≈ 90 %) of the oxygenation parameter. This suggests that RBCs recover their oxygenation
state very rapidly after hypoxia. Such a fast recovery is consistent with [104].
Figure 4.48 shows the evolution of the 𝑆401 and 𝑆433 signals independently during the
hypoxia experiment. This analysis confirms that the two signals change in opposite di-
rections during the experiment, and that our ratio-metric analysis is an effective way to
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Figure 4.46: Oxygenation parameter dynamics of a 2dpf zebrafish embryo along ≈ 4 h. The
yellow vertical line at 𝑡 = −10 min indicates the moment of sealing the chamber and the green
vertical line at 𝑡 = 182 min indicates the moment when the chamber opens.

Figure 4.47: Oxygenation parameter for control, hypoxia and normoxia recovery time points
defined in Figure 4.46 measured on zebrafish embryos (artery, left and vein, right). Because the
experiments on different zebrafish were parallelized, only specific time points were acquired for
several fish instead of imaging through the whole dynamics of the process. The values are an
average of several points spanning 25 min at maximum, and the control oxygenation median was
normalized to 1. The test performed here was a mixed-effects model, more capable of dealing
with missing data as compared to ANOVA tests.

maximize the oxygenation contrast in such dynamic experiments.

Together, the experiments presented in Section 3.3 provide promising results towards
functional TSFG microscopy. We have shown that this strategy can probe the oxygenation
state of hemoglobin in isolated RBCs ex vivo. Although it was not straightforward to
implement a first demonstration in vivo, we successfully detected significant variations of
the hemoglobin oxygenation state in the artery of live early embryos under hypoxia.
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Figure 4.48: Absolute Signal at 401 (top left) and 433 nm (top right) measured on the artery.
The star indicates p < 0.05 for a one-way, paired ANOVA test. Linear fully oxygenated and
fully de-oxygenated spectra in zebrafish RBCs (bottom). The arrows indicate the transition
from one state to the other.

3.4 Deep-tissue blood imaging with TSFG

Finally, we transposed TSFG microscopy to deep-tissue imaging by implementing this
new modality on the OPA-based microscope presented in Chapter 2. We adapted the
method to epidetection, and imaged the brain of a live adult zebrafish in collaboration
with Nicolas Dray (Institut Pasteur).
In this microscope, the pump and OPA wavelengths are centered at 1030 nm and 1300 nm
respectively. The resulting TSFG wavelengths are then: λ𝑇 𝑆𝐹 𝐺1 = 370 nm and λ𝑇 𝑆𝐹 𝐺2 =
402 nm. The narrow band detection filters used on the OPO system were therefore also
suited to collect these signals. As the sample is thick and not transparent, we collected
the backscattered forward-directed signals.
A male casper mutant (without pigmentation) was maintained in 0.2 % tricaine solution.
After a few minutes, the fish stopped moving and was mounted in a dish also filled with
tricaine solution. Two pieces of foam attached to the dish held it from both sides and kept
its head up for imaging. A picture of this setup is shown in Figure 4.49. With the help of
an IR camera installed on the microscope, we located the position of the telencephalon, a
region of the forebrain presenting a relatively flat surface which limits optical aberrations.
To confirm whether the strong hemoglobin-specific resonance of TSFG could be detected
as in the other microscope, we first imaged superficial blood vessels that irrigate the skin
covering areas above the skull. An example is shown in Figure 4.50.
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Figure 4.49: Pictures of an adult zebrafish mounted for imaging. The brain is kept as horizontal
as possible using the foam sample holder while completely immersed in the tricaine solution.

Figure 4.50: Sub-skin vessels (z ≈ 50 µm) with wavelength mixing contrast. Red: THG at
433 nm, green: TSFG at 402 nm, blue: TSFG at 370 nm.

𝑆𝑇 𝐻𝐺2 (at λ = 433 nm shown in red in Figure 4.50) appears specific to blood vessels con-
firming the spectral resonance. 𝑆𝑇 𝑆𝐹 𝐺2 (at 402 nm, in green) is localized on the nuclei and
membrane of the RBCs. In the images obtained with this microscope, we notice weaker
resonance of hemoglobin at this wavelength compared to the results obtained on the OPO
system (described in Section 2.1). This might be due to broader spectral bandwidths as-
sociated to shorter temporal profiles. Some other structures are visible. Those appearing
white in the image present the same amount of signal in the three channels, corresponding
to non-resonant signal. This is the case of skull interfaces (Figure 4.50.a) or myelin fibers
(Figure 4.50.b). A lipid droplet presenting strong interface signal and characterized by
the presence of blue endogenous fluorescence is also visible (Figure 4.50.c).

We then demonstrated RBCs and blood vessel segmentation in thick samples. Since
𝑆𝑇 𝑆𝐹 𝐺2 at 402 nm exhibited reduced resonance, when building the vessel mask, this image
was used as non-resonant signal together with 𝑆𝑇 𝑆𝐹 𝐺1 at 370 nm. We defined here a
resonance enhancement image as:
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𝑆enhancement = S433/(S370 + S402) = STHG2/(STSFG1 + STSFG2). (4.16)
Figure 4.51 presents blood vessel segmentation from other non-resonant signals such as
skull interface (a) or myelinated nerve fibers (b).

Figure 4.51: Blood vessel segmentation using TSFG microscopy. The signal from non-resonant
structures is filtered out when calculating 𝑆enhancement. Red: THG at 433 nm, green: TSFG at
402 nm, blue: TSFG at 370 nm. Scale bar 50 µm.

To build a RBCs mask from the segmented vessel regions we can either use the definition
in Equation 4.15 which considers TSFG2 at 402 nm as mostly resonant (Figure 4.52.a), or
the one in Equation 4.16, which considers it mostly non-resonant (Figure 4.52.b). In the
first case, the mask includes whole RBCs whereas the second case allows segmentation of
body cells without the nuclei. In the bottom right side of this thesis we have included a
time lapse of this region of interest as a flipbook.
All these images were recorded on the first ≈ 150 µm under the surface and with typical
average powers: 𝑃𝑃 ≈ 2 mW and 𝑃𝑂𝑃 𝐴 ≈ 10 mW. These power levels are compatible with
in vivo imaging.

In what follows, we present images obtained at larger imaging depths. A large depth of
the telencephalon was imaged as a series of 12 successive z-stacks for which the excita-
tion power was increased with imaging depth. The step along z was Δ𝑧 = 2 µm and the
maximum imaging depth was ≈ 700 µm under the skin surface.

Image processing was performed as follows. We first linearised the images according to
the detection response calibrated in Chapter 2 (see Figure 2.20 in Section 4.2.3). Then, we
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Figure 4.52: 30 µm deep image of RBCs flowing through a blood vessel and the corresponding
RBCs mask built automatically with MATLAB code: option including the nuclei (center) and
option without the nuclei (right). Red: THG at 433 nm, green: TSFG at 402 nm, blue: TSFG
at 370 nm. The specificity of this contrast to hemoglobin highlights RBCs in red and green while
the nervous structures appear in white. Scale bar 50 µm.

normalised the 12 successive z-stacks by the excitation power according to the dependences
of each signal studied in Section 2.3.1. The resulting image stack exhibited an exponential
decay for each signal with imaging depth (Figure 4.53, left). This profile was then fitted
with an exponential model (each channel separately) of the form 𝑆 = 𝑆0*𝑒𝑥𝑝(−3𝑧/𝑙𝑠) and
smoothed to compensate for signal discontinuities caused by experimental uncertainties
on the excitation power or imaging depth (Figure 4.53, right).

Figure 4.53: Axial profile of 𝑆𝑇 𝐻𝐺2 at 433 nm, averaged on the central third of the field of
view (left). The same profile after being smoothed to an exponential decrease (right).

The 𝑙𝑠 parameter of the fit can be interpreted as a rough estimate of the scattering length
(Assuming a homogeneous signal, constant effective NA with depth, and no absorption or
aberrations). We estimated 𝑙𝑠 to be in the range 130 - 160 µm. This value indicates the
rate at which the laser power should be increased in depth to keep a constant detected
signal. Moreover, it can be used to flatten the signal profile in depth (Figure 4.54).
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Figure 4.54: Axial profile of 𝑆𝑇 𝐻𝐺2 at 433 nm after flattening correction averaged on the
central third of the field of view.

Finally, a z-stitching of the 3D tiles was performed through 3D registration using rigid
body transformations (Figure 4.55.a presents a xz re-sliced view). The two interfaces of
the skull are visible at 𝑧 ≈ 180 µm. The figure also shows four xy images with specific
details. They confirm that individual RBC can be distinguished at an imaging depth of
398 and 500 µm through skull. Some white (non-resonant) structures are also visible in
the telencephalon, probably corresponding to myelinated fibers.
Blood vessels were detected at least up to imaging depths of ≈ 600 µm (Figure 4.55.d).
Myelinated fibers were detected at a depth of ≈ 672 µm (Figure 4.55.e). The maximum
powers used at deeper planes were: 𝑃𝑃 = 61.15 mW and 𝑃𝑂𝑃 𝐴 = 74 mW, adding to a
total of 135 mW, which remains compatible with in vivo imaging.
Finally, in Figure 4.56 we present volume renderings of the three independent signals and
a composite. The complementarity of these images is well illustrated in the composite,
where RBC and other structures can be distinguished thanks to their different “TSFG
ratios”.
Finally, we were able to automatically detect RBCs by using these combined images.
In Figure 4.57.a we present the result of the operation 𝑆𝑇 𝐻𝐺2 − 𝑆𝑇 𝑆𝐹 𝐺2 . This method
proved more straightforward for this dataset than the one described in Equations 4.15 and
4.16 due to the comparatively strong RBC signal values in the resonant stack, and low
background values around the telencephalon. Away from the brain surface, the operation
in Equation 4.16 provides a very efficient detection of individual RBCs even at large
depths (Figure 4.57.b).
In conclusion, we have implemented our colour TSFG imaging modality on an OPA-
based microscope also adapted for 3P microsocpy. We demonstrated that hemoglobin
specific imaging of blood vessels and RBCs is possible deep inside the brain of a live adult
zebrafish.
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Figure 4.55: Resulting z-stack acquired on the telencephalon after the discussed corrections.
Axial xz view (a) and slices xy at 398 (b), 500 (c), 594 (d) and 672 µm (e). Red: 𝑆𝑇 𝐻𝐺2 at
433 nm, green: 𝑆𝑇 𝑆𝐹 𝐺2 at 402 nm, blue: 𝑆𝑇 𝑆𝐹 𝐺1 at 370 nm. Scale bar 50 µm.
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Figure 4.56: Volume views of the three independent channels 𝑆𝑇 𝑆𝐹 𝐺1 , 𝑆𝑇 𝑆𝐹 𝐺2 and 𝑆𝑇 𝐻𝐺2

visualised with Imaris (z-projection mode: maximum intensity). The combination of the three
channels is shown in the bottom right side of the image. Red: 𝑆𝑇 𝐻𝐺2 at 433 nm, green: 𝑆𝑇 𝑆𝐹 𝐺2

at 402 nm, blue: 𝑆𝑇 𝑆𝐹 𝐺1 at 370 nm.
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Figure 4.57: a) Segmentation of RBCs obtained with Imaris as 𝑆𝑇 𝐻𝐺2 − 𝑆𝑇 𝑆𝐹 𝐺2 . A median
filter of 3x3 pixels was also applied to smooth the image. b) Detail at 𝑧 = 500 µm showing
segmentation of individual RBC using Equation 4.16.

137



Chapter 4. TSFG imaging of red blood cells

4 Conclusion and perspectives of Chapter 4

In this chapter we proposed to extend the number of observable parameters in 3P
microscopy by demonstrating third-order sum frequency generation (TSFG) as a
new contrast mechanism. We described an additional experimental setup, based on
an OPO tunable source. We demonstrated the forward detection of TSFG signals
and presented their detailed characterisation as a function of the excitation power,
the pulse duration, the incident polarisation and the chromatic aberrations. Since
TSFG is generated by wavelength mixing of two illumination beams, up to four
signals can be obtained simultaneously and detected at different wavelengths: two
THG signals and two TSFG signals (see Figure 4.7). We called TSFG microscopy
or colour TSFG microscopy, the imaging method using several of these simultaneous
third-order coherent signals detected at different wavelengths. Then, we confirmed
that the contrast provided by THG and TSFG generated at the same wavelength
is equivalent and that both exhibit a three-photon resonance enhancement due to
hemoglobin. This enhancement occurs when real energy transitions exist close to the
virtual electronic levels involved in THG (see Figure 4.6.a). In the particular case
of hemoglobin absorption spectrum, there is a strong absorption band around 415-
430 nm known as the Soret band. Therefore, we showed that both THG and TSFG
signals from RBCs generated in this wavelength range are enhanced compared to
other wavelengths. In this case, colour TSFG microscopy becomes a powerful tool
to image RBCs since it provides several simultaneous images with different features
without labelling. Indeed, by selecting de combination of wavelengths used to gener-
ate TSFG with respect to the Soret band, TSFG microscopy enables (i) imaging of
moving RBCs circulating in the bloodstream with high-specificity and (ii) label-free
functional imaging of blood oxygenation levels.

Specific imaging of hemoglobin and red blood cell segmentation
To demonstrate specific imaging of hemoglobin in live zebrafish, we performed TSFG
imaging of blood vessels with two beams at 1045 and 1300 nm resulting in the detec-
tion of signals including resonant and non-resonant contributions (𝑆TSFG2 at 401 nm
and 𝑆THG2 at 433 nm), as well as purely non-resonant signals (𝑆TSFG1 at 373 nm).
While the resonant signal is specifically localised in RBCs, non-resonant contribu-
tions provide contrast commonly obtained in THG microscopy, such as that from
lipid bodies or myelin. We demonstrated by processing such imaging data, that it
is possible to segment individual RBCs and separate them from non-resonant sig-
nals. By comparing this strategy with the imaging of fluorescently labelled RBCs,
we demonstrated the high-specificity of this label-free approach. In the specific case
of gata1-dsRed zebrafish line, a commonly used fluorescence strategy to label RBCs,
we showed that TSFG imaging provides a higher sensitivity with fewer false nega-
tives (RBCs without detected signal). In addition, we showed that the high temporal
resolution of this strategy is an additional advantage of TSFG microscopy. Indeed,
since all signals are detected simultaneously and without requiring to tune the laser
wavelength, the temporal resolution is sufficient to detect RBCs moving through
the bloodstream at high speed. To illustrate this capability, we first demonstrated
hemoglobin specificity of TSFG microscopy by imaging RBCs in live 2dpf zebrafish
embryos using an OPO system. This first study indicated that the wavelengths avail-

138



4. Conclusion and perspectives of Chapter 4

able in the OPA system described in Chapter 2 (1030 and 1300 nm) are well adapted
for TSFG imaging of hemoglobin. Based on this observation, we used the OPA sys-
tem and epidetection (presented in Chapter 2) to perform deep-tissue TSFG imaging
and demonstrated label-free specific imaging of RBCs in a live adult zebrafish brain
through the skull.

Functional imaging of hemoglobin oxygenation
The hemoglobin linear absorption spectrum exhibits differences in the Soret band
depending on its oxygenation state, with a maximum at 415 nm when it is fully oxy-
genated and at 430 nm when it is fully deoxygenated. Such difference can be used to
probe the oxygenation state of hemoglobin. In this chapter, we therefore explored the
possibility to perform functional label-free imaging of hemoglobin oxygenation using
TSFG microscopy. We first demonstrated that similar spectral differences are also
present in the THG and TSFG spectra of both human and zebrafish isolated RBCs.
We showed that the ratio of images acquired at specific wavelengths located on the
resonant part of the spectrum depends on the oxygenation state of hemoglobin and
can be used as an oxygenation indicator. Such result was first obtained by imaging
isolated RBCs in vitro in fully oxygenated or deoxygenated state. We then fur-
ther confirmed the potential of this approach by detecting a significant difference of
oxygenation state when imaging circulating RBCs in live 2dpf zebrafish embryos in
normal or hypoxic conditions. To further explore the sensitivity of this approach,
we compared measurements performed in the artery and the vein of the embryo in
normoxic conditions. We observed a higher oxygenation state in the vein than in the
artery. Such surprising result could be due to the fact that at this very early stage of
development and due to the small size of the embryo, oxygen transport is achieved
by diffusion through the tissues instead of convection through the bloodstream. In
addition, we performed experiments of transient cardiac arrest. However, since the
oxygenation state in the zebrafish at this early stage is not completely known, this
investigation requires more experiments to reach a biological conclusion.

Discussion and perspectives
Considering the functional application of TSFG microscopy presented here, one could
think a simpler system using only THG signals with two excitation beams at 1200
and 1300 nm and without requiring wavelength mixing. Indeed, it would provide
equivalent signals to TSFG using 1045 and 1300 nm to perform oxygenation prob-
ing. However, our strategy based on TSFG has several important advantages. First,
the simultaneous combination of 1045 and 1300 nm beams is easier to obtain with
available laser sources. Indeed, 1045 nm is the wavelength of the pump laser used to
generate higher wavelength beams in most OPO and OPA systems. In addition, as
can be seen in Figure 1.23, 1200 nm corresponds to a maximum of water absorption
that can be avoided by using an excitation at 1045 nm. Therefore, TSFG should
induce less thermal effects. In our in-depth application, the total average power used
at the sample surface did not exceed 135 mW, which is comparable with the values
reported in the literature [143]. Finally, TSFG also provides a fully non-resonant im-
age that can be used for RBC segmentation in parallel to the functional imaging of
the oxygenation state. Therefore, to combine the specific and the functional imaging
of hemoglobin, three signals at three different wavelengths are needed, and they are
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provided by the wavelength mixing scheme.
As a first perspective of this work, we plan to apply the functional imaging capa-
bility of TSFG microscopy to adult zebrafish. We will try to induce hypoxia to
a zebrafish while imaging blood vessels inside its brain and see whether significant
differences are observed due to the disruption of the oxygenation conditions. This
would demonstrate that TSFG functional imaging can be performed in depth. A
second perspective of this project is to estimate the accuracy of the oxygenation
measurement obtained with TSFG microscopy. This could be done by comparing
the measurements with existing phosphorescent oxygenation sensors.
To further extend the number of observable parameters, several strategies might be
interesting to explore. First, we might try to extract more information from the three
images acquired in TSFG microscopy. As shown in Figure 4.58, several features can
be extracted from these images. The image in the bottom left shows a strong signal
from myelinated fibers and other non-resonant structures. RBC segmentation is more
efficient in the middle bottom image, which is the one used for blood detection in this
project. The bottom right image is another image combination enhancing a signal
that might be autofluorescence. Another very interesting perspective of this study
is the combination of our blood oxygenation measurement with calcium indicators
of neuronal activity. This combination is particularly well suited since the optimal
wavelength for 3P excitation of neuronal activity markers is in the 1300 - 1320 nm
range [144], which is already used in our method. For this reason, the straightfor-
ward addition of a green detection channel would allow to investigate the correlation
between blood oxygenation levels and neuronal activity. In addition, THG has also
been used to quantify hemodynamics by measuring blood velocity in murine cortical
vessels [145, 146]. Such analysis is compatible with both oxygenation and neural ac-
tivity probing. Together, it would provide a powerful strategy for functional imaging
in neuroscience.
A final perspective of this work is to extend TSFG imaging to target other molecules.
Absorption peaks are present in other pigments such as chlorophyll, involved in pho-
tosynthesis. Along this line, Figure 4.59 shows two TSFG images of zebrafish skin
which exhibit spectroscopic contrast, possibly due to resonant effects.
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Figure 4.58: The three detected signals and three different combinations we can calculate from
them. The operation performed on each combination is written in expressions where each image
is represented by its wavelength. We can appreciate that each combination enhances different
structures on the image. Scale bar 50 µm.

Figure 4.59: Images taken on the skin of an adult zf in which apart from RBC, some other
structures present a strong signal. Red: THG at 433 nm, green: TSFG at 402 nm, blue: TSFG
at 370 nm. Scale bar 50 µm.
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Chapter 5

General conclusion and perspectives

Three-photon (3P) microscopy is an emerging and promising technique for deep-tissue
biological imaging. However, its implementation raises several experimental challenges.
In this thesis work, we tackled several bottlenecks currently limiting its development: (i)
the laser source and (ii) the nature and number of the detectable signals.

First, to efficiently produce third order nonlinear optical processes such as three-photon
absorption or third-harmonic generation deep inside scattering samples, laser pulses of
high energy and high peak intensity are required. Such pulses are typically provided by
laser sources working in the MHz repetition rate range. In addition, deeper imaging is
achieved by using excitation in the 1300 and 1700 nm wavelength ranges due to reduced
scattering and absorption. For these reasons, the sources currently used in 2P microscopy,
typically working at 80 MHz repetition rate and 900 - 1200 nm wavelength range, are not
adapted for 3P imaging. In this work, we have discussed the use of an original multibeam
laser source prototype developed by our collaborators at LCF. We implemented and op-
timized a dedicated microscope and found that despite its promising characteristics, the
initial version of this source had important stability issues which prevented its use for
biological applications. Based on our feedback and iterations, further technological devel-
opments resulted in a commercial product finally released at the end of 2021. We think
that this type of multibeam laser source is of great interest for multicolour multiphoton
applications. We note that in future versions of OPAs for in-depth microscopy, interesting
additional features could be the ability to tune the repetition rate, and the integration of
high-speed power control systems.

An important part of this thesis work has been devoted to the extension of the number
of observable parameters in 3P microscopy. Motivated by the lack of published data on
3P excitation of blue fluorescent proteins, we investigated the possibility of using the
pump beam at 1030 nm of our source for this purpose. We successfully demonstrated
3P excitation of EBFP2, mCerulean and mTurquoise2 at 1030 nm. We identified their
3P excitation regimes and reported preliminary demonstrations of 3P blue fluorescence
imaging in depth. The second approach we explored is the use of spectroscopic third-order
coherent contrast. We investigated the use of TSFG to perform specific and functional
label-free imaging of red blood cells. Indeed, TSFG microscopy provides up to four signals
at different wavelengths, which can be used for fast spectral investigation. We showed res-
onance enhancement of the third-order nonlinear susceptibility when imaging hemoglobin
in red blood cells. We then demonstrated that this property can be exploited to ob-
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tain highly specific and sensitive imaging of RBCs and their segmentation in vivo. This
imaging strategy has been successfully applied to detect flowing RBCs deep inside an
adult zebrafish brain. In addition, we also investigated the potential of TSFG imaging for
functional imaging of the oxygenation state of hemoglobin. The demonstration of specific
and functional in vivo imaging using coherent nonlinear signals is novel, and the high
spatio-temporal resolution of our approach opens the way to promising applications. As
a perspective, our colour TSFG imaging approach could be combined with colour fluo-
rescence imaging taking advantage of the same excitation scheme. Considering that up
to 4 spectral bands are accessible with dual-beam three-photon excitation, the additional
heating associated with this illumination regime could be an acceptable inconvenient when
put in balance with the gain in information content.

Overall, this work has contributed to the development and optimisation of 3P microscopy.
It has demonstrated the potential of dual-beam excitation for label free specific and
functional imaging based on TSFG and for colour fluorescence imaging. It should open the
way to several technological and applicative developments which would further contribute
to make visible the invisible.
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Titre : Microscopie à trois photons : instrumentation et extension des paramètres observables
Mots clés : Microscopie multiphoton, Microscopie à trois photons, Microscopie THG, Optique non linéaire, Imagerie
biologique, cerveau de souris, poisson-zèbre

Résumé : La microscopie multiphotonique est la technique
de référence pour l’imagerie de fluorescence des tissus in-
tacts. Il a récemment été démontré que la microscopie à
trois photons (3P) offre un contraste supérieur à l’image-
rie à deux photons (2P) à grande profondeur dans les mi-
lieux diffusants densément marqués. Cet avantage est dû
au meilleur confinement de l’excitation 3P et à la diffusion
réduite aux longueurs d’onde utilisées. Bien que cette ap-
proche prometteuse ait permis d’atteindre des profondeurs
d’imagerie supérieures au millimètre dans le cerveau de sou-
ris, elle n’est pas encore complètement stabilisée technolo-
giquement, et manque de modalités d’imagerie multicolore.
Dans ce travail, nous explorons l’extension du nombre de
signaux et de paramètres qui peuvent être utilisés en mi-
croscopie 3P des tissus profonds. Dans un premier chapitre,
nous introduisons les concepts impliqués dans la microsco-
pie 3P et nous analysons les paramètres limitant la profon-
deur d’imagerie. Dans un second chapitre, nous décrivons la
construction et l’optimisation d’un microscope 3P utilisant
une nouvelle génération d’amplificateurs paramétriques op-
tiques (OPA) multifaisceaux adaptés à l’excitation 3P dans
la gamme proche infrarouge. Nous discutons notamment les
questions liées à la stabilité de la source, la compensation

de la dispersion et la combinaison des faisceaux dans le mi-
croscope. Dans les deux derniers chapitres, nous présentons
les résultats de deux projets visant à étendre les signaux
utilisables dans un système 3P. Dans le troisième chapitre,
nous explorons l’efficacité de l’excitation 3P à 1030 nm
de plusieurs protéines fluorescentes (FPs) bleues, afin de
compléter les études précédentes rapportant l’excitation 3P
des FPs vertes et rouges, respectivement à 1300 et 1700
nm. Nous identifions des FPs bleues présentant une effica-
cité d’excitation et produisant un niveau de signal compa-
rable aux protéines vertes et rouges. Ces résultats encou-
rageants ouvrent des perspectives pour la microscopie 3P
en couleur. Dans le quatrième chapitre, nous explorons la
possibilité d’une imagerie cohérente multicolore basée sur
la génération de somme de fréquences du troisième ordre.
Nous montrons que cette nouvelle modalité de contraste
sans marquage révèle les vaisseaux sanguins avec une pos-
sibilité d’imagerie fonctionnelle, et qu’elle peut être directe-
ment intégrée sur un microscope 3P. Globalement, le tra-
vail décrit dans cette thèse étend le nombre de signaux qui
peuvent être sondés en microscopie en profondeur des tissus
diffusants.

Title : Three-photon microscopy: instrumentation and extension of the observable parameters
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Abstract : Multiphoton microscopy is the reference tech-
nique for fluorescence imaging of intact tissues. Three-
photon (3P) microscopy was recently demonstrated as pro-
viding superior contrast than two-photon (2P) imaging at
large depths in densely labelled scattering media. This ad-
vantage is due to the superior confinement of the 3P ex-
citation and the reduced scattering experienced at longer
wavelengths. Although this promising approach has made
it possible to reach imaging depths beyond one millimetre
in the mouse brain, it is not yet fully mature technologi-
cally and lacks efficient multicolor imaging modalities. In this
work, we explore the extension of the number of signals and
parameters that can be used in deep-tissue 3P microscopy.
In a first chapter, we introduce the concepts underlying 3P
microscopy and we analyse the parameters limiting imaging
depth. In a second chapter, we describe the construction
and optimization of a 3P microscope based on a new ge-
neration of multibeam optical parametric amplifier (OPA)
source adapted for 3P excitation in the short-wavelength in-

frared range. We pay particular attention to source stability,
dispersion compensation, and beam combination in the mi-
croscope. In the two remaining chapters, we present the re-
sults of two projects aiming at extending the signals usable in
a 3P system. In the third chapter, we explore the 3P excita-
tion efficiency of several blue fluorescent proteins (FPs) with
1030 nm light, in order to complement previous studies re-
porting 3P excitation of green and red FPs at 1300 and 1700
nm, respectively. We identify efficiently excited blue FPs pro-
ducing signal levels comparable to green and red proteins.
These encouraging results open perspectives for multicolor
3P microscopy. In the fourth chapter, we explore the pos-
sibility of multicolor coherent imaging based on third-order
sum-frequency generation. We show that this new contrast
modality provides label-free contrast highlighting blood ves-
sels with a possibility of functional imaging, and that it can
be directly integrated on a 3P microscope. Overall, the work
described in this thesis extends the number of signals that
can be probed in deep-tissue microscopy.
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